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Preface

It is clear that advances in orthopedic biomaterials need strong input from clinicians 
as well as those in industry and academia. Neither can operate in a vacuum to pro-
vide solutions that will help bone health. This book provides just that. We have 
chapters from clinicians, industry and academia to discuss Orthopedic Biomaterials: 
Progress in Biology, Manufacturing, and Industry Perspectives.

Importantly, while many biomaterial textbooks have omitted the merging of 
these key constituencies, they have also neglected to emphasize the role that manu-
facturing plays in biomaterial properties—and this could not be any more important 
today when we think of soft biomaterials, nanofabrication, new polymers, self- 
assembled materials, and biologics to name a few. Think of all of the clinical input 
and academic research that goes into generating the next generation of biomaterials 
only to be lost due to poor manufacturing processes? Or, the development of an 
elegant nanofabrication process to modify bone screws that can not be implemented 
clinically due to cost or manufacturing constraints? Or, a new bone tissue engineer-
ing material that can be manufactured, but not implanted since clinicians do not 
have the necessary tools to do so? Or, what about, biologics that can not be purified 
during manufacturing without altering their attractive bone growth properties?

All of these issues are so intertwined, yet, unfortunately, many are only realized 
at the end when researchers try to commercialize technologies. And then follows 
frustration, wasted resources, and lost technologies. This book puts such issues 
front and center and in doing so, encourages us all to think about them before one 
single experiment is conducted. Only then, will we satisfy our growing needs for 
improved orthopedic biomaterials.
So, please enjoy this book and think of your own approaches that need to integrate 
biology and manufacturing from an industry perspective before you conduct your 
first experiment! We will all be better for it and, yes, then the train does not need 
to stop!

Morgantown, WV, USA Bingyun Li
Boston, MA, USA Thomas J. Webster
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1  Introduction

This chapter covers the integration of artificial materials into natural tissues of the 
human body, particularly bone, and what can be achieved through a couple of key 
nano-manufacturing techniques (such as shot peening and electrophoretic deposi-
tion). To achieve proper mechanical anchorage and integration, orthopedic implanted 
materials should resemble the tissues they are replacing as much as possible. Thus, 
provided here is an overview of the structure and function of bone tissues, as well as 
a review of the concepts and methods used by other researchers attempting to regen-
erate orthopedic tissues, with a focus on nanotechnology.

2  The Extracellular Matrix (ECM)

The extracellular matrix (ECM) is the principle extracellular component of all tis-
sues and organs. It serves as a shelter to house cells, and it relays important chemi-
cal and mechanical signals between cells and their environment. The ECM is a 
structural material which controls the spatial organization of tissues across all length 
scales, connecting nano-scale features to the larger-scale organization that controls 
cell positioning and motility. The ECM also mediates cellular attachment, prolifera-
tion, and differentiation through a multitude of proteins, growth factors, and 
cytokines.
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The ECM is a constantly evolving system which reacts to chemical stimuli as 
well as external stresses. For example, Magnusson et al. showed that acute exercise 
in humans was followed by an increase in both the synthesis and degradation of 
collagen in tendons [1]. Thus, the ECM changes with time, and its composition and 
organization can vary significantly with location within the body (e.g., bone ECM 
vs. heart ECM) [2, 3]. Therefore, from a tissue engineering standpoint, it is impor-
tant to fabricate tissue scaffolds with the capacity to develop the appropriate signal-
ing pathways that will allow cells within the scaffold to shape the synthesis of new 
tissue.

2.1  ECM Composition

The ECM is composed primarily of glycoproteins, such as collagen, as well as pro-
teoglycans, elastins, and glycosaminoglycans such as hyaluronic acid. These struc-
tural proteins exist as nanofibers which range in diameter from 50 to 500 nm [4]. 
The randomly oriented ECM nanofibers of cartilage, formed by chondrocytes, are 
displayed in Fig. 1 [5]. In order to accommodate cell adhesion and migration, as 
well as the ingrowth of vessels and other biomolecules, the ECM is quite porous. 
However, mature tissues in the body undergo decreased remodeling and do not typi-
cally exhibit the extensive porosity that is required for a tissue scaffold to generate 
neotissue [6].

2.2  The ECM as a Molecular Reservoir

In addition to its structural functionality, the ECM also acts as a reservoir for growth 
factors, cytokines, matrix-degrading enzymes, and their inhibitors. The ECM pro-
tects these molecules from degradation, and it also presents them more efficiently to 

Fig. 1 Scanning electron 
micrograph exhibiting the 
nanofibrous morphology of 
the self-generated native 
environment of 
chondrocytes, containing a 
structural matrix of 
proteins linked to 
polysaccharides consisting 
of glycosaminoglycan 
units [5]

D. Hickey and T. Webster
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their receptors, affecting their synthesis [7]. In a reciprocal relationship, these 
growth factors and cytokines can signal cells to alter the production of ECM mole-
cules, their receptors, and/or their inhibitors [8, 9]. The localization of growth fac-
tors and cytokines to particular tissues contributes to the variations in ECM 
composition and organization observed for different locations in the body [10].

2.3  Cell-ECM Interactions

Cells and their ECM are in constant communication with each other. Morphological 
and functional relationships are established between basal membranes, ECM, peri-
cellular matrix, and cytoskeleton through cell surface receptors, including integrins, 
immunoglobulins, and selectins. The majority of these receptors, such as stretch- 
sensitive ion channels and G-protein coupled receptors respond to chemical cues, 
whereas only the integrins and cadherins appear to be capable of responding to 
mechanical stimuli [11]. Figure 2 shows how integrin molecules span the cellular 
membrane to relay signals between the cytoplasm and the ECM.  The smallest 

Fig. 2 Interaction of a cell with the ECM. Integrin receptors span the cellular membrane to trans-
mit signals between extracellular proteins and the actin filaments of the cytoplasm [15]

Nanotechnology for Orthopedic Applications: From Manufacturing Processes…
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collagen fibers of the ECM attach to proteoglycans and fibronectin, which interact 
directly with integrin molecules. Within the cell cytoplasm, integrins connect to 
focal adhesion complexes which elicit contractile responses in actin filaments. The 
actin filaments then transmit forces throughout the cell to the nucleus and to other 
signaling organelles [12]. In this way, integrin mediated signaling from the ECM is 
known to induce changes in cell morphology and function, which may lead to 
growth and/or differentiation [13, 14]. This signaling pathway explains how our tis-
sues respond to growth, work, play, and injuries [11].

Integrins were the first cell surface receptors to be discovered, and they have 
since been studied most extensively [15]. These receptors are heterodimeric trans-
membrane glycoproteins composed of α and β subunits. To properly attach ligands, 
integrins rely on a population of α chain sites with Ca2+ and Mg2+ cations, which 
stimulate the integrin into a conformation that is accepting of ligand binding (Fig. 3) 
[10]. So far, at least 18 α and 8 β subunits have been identified, and they pair with 
each other in a variety of combinations, giving rise to a large family of receptors that 
recognize very specific peptide sequences of ECM molecules. Some combinations 
bind only very specific peptide sequences, while others bind to several different 
epitopes, providing tissues with built-in plasticity and redundancy [16].

Fig. 3 Interactions of cells with the ECM is mediated through ligand binding to cell surface recep-
tors such as selectins, immunoglobulins, and integrins. Divalent cations (Ca2+ and Mg2+) attach to 
α chain sites to activate conformational activation of integrins for ligand binding [10]

D. Hickey and T. Webster
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2.4  Bone

This research focuses on the integration of biomaterials with bone, and as such, an 
understanding of the structure and composition of bone is essential. Bone is a nano-
composite material comprised of a porous organic matrix with a high degree of 
interstitial mineralization. This composite internal organization gives bone impor-
tant physical properties which allow it to function properly within the skeletal struc-
ture – the hard mineral constituents provide bone with high compressive strength, 
and the pliable organic matrix allow bone to bend and resist fracture from lateral 
stresses. At the macroscale, bone can be divided into two primary types: cortical 
bone and cancellous bone. Examining a cross-section, long bones such as the femur 
exhibit a dense cortical shell surrounding a porous, cancellous interior.

2.4.1  Cortical Bone

Cortical (or compact) bone is more mature than cancellous bone, and it contains a 
highly ordered microstructure, which is easily distinguished from that of cancellous 
bone through histological evaluation [17]. In cortical bone, at the nanoscale, aligned 
triple helix collagen molecules are infiltrated and surrounded by mineral (bone apa-
tite). Mature apatite crystals are plate-shaped (not needle-shaped) with average 
dimensions of 50 × 25 × 3 nm, and a composition very similar to that of hydroxy-
apatite (HA) [18]. The longest dimension of bone mineral corresponds to the axis 
along which collagen molecules align. Collagen molecules, separated in a regular 
fashion by apatite crystals, bundle into collagen fibrils, which bundle further to form 
collagen fibers approximately 150–250 nm in diameter. Continuing up the hierar-
chical structure of cortical bone, these mineralized collagen fibers form into planar 
arrangements called lamellae (3–7 μm wide), which often wrap in concentric circles 
to form an osteon, or Haversian system. Osteons (cylinders roughly 200 μm in 
diameter) group together running roughly parallel to the long axis of the bone. The 
hierarchical architecture of cortical bone described above is illustrated in Fig. 4. 
Some differing forms of cortical bone do not form osteons; however, the basic min-
eralized collagen fiber structure remains constant.

2.4.2  Cancellous Bone

Cancellous (or trabecular) bone is generally more metabolically active than cortical 
bone. It is remodeled more often, and is therefore ‘younger’ on average than cortical 
bone [17]. Cancellous bone is often called ‘spongy’ bone because it is highly 
porous, allowing bone cells to migrate and proliferate more freely. Because most 
tissue scaffolds are made to degrade over time and be replaced by native tissue, it is 
most often the structure of cancellous bone that must be created to achieve proper 
bone regeneration. Therefore, tissue scaffolds for bone tissue grafts do not need to 

Nanotechnology for Orthopedic Applications: From Manufacturing Processes…
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possess the strength of cortical bone, which is very high (the Young’s modulus is 
around 17 GPa). Instead, bone tissue scaffolds can be made to have an elastic modu-
lus matching that of cancellous bone, which ranges between 0.1 and 4.5 GPa [19].

3  Tissue Engineering

The field of tissue engineering emerged from the clinical setting in the late 1980s as 
a new approach to repair or replace damaged or degrading tissues [20]. Building 
upon the basic principles of in vitro cell culturing techniques, Robert Langer, Joseph 
Vacanti, and others showed that a biocompatible “scaffold” could be seeded with 
cells and implanted into the affected region to enhance natural tissue regeneration 
(Fig. 5) [21–23]. The scaffold would then be expected to degrade into biocompati-
ble side products as it is replaced by native tissue. The first successful application of 
this technology was seen for skin grafts, but today more complicated tissues, and 
even whole organs, are being fabricated to treat a variety of ailments in human 
patients [21, 23].

3.1  Nanotechnology for Tissue Engineering

The progression of scaffolds for tissue engineering has been aided by a number of 
technological advancements, including imaging techniques that allow researchers 
to observe smaller systems, and more sensitive biological assays that are capable of 

Fig. 4 Hierarchical architecture of cortical bone. At the nanoscale, bone apatite crystals fit into 
interstitial spaces within individual collagen molecules which bundle into the larger micron-scale 
structures that give cortical bone its characteristic strength [17]

D. Hickey and T. Webster



9

elucidating biological processes at a protein-based size scale. Additionally, the 
development of new material fabrication techniques has provided researchers with 
the ability to control material properties on an atom-by-atom basis. In general, these 
advancements can be catalogued under the umbrella of nanotechnologies.

Broadly defined, nanotechnology is “the use of materials whose components 
exhibit significantly changed properties by gaining control of structures at the 
atomic, molecular, and supramolecular levels” [25]. For instance, enhanced surface 
energy on nanorough surfaces can lead to increased and selective adsorption of 
proteins important to cell adhesion and functions, such as fibronectin (Fig. 6) [26]. 
Applied to tissue engineering, nanotechnology has aided in the development of tis-
sue scaffolds which more closely resemble the native extracellular matrix (ECM)—
the structural support system for all cells in the body. Tissue engineers aim to mimic 
the ECM in order to provide cells with an environment which closely resembles the 
tissue they will be implanted into. Therefore, the body serves as a model for the fab-

Culture Medical
Application

Scaffold

Cells

Fig. 5 Diagram of the basic tissue engineering process. A biocompatible scaffold is seeded with 
cells and cultured in appropriate media until it is ready to be used in the body [24]

Fig. 6 Nanoscale surface roughness enhances surface energy and resembles structures found in 
the body, and can lead to the increased adsorption of cell surface proteins [25]

Nanotechnology for Orthopedic Applications: From Manufacturing Processes…
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rication of artificial tissue scaffolds, and because events and interactions within the 
body occur in the nanoscale, the most fruitful control over the interactions of engi-
neered scaffolds within the body can be achieved by application of nanotechnology.

3.2  Control of Cell Functions Using Nanotechnology

The introduction of nanofeatures into the cellular environment has been shown to 
improve cell functions. For instance, attachment proteins such as fibronectin, vitro-
nectin, and laminin were found to absorb to nanofibrous tissue scaffolds 2.6–3.9 
times more than solid-walled scaffolds [27]. Additionally, the adsorption of these 
proteins was found to be selective, indicating that variations in the nanostructure of 
a substrate are important for regulating cellular functions, as well as the signaling 
that causes formation of different tissues at different locations within the body.

Although three-dimensional scaffolds are required for in vivo applications, stud-
ies employing two-dimensional (2D) topographies offer a great deal of information 
on controlling cell fate and morphology. A number of 2D nanopatterned geometries 
aimed at mimicking the length scales of native ECM have been tested, including 
nanogrooves, nanoposts, and nanopit arrays [28]. These substrate topographies have 
been shown to influence a variety of cellular processes, including changes in shape, 
differentiation, and adhesion [28]. For example, epithelial cells elongate and align 
along patterns of grooves and ridges with feature dimensions as small as 70 nm, 
whereas on smooth substrates, cells are mostly rounded (Fig. 7) [29].

Fig. 7 Left: Epithelial cells respond to nanopatterning by alignment and elongation along the grat-
ing axis. Right: On smooth substrates, cells are mostly rounded [29]

D. Hickey and T. Webster
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3.3  Cell Sensitivity to Nanofeatures

It is interesting to consider exactly what size topographical features that cells can 
sense and respond to. The small diameter of ECM protein fibers are thought to have 
a significant impact on the function of cells, which are 1–2 orders of magnitude 
larger than typical ECM nanofibers. Work by Wojciak-Stothard et al. suggested that 
P388D1 macrophage-like cells react to surface feature dimensions down to 44 nm 
[30]. However, other cell types do not appear to be as sensitive, as epitena, epithelia, 
fibroblasts, and endothelia did not react to groove depths less than 70  nm [30]. 
Taken as a whole, the utilization of such nanotopographies, possibly in combination 
with chemical cues, could potentially lead to tissue scaffolds with very precise con-
trol over cell morphologies and functions.

3.4  Important Features of Scaffolds for Tissue Engineering

To provide transplanted cells with the optimum environment for tissue regeneration, 
it is desirable to construct scaffolds that mimic the native ECM in terms of structure 
and chemistry, with one exception: tissue repair via tissue engineering processes is 
expected to progress more quickly than natural tissue development. Therefore, scaf-
folds should exhibit large degrees of porosity and inter-pore connectivity to allow 
for accelerated mass transfer and neovascularization. Increased porosity also 
encourages cells to migrate and reorganize their extracellular environment in accor-
dance with the hierarchical architecture of the local tissue [31].

Other aspects of scaffolds for tissue engineering are designed to resemble as 
much as possible the tissue that they are meant to regenerate or replace. These prop-
erties include nanofiber length and diameter, mechanical stiffness and flexibility, 
and nanotopography, as well as the biochemical factors that influence proper cell- 
cell and cell-scaffold interactions. Because ECM properties vary widely from tissue 
to tissue, care must be taken in selecting the proper materials and fabrication tech-
nique for each particular application.

3.5  Materials for Scaffold Construction

Scaffolds for tissue engineering can be constructed from synthetic or natural mate-
rials, such as collagen or hyaluronic acid. Metals and ceramics have been consid-
ered in the past (primarily for bone tissue engineering), but the stiffness of these 
materials typically leads to a mismatch in mechanical properties between the 
implant and the surrounding native tissues, leading to large interfacial stress con-
centrations and eventual loosening and failure [32]. Today, synthetic and natural 
polymers are the primary materials of construction, and for bone tissue scaffolds, 
success has been achieved by mineralizing polymers with nanoparticles of metal 

Nanotechnology for Orthopedic Applications: From Manufacturing Processes…
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or ceramic, which closely resembles the mineralized collagen matrix of natural 
bone [33].

Poly (α-hydroxy) esters (such as poly lactic acid, poly glycolic acid, and combi-
nations thereof) have found the most widespread application for tissue engineering 
due to their biocompatibility and biodegradability. These polymers are readily avail-
able and FDA approved for clinical use. One drawback is that they do not possess 
the functionalities found in natural ECM fibers that enhance cellular functions and 
signaling [34]. Therefore, natural polymers such as collagen and hyaluronic acid 
have also been widely investigated as materials for tissue engineering. Yet, even 
these natural polymers have some disadvantages, including immunogenicity and 
variations in mechanical properties, degradation, and reproducibility [35]. 
Ultimately, research has focused on improving the cell-specific properties of these 
materials by functionalizing them with bioactive molecules and through the appli-
cation of various fabrication techniques.

4  Unmet Clinical Need

Despite the above advances, improved biomaterials for the regeneration of bone are 
still needed to treat the growing population of people with damaged and degrading 
bone [36–38]. This need is highlighted by the fact that there are more than 4,000,000 
operations involving bone grafting or bone substitutes performed annually around 
the world [38]. These procedures are being used to repair bone fractures, alleviate 
spinal issues, replace joints, and repair bone tumor resections [38], and the total 
associated medical burden costs tens of billions of dollars each year [39].

Complications can arise following bone grafting procedures, often necessitating 
secondary procedures and incurring more cost. Delayed healing or non-union 
occurs in 20% of all high-impact fractures [40], and 35% in the case of spinal 
fusions [41]. Additionally, bacterial infection of surgical wounds poses a serious 
risk to patients and hospitals. Approximately 30% of implanted bone fracture- 
fixation devices acquire bacterial infections [42], and the dangers associated with 
bacterial infections are becoming much more challenging with the rise of antibiotic 
resistance [43–45].

Autografts and allografts currently provide the best tissue-to-implant healing. 
However, autograft usage is limited by donor-site morbidity and supply, and 
allografts can transmit disease or illicit an immunogenic response by the host to the 
foreign tissue [46–49]. Ultimately, new solutions are needed to meet the demand for 
orthopedic biomaterials that can improve tissue integration and resist bacterial 
infection. But to develop biomaterials with the necessary chemical and physical 
properties, it is necessary to more fully understand how changing the features of the 
material can modulate their interactions with their environment, and nanotechnol-
ogy may hold the answer.

D. Hickey and T. Webster
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4.1  Substrate Properties for Osseointegration

Proper mechanical inter-locking into bone is essential to the success of implants. 
The surface characteristics of the implant play a pivotal role in directing cell activity 
and ultimately the integration of the implant within surrounding tissues. Implants 
with smooth surfaces at the nanoscale can become encased in a fibrous membrane, 
thus damaging osseointegration and leading to implant failure. Alternatively, 
implants with increased nanoscale roughness have demonstrated significantly 
improved osteoblast adhesion, and on some nanotopographies have even reduced 
fibroblast adherence compared to osteoblast cells [50–54].

Surface micro−/nano-scale topography, grain structure, stiffness, and chemistry 
can modulate cellular functions at the cell-substrate interface [55–60]. These sub-
strate properties also significantly affect surface energy, a parameter that has been 
shown to play a large role in directing protein adsorption and cellular activity [26]. 
Several studies have demonstrated that increased surface energy increased the 
adherence of osteoblasts and significantly improved the integration of the material 
with bone [61–64].

4.2  Substrate Properties to Resist Bacterial Infection

If bacteria find their way onto an implant, they can attach almost immediately and 
subsequently proliferate rapidly [65, 66]. If the bacteria progress to form a biofilm, 
the infection becomes highly resistant to antibiotics and virtually impossible to 
eradicate, necessitating surgical resection [67–69]. Thus, it is desirable to create 
biomaterial surfaces that intrinsically resist the attachment of bacteria (while still 
promoting cell adhesion). Such a material would then allow the immune system 
more time to locate and destroy infection-causing bacteria before they can colonize 
and form a biofilm.

Like cells, bacterial adhesion and biofilm formation is also directly affected by 
changing substrate properties [70, 71]. Increasing surface roughness has been 
reported to both deter and attract bacterial adhesion [72–76]. However, the  scale/
feature size of the surface roughness is a critical parameter that must be considered. 
In general, decreasing the substrate feature size below the size of the bacteria (and 
into the nanoscale) results in decreased bacterial retention [76]. It has been shown 
that bacterial colonization depends heavily on both surface roughness and surface 
energy and from a thermodynamics perspective, the tendency for bacteria to attach 
to a surface can be determined by calculating the free energy of adhesion, which is 
a function of the substrate-bacteria, substrate-liquid, and liquid-bacteria interfacial 
free energies. In the next two sections, we provide two processes which can easily 
create nanoscale surface features on everyday orthopedic implants to decrease bac-
teria growth (and promote bone growth).

Nanotechnology for Orthopedic Applications: From Manufacturing Processes…
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4.2.1  Shot Peened 316 L Stainless Steel

Compared to the biodegradable polymer scaffolds that are gaining great interest for 
tissue engineering, permanent metal implants provide a much simpler and more 
consistent platform on which to study the effects of surface modifications on cell/
bacteria-substrate interactions. Accordingly, a variety of metallic surface modifica-
tion approaches have been tested. Among the applied techniques, severe plastic 
deformation (SPD) procedures are metal forming processes that result in excep-
tional grain refinement by imposing high strain rates at relatively low temperatures 
without considerably altering the overall dimensions of the material. Severe shot 
peening (SSP) can be described as one of the most effective and, at the same time, 
the least demanding SPD techniques.

SSP is based on impacting the material surface with high energy shots as demon-
strated in Fig. 8. The effect of the treatment is to introduce numerous defects, dislo-
cations and grain boundaries onto the surface layer of the material, subsequently 
transforming the coarse grained structure into a nanostructured one. The character-
istics of the affected surface layer in terms of grain size, thickness, surface  roughness, 
and work hardening as well as induced residual stresses can be tailored by the 
proper choice of peening parameters, including the Almen intensity (a measure of 
shot stream kinematic energy during the shot peening process) and surface coverage 
(the ratio of the area covered by plastic indentation to the whole surface area). 
Studies performed on SSP in recent years have indicated its ability to significantly 
improve the mechanical properties of treated materials in terms of hardness, fatigue 
strength, corrosion, wear, scratch resistance and so on, contributing to enhanced 
functionality and service characteristics of the material [77, 78].

In this work, 316 L stainless steel (which is the most widely used stainless steel 
for orthopedic, cardiovascular and craniofacial applications due to its good corro-
sion resistance and formability) was used to assess the interaction between the shot- 
peened surfaces and primary human osteoblasts (bone forming cells), as well as a 

Fig. 8 Schematic of the shot peening apparatus
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range of bacteria, including the gram-positive strains Staphylococcus aureus and 
Staphylococcus epidermidis, and gram-negative Pseudomonas aeruginosa and 
ampicillin-resistant Escherichia coli (Fig. 9). To examine the effects of grain size 
refinement alone (without the confounding changes in roughness), a group of sam-
ples were surface ground after the SSP treatments to remove differences in surface 
roughness between sample groups (while the samples retained their differences in 
underlying grain structure). The mechanical and physical properties of the sub-
strates were fully characterized and related to the response of osteoblasts and bacte-
ria seeded onto different sample groups. Results demonstrated considerable promise 
to enhance the mechanical and cytocompatibility properties of 316 L stainless steel 
using SSP treatments alone without resorting to the use of pharmaceutical agents 
[79]. In fact, when polishing the samples, no differences in bacteria growth were 
observed while significantly decreased bacterial growth was observed on the SSP 
compared to conventional shot peened and no treated samples. Bone cell growth 
was enhanced on all treated compared to untreated samples, even those was there 
polished compared to untreated samples. This study also provided significant insight 
into how surface roughness and surface energy affect cell and bacteria functions.

4.2.2  Electrophoretic Deposition

Another technique that can be used to impart antibacterial properties to materials is 
electrophoretic deposition (EPD). EPD can offer the best characteristics to obtain a 
coating of highly exposed nanoparticles (that would retain their nanostructure after 
coating) of great versatility for the greatest bacteria-killing activity. EPD is a 

Fig. 9 Changes in nanoscale surface features for stainless steel severely shot-peened compared to 
untreated samples. Top: AFM images. Bottom: Staph. aureus growth after 1 day stained with a 
green fluorescent dye. Results showed that the presence of nanoscale features from severely shot- 
peened and conventional shot peening stainless steel were imperative for reducing bacteria adhe-
sion and increasing bone growth [79]. Left column conventional (or no treatment), middle 
(conventional shot peening) and right (severe shot peening)
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colloidal processing technique employing a electrophoresis mechanism to deposit a 
thick or thin film of charged particles in an ordered manner onto a substrate. This 
process is typically performed within a two-electrode cell, as depicted schemati-
cally in Fig. 10 [80].

The coating thickness achieved using EPD can vary widely from around 100 nm 
to more than 100 μm, and depends directly on the applied voltage, processing time, 
and the concentration of particles in the EPD solution. However, regarding the par-
ticle concentration in the EPD solution, there is an upper limit at which particle 
flocculation caused by migrations near the depositing electrode may cause 
 sub- optimal coating. Studies have shown that by coating titanium with nanoscale 
hydroxyapatite one can decrease bacteria attachment and growth and promote bone 
growth without releasing any growth factors (Fig. 11) [81].

5  Conclusions

It is now abundantly clear that nanotechnology can improve bone growth and, even 
more recently, inhibit bacteria growth. In this chapter, the fundamental reasons why 
nanotechnology can control cell functions is presented and several concrete manu-
facturing process are presented which can implement nanoscale features on today’s 

Fig. 10 Electrophoretic deposition (EPD) cell showing positively charged particles in suspension 
migrating towards the negative electrode [80]
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implants. The ability of nanoscale surface features to change surface energy to in 
turn control initial protein adsorption events that dictate cell responses will be con-
tinually integrated into medicine to improve human health.
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1  Introduction

Additive Manufacturing (AM) is the process of selectively joining materials to fab-
ricate objects in a layer-by-layer approach using digital part information, i.e. 3D 
CAD models. This definition highlights the fundamental difference between AM 
process and traditional manufacturing methods such as subtractive processes (e.g. 
machining), forming processes (e.g. forging) and bulk solidification processes (e.g. 
casting). AM is often also called 3D printing, additive processes, freeform fabrica-
tion and layered manufacturing. When compared to traditional processes, AM offers 
unique advantages to economically produce low volume batches (one to a few) of 
highly complex products. Since AM does not require design and/or material depen-
dent tooling (e.g. jigs and fixtures), AM is an ideal candidate for the next generation 
design and manufacturing of orthopedic implants. Although “customization” of 
product specifications implants has been around long before the introduction of AM 
technology to the medical field, the lack of tooling requirement for each design in 
AM makes it economically viable for patient-specific orthopedic implant produc-
tion. Finally, design freedom that can be easily achieved through AM technology 
enables introduction of porous structures for bone ingrowth and biological implant 
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fixation. The motivation for this chapter is to understand the current state of ortho-
pedic applications of AM which have been shown to economically produce highly 
customized and highly complex design features in low volumes.

First, this chapter details the basic AM workflow to manufacture orthopedic 
implants and principles of various metal AM methods. Subsequently, a broad review 
of biocompatible materials that can be currently processed via AM and resulting 
mechanical properties are outlined. Beyond feasibility of biomaterials for AM pro-
cessing, other criteria such as biocompatibility, strength and prevention of stress 
shielding are important for the success of an implant. It is evident that chemical 
composition is not the only factor that differentiates the microstructure and mechan-
ical properties of materials; manufacturing processes can be as important as chemi-
cal composition. The inherent layer-by-layer nature of AM processes affects the 
resulting mechanical properties of the implant (e.g. anisotropy, residual thermal 
stress), which could be explored in a beneficial manner through careful design- 
process planning for manufacturing. This chapter also outlines a detailed methodol-
ogy for patient specific design processes for AM (dfAM) and ability of AM to 
seamlessly generate porous structures for osseointegration. Findings from reported 
studies on clinical applications of AM in orthopedic implants, surgical guides and 
other surgeries are presented in this chapter. Finally, a summary of commercial AM 
solutions, existing gaps in ongoing research and future direction in AM of orthope-
dic implants are provided.

2  Additive Manufacturing Techniques

As noted earlier, the basis of AM lies in fabricating a part through a layer-wise 
approach by selectively joining materials. The CAD file of the required part is sliced 
across each layer along the direction of fabrication as shown in Fig. 1. Upon gener-
ating process files for the machine, the file is transferred to the machine and built 
layer-by-layer from the bottom to top layer. The part is then removed from the AM 
machine for post-processing such as removal of sacrificial supports for any over-
hanging edges. After conducting the required post-processing operations, the part is 
ready for application. These steps are illustrated in Figs. 1 and 2.

Currently, a wide range of materials can be processed using AM: polymers, met-
als, and ceramics. The techniques for combining those materials in layers vary from 
pneumatically extruding suspended collagen for scaffold fabrication, using a laser 
for selectively solidifying photo-curable polymers to using electron-beam for selec-
tively melting super-alloys. Several approaches have been proposed to categorize all 
AM methods based on the nature of raw material, aggregation geometry during 
deposition, and energy source. A functional classification of major AM methods 
such as Binder-Jetting, Powder Bed Fusion Methods (PBF) using Electron Beam 
Melting (EBM), Laser methods (L-PBF), Directed Energy Deposition (DED) and 
Material Extrusion based on the framework is presented as in Fig. 3. This functional 
classification is based on the raw material (i.e. feedstock), pattern of material 
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 distribution, energy source, physical phenomena and support structures. It should be 
noted that this section provides a detailed overview of only the commonly used AM 
methods for fabrication of orthopedic implants and other AM methods [3] such as 
material-jetting and sheet lamination are not discussed in this chapter.

2.1  Binder Jetting

In the process of binder jetting, a layer of material (metal, polymers, sand or ceram-
ics) is spread with selective deposition of binders as illustrated in Fig. 4.

Fig. 1 Principle of AM for biomedical applications resulting in implantation. Picture demonstrat-
ing the application is reprinted with permission from the reference [1]. Copyright 2015 Springer 
International Publishing Switzerland

AM-Part Volume
AM-Support Volume

Build Plate

Fig. 2 Part volume and sacrificial support volume [2]
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Based on the part information, i.e. design features in respective slices of the 
CAD file, binders are selectively applied using inkjet-printing technology. 
Subsequently, the next layer of material is spread across the platform and this pro-
cess is continued until the final layer is finished. After dispensing the binder of the 
final layer, the bound metal or ceramic part (i.e. the so-called ‘green part’) is metal-
lurgically bonded through sintering in a furnace to produce the final part, often 
through infiltration of other materials (e.g. bronze) to achieve full density. Whereas 
in the case of 3D sand printing, which is used in metal casting industry, the binder- 
jet molds are directly employed to produce metal castings [4]. Some of the unique 
characteristics of this AM technology are the ability to change binder chemistry 
(e.g. aqueous, organic, phenolic) based on the material being processed and absence 
of phase transformation in the AM machine which lends itself to process materials 
with high melting temperature [5]. It should be noted that this AM technology is 
being widely studied for its applications in producing porous bone scaffolds and 
bioactive surfaces [6, 7].

Store Material Pattern Material Pattern 
Energy

Create 
Primitive

Provide 
New 

Material

Support 
Material

Binder-Jetting

3D 
Surface 
Tension

Fusion

EBM - PBF
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L-PBF (Polymer) Coated Powder
L-DED Single Phase Powder
E-DED Single Phase Wire

 Single Phase Wire
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Multi-Phase Suspensions
3D 

Surface 
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Recoat by 
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Direct 
Material 
Addition
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Build 
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Fig. 3 Functional classification of thermal energy based AM methods

Fig. 4 Principle of binder jetting
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2.2  Directed Energy Deposition (DED)

In the case of DED AM technology, an energy source (laser or electron beam) is 
targeted at a synchronized flow of material (powder or wire) and deposits material 
based on information from each layer of the CAD file through precisely coordinated 
Computer Numeric Control (CNC) system between the energy source and material 
supply. An illustration of directed energy principle based on L-DED process using 
laser and directed powder supply is presented in Fig. 5. In some cases, the substrate/
build plate and/or laser-powder supply is mounted on a 5-axis platform in order to 
create parts with overhanging edges without creating sacrificial supports.

Another example of the directed energy deposition process is the E-DED, also 
known as Electron Beam Freeform fabrication- EBF3 where the electron beam is 
the energy source and the material is supplied through a wire feeding system. 
Directed energy deposition process using electron beam and wire-fed material is 
shown in Fig.  6. Similar to the L-DED process, studies have been conducted to 
optimize the EBF process by varying the wire feed angle and the electron beam 
process parameters taking place in the vacuum environment [8]. It should be noted 
that electron beam based AM systems operate under controlled vacuum and laser 
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Fig. 5 Principle of L-DED

Fig. 6 Principle of E-DED
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based AM systems operate under shielding gas to avoid inter-layer oxidation. Some 
of the unique characteristics of DED technology include its major applications in 
repairing existing parts [9, 10], fabrication of Functionally Graded Material (FGM) 
components [11, 12] and integration within CNC machining for sequential hybrid 
processing, i.e. AM and machining/grinding [13, 14]. However, DED AM methods 
are limited in part design complexity due to absence of sacrificial support structures 
(see Fig. 2).

2.3  Powder Bed Fusion (PBF)

In PBF AM methods, an energy source (laser or electron beam) is targeted at a 
spread layer of powder material (metal) to specifically melt segments of material 
based on information from each layer of the CAD file. A unique aspect of such a 
metal based powder-bed fusion is the ability to vary the processing parameters 
(power, speed, energy distribution, etc.) to easily generate support structures as 
shown in Fig. 2 for complex overhanging surfaces with relatively automated process 
planning. Figure 7 outlines the powder bed-fusion principle in the case of the EBM 
process using an electron beam as the energy source with spread powder layers.

EBM is classified as a hot-bed AM process since the entire powder bed is main-
tained at an elevated temperature throughout the build process. When compared to 
other L-PBF (cold bed) processes, EBM functions in a vacuum as opposed to inert 
gas and accelerated electron beam employs higher power to completely melt the 
powder particles. It should also be noted that currently, there is only one EBM based 
AM process in the market (Arcam, Sweden). Due to the hot-bed processing condi-
tions, EBM does not result in significant residual thermal stresses in the part when 
compared to L-PBF [15, 16]. However, the layer thickness in EBM (50–75 μm) 
results in inferior surface finish and part feature resolution when compared to L-PBF 
methods (25 μm) [17].

Another example of the powder bed-fusion process is the L-PBF where the laser 
beam is the energy source and the powder material (e.g. metal, coated polymers) is 
spread across the build platform as shown in Fig. 8. When compared to electromag-
netic control in EBM, electromechanical control of laser scanning in L-PBF leads 
to lower scanning speed, i.e. cold-bed process where spread powders are directly 
melted without pre-heating. This results in high thermal residual stress, warping and 
the need for volume supports that require significant thermal and mechanical post- 
processing [18, 19].
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Fig. 7 Principle of EBM
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2.4  Material Extrusion

In material extrusion AM processes, the material (e.g. liquified polymer, colloidal 
suspension) is selectively dispensed through a nozzle or orifice using a sliced CAD 
part model as shown in Fig. 9. In polymer material extrusion AM, the filament mate-
rial is fed to a nozzle using a driving gear. Then, the melted filament is deposited 
onto the build platform layer by layer to build the complex 3D structure often using 
a heated build platform and temperature controlled AM envelope. Temperature of 
the nozzle is sufficiently high to melt the filament material (e.g., 200–230 °C for 
ABS and 180–200 °C for PLA polymers). The ambient temperature is controlled 
using heating lamps surrounding the build platform to prevent part warpage and 
delamination [20]. Support structures for downward facing surfaces are created 
using a low temperature material with designs like infill structures for easier removal 

Fig. 8 Principle of L-PBF

Fig. 9 Principle of filament-based extrusion
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[21]. When compared to other AM technologies, this technique is relatively inex-
pensive, easier to operate and maintain, and have found a range of biomedical appli-
cations using biological cells [22], ceramics [23] and polymers [24].

3  Additively Manufactured Biomaterials

In the orthopedic industry, processed biomaterials are categorized into three main 
groups: metallic biomaterials, polymers, and bio-ceramics. These biomaterials must 
satisfy all the clinical, manufacturing and economic requirements in order to be 
used for orthopedic implants. Additionally, to satisfy the clinical requirements, the 
manufactured implant should have mechanical properties compatible with bone and 
physiological loading conditions, corrosion resistant in the biological environment 
of the human body and be biocompatible. In this sense, the implanted material is 
considered as a biomaterial. A definition of biomaterial states that: “A biomaterial is 
a substance that has been engineered to take a form which, alone or as part of a 
complex system, is used to direct, by control of interactions with components of the 
living system, the course of any therapeutic or diagnostic procedure, in human or 
veterinary medicine” [25]. It should be noted that not all biomaterials are biocom-
patible. In other words, biocompatibility is not a material property, but it is viewed 
as the biological performance of the implant when it is placed in a biological envi-
ronment. Biomaterials which are nontoxic and non-carcinogenic, and they do not 
elicit an adverse response including from the genetic and immune system of the 
patient, are known to be biocompatible. This section is dedicated to the common 
biomaterials used for AM orthopedic implants. Different mechanical properties 
obtained from various AM manufacturing techniques are compared along with dis-
cussions on criteria for selecting biomaterials.

3.1  Metallic Biomaterials

Metallic materials used in orthopedic implants are known as conventional biomate-
rials. They have always been used in load-bearing implants because of their high 
strength and good corrosion resistance. Currently, metallic biomaterials used in AM 

Table 1 Mechanical properties of metallic biomaterials [29]

Material E modulus [GPa] Yield strength [MPa] Ultimate tensile strength [MPa]

Stainless steel 190 221–1213 586–1351
Co-Cr alloys 210–253 448–1606 655–1896
Titanium 110 485 760
Ti-6Al-4 V 116 896–1034 965–1103
Cortical bone 15–30 30–70 70–150

Additive Manufacturing of Orthopedic Implants



30

orthopedic implants are stainless steel, Co-Cr, Titanium, and their alloys. Properties 
including elastic modulus, yield and fatigue strength, toughness, hardness, and bio-
compatibility are important for different surgical procedures including common 
joint replacements and fracture fixation. Unfortunately, the elastic modulus of all 
the existing metallic biomaterials is significantly higher than the cortical bone 
(Table 1). When the modulus of elasticity of an implant is higher than the host (i.e. 
bone), all the stress is induced to the implant and the neighboring bone experiences 
lower stress. This phenomenon is known as stress shielding. Stress shielding may 
lead to bone resorption and loosening of the implant [26, 27]. There are different 
approaches to control the mechanical properties of an orthopedic implant, including 
adjustment of alloying elements and structural design, and introducing composite 
materials are two of the conventional methods for this purpose. However, unprece-
dented design freedom in AM allows us to achieve this goal by altering the topology 
and controlling the macro-porosity of the implant [27, 28]. It is evident that mechan-
ical properties of an implant depend on the number of cells in the lattice structure as 
well as its topology (shape) and size. Microarchitecture and optimization of AM 
orthopedic implants will be discussed in detail in the next section of this chapter.

3.1.1  Stainless Steel

Material properties including mechanical strength, corrosion resistance, biocompat-
ibility and relatively lower cost make stainless steel a common material used to 
manufacture orthopedic implants especially in fracture fixation. Stainless Steel (SS) 
316 has been widely accepted as the SS grade in place of SS 302 (the first genera-
tion of stainless steel used in medical implants). Like other metals, stainless steel 
possesses a higher elastic modulus when compared to cortical bone as shown in 
Table 1 which can result in stress shielding.

It is known that the existence of alloying elements including chromium, nickel 
and molybdenum enhance the corrosion resistance of SS 316. The presence of the 
carbon SS composition increases its mechanical strength and stiffness. The 
American Society of Testing Material (ASTM) recommends stainless steel type 
316 L over the 316 for biomedical implants due to lower carbon composition in 
316 L when compared to 316. Despite this advantage of SS316L over SS316, under 
high stress and low oxygen levels SS316L tends to be more reactive to corrosion 
[30]. SS316L has been used for permanent orthopedic implants, though some stud-
ies have cited stainless steel as an unsuitable biomaterial for permanent implants 
[31, 32]. Also, Ni and Cr released from SS316L implants are considered to be toxic 
and studies have reported skin related diseases such as dermatitis due to the toxicity 
of Ni [33].

Zhong et  al. examined the microstructure of both L-PBF SS316L and EBM 
SS316L specimens in two separate additive manufacturing studies [34, 35]. Zhong 
et al. were able to achieve a relative density of 99.80% by the EBM process and over 
99.90% through the L-PBF process and secondary post-processing, i.e. heat- 
treatment and Hot Isostatic Pressing (HIP). Hardness of EBM and SLM samples 
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were reported at 165 [35] and 228 (at the cross-section) [34] respectively; while the 
micro-hardness of the HIP SS316L sample was 220. Result of mechanical testing at 
room temperature from Zhong’s studies were compared with the mechanical prop-
erties of the forged SS316L in the Table 2. These studies showed that the mechani-
cal performance of metal AM parts of the same alloy can greatly vary based on the 
manufacturing processes. L-PBF SS316L has the highest yield strength compared 
to EBM SS316L and cold-forged SS316L. This could be due to the higher cooling 
rate in the L-PBF process. A higher cooling rate leads to the existence of a nano- 
structure in L-PBF SS316L (formation of nano-cells) [34]. Also, as the grain size 
decreases and number of the grains increases in the structure, the yield strength of 
the specimen increases based on the grain boundary strengthening theory.

3.1.2  Co-Cr Alloys

Prior to the introduction of AM in metal biomedical applications, CoCr alloys have 
been extensively employed to manufacture implants (e.g. knee replacements) 
through casting. In recent years, many groups have investigated the clinical and 
mechanical behavior of AM-made CoCr alloys as orthopedic implants. Gaytan et al. 
studied the microstructure and mechanical properties of EBM Co-26Cr-6Mo-0.2C 
which showed better mechanical properties compared to the ASTM F75 standard 
(i.e. casting Co-28Cr-6Mo) [37]. Kim et al. compared the mechanical properties of 
L-PBF CoCr alloys with cast specimens as shown in Table 3. Although, the average 
yield strength is similar for all the listed manufacturing techniques, Ultimate Tensile 
Strength (UTS) and elongation % varied noticeably. Both L-PBF and EBM pro-
cessed parts have shown superior properties to cast parts.

Table 2 Mechanical properties of L-PBF SS316L, EBM SS316L, and forged SS316L

Material Yield strength [MPa] Ultimate tensile strength [MPa] Elongation [%]

L-PBF SS316L [34] 487 594 49
EBM SS316L [35] 253 509 59
Forged SS316L [36] 1241 1344 1262
Wrought SS316L [36] 345 563 30

Table 3 Mechanical properties of CoCr alloys processed by SLM, EBM, and casting

Material
Yield strength 
[MPa]

Ultimate tensile strength 
[MPa] Elongation [%]

EBM Co-Cr-Mo [37] 510 1450 36
L-PBF Co-Cr alloy 
[38]

580 1050 32

Cast Co-Cr alloy [38] 540 800 10
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3.1.3  Titanium Alloys

Titanium alloys including Ti-6Al-4 V are well-established biomaterials in orthope-
dics because of their superior mechanical properties, higher strength to density 
ratio, biocompatibility and corrosion resistance. Murr et al. compared the micro-
structure and mechanical behavior of EBM processed Ti-6Al-4 V with SLM pro-
cessed Ti-6Al-4  V.  It was observed that the parts processed using L-PBF have 
predominant microstructures of α’ martensitic with intermix of α” phase, and 
Ti-6Al-4 V EBM parts showed a similar microstructure as wrought Ti-6Al-4 V, α 
phase with β along the phase boundaries [39]. The transition of the β phase to α’ 
martensite is a result of varying solidification rates and cyclic thermal loading on 
prior layers. Due to the cold-bed processing conditions in L-PBF. Ti-6Al-4 V expe-
riences higher temperature gradients which causes a more rapid cooling of the β 
phase and its transformation to α’ martensite [40]. On the other hand, hot-bed pro-
cessing conditions in Ti-6Al-4 V EBM occurs with a lower temperature gradient 
across the build layer and the entire build chamber is maintained at an elevated 
temperature throughout the EBM process (e.g. 650–750 °C in Ti-6Al-4 V). Such 
varying solidification conditions are attributed with the difference in microstructure 
and resulting mechanical behavior between L-PBF and EBM. However, it should be 
noted that the mechanical properties of Ti-6Al-4 V processed using both L-PBF and 
EBM were superior to wrought or cast Ti-6Al-4 V and the tensile strength of the 
EBM part increased by 50% over the wrought Ti-6Al-4 V.

Recent studies have shown that in the long term, Ti-6Al-4 V implants lead to the 
release of Al and V ions. Both Al and V ions are found to be strongly cytotoxic and 
can cause long term health problems such as Alzheimer disease [33]. This finding 
has led to interest in the research and development of alternative titanium alloys 
with nontoxic elements. In the process of alloying Titanium, an alloying element is 
either an α stabilizer, β stabilizer, or has an indistinct effect on the phase equilibrium 
[42]. It is empirically proven that in order to maintain the β phase at ambient tem-
perature, the amount of β stabilizer required is about 10 wt% of molybdenum [42].

The Ti-15Zr-4Nb-4Ta alloy developed by Okazaki showed a lower toxicity com-
pared to Ti6Al-4 V and a higher corrosion resistance [41]. Fukuda processed this 
alloy using EBM and found that the mechanical properties of specimens processed 
through EBM with the Ti-15Zr-4Nb-4Ta were very similar to the standard values 
given by JIS T7401–4 (tension strength of 860 MPa or higher, 0.2% proof stress of 
790 MPa, and an elongation of 10% or higher) [40].

Sing et  al. studied the microstructure and mechanical properties of a L-PBF 
titanium- tantalum (TiTa) alloy with 50 wt% of each element where Ta was used to 
stabilize the β phase as well as lowering the elastic modulus of Ti [42]. In the same 
study, microstructure analysis showed the existence of only the β phase which was 
attributed to Ta and might have caused more rapid solidification than in 
Ti-6Al-4 V. Mechanical properties of TiTa are compared with Ti-6Al-4 V and pure 
Ti in the Table 4. It can be inferred that the elastic modulus of TiTa is closer to corti-
cal bone when compared to Ti-6Al-4 V which could help with reducing the risk of 
stress shielding in orthopedic implants.
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3.1.4  Tantalum

Porous Tantalum (Ta) is known for its good chemical resistance and mechanical 
properties [43]. Many publications have also reported Tantalum’s biocompatibility 
and non-toxic behavior [44, 45]. However, when compared to SS and Ti-6Al-4 V, 
the higher cost, lower strength and higher density of Tantalum can be disadvantages 
for implants and grafts. Bulk Ta with an elastic modulus of 186 GPa may lead to 
stress shielding. In order to minimize the risk of stress shielding in Ta implants, 
incorporation of significant macro-porosity is highly recommended. Additionally, 
bulk Ta is very difficult to process using traditional manufacturing techniques (i.e. 
subtractive manufacturing). On the other hand, it is possible to make nearly 100% 
dense parts that satisfy both chemical and mechanical requirements for ISO 
13782’Unalloyed Tantalum for Surgical Applications’ by L-PBF [46].

Wauthle et al. used the L-PBF technique to manufacture a porous (80%) pure 
tantalum implant with fully interconnected pores. In-vivo animal studies on rat 
femurs were performed to evaluate the osteo-conductivity of L-PBF implants. 
Based on the observations from this study, L-PBF Ta shows better osteoconductiv-
ity, biocompatibility and normalized fatigue strength when compared to identical 
L-PBF porous Ti-6Al-4 V samples [43].

3.2  Other Biomaterials

3.2.1  PEEK

PEEK (PolyarylEtherEtherKeton) is a prominently used biomaterial in orthopedic 
industry, especially for AM orthopedic implants. Properties including desired 
mechanical properties, stability at high temperature and biocompatibility make 
PEEK ideal for biomedical applications. Unlike other common polymers, PEEK 
material undergoes four thermal transitions during thermal processing using mate-
rial extrusion in AM heated: glass transition temperature (Tg), melt temperature 
(Tm), flow temperature (Tf), and re-crystallization transition temperature (Tc).

PEEK has a bulk elastic modulus of about 3.5  GPa which can be tailored to 
match the desired bone structure by varying its chemical or architectural  composition. 

Table 4 Mechanical properties of SLM processed TiTa, Ti-6Al-4 V, and commercially pure Ti 
[42]

Material
Young’s modulus 
[GPa]

Ultimate tensile 
strength [MPa]

Yield strength 
[MPa]

Elongation 
[%]

TiTa 75 924 882 11
Ti-6Al-4 V 131 1165 1055 6
Ti 111 703 619 5
Cortical bone 
[29]

15–30 30–70 70–150 –
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Like many other biomaterials, the addition of carbon to PEEK improves the stiff-
ness of this biomaterial. PEEK is often mixed with barium sulfate to improve the 
radiolucent properties for post-operative imaging purposes.

Bulk implants made of PEEK biomaterials are shown to be bio-inert in both soft 
and hard tissue; although, they do not allow bone in-growth [47]. For this reason, 
coating, surface modification, and microarchitecture enhancement of PEEK 
implants are used to improve their bioactive and osseointegration properties.

In a study, Vaezi and Yang [20] investigated the effect of controlled temperature 
(in the Nozzle, build plate and printing environment) on the quality of 3D printed 
parts. In order to avoid warpage and delamination, the Nozzle temperature within 
the range of 400–430 °C, with the build plate and ambient temperature of 130 °C 
and 80 °C respectively, were suggested for an extrusion rate of 2.2 mg/s. Results of 
mechanical testing of extruded PEEK samples with 38% porosity is compared with 
solid PEEK-OPTIMA LT1 samples in Table 5.

3.2.2  Ceramics

This group of biomaterials is often used for coatings of orthopedic implants. Since 
the main objective of many orthopedic implants is load-bearing, brittleness of bulk 
ceramics is a concern for orthopedic implants. Ceramic materials like Alumina and 
Zirconia have shown high fatigue strength and excellent tribological properties. For 
these reasons, use of these ceramics for total joint replacement, especially femoral 
heads, have had some success. Ceramics can also add bioactive characteristics to the 
metallic implant. Although, metallic implants meet a majority of the mechanical, 
manufacturing, and economic requirements of orthopedic implants, they have lower 
osseo-conductivity with surrounding tissues when compared to metal oxides. This 
poor interfacial bonding between an implant and tissue may lead to aseptic loosen-
ing of the implant at the site and ultimately failure of the device [48]. Coating the 
implants with bioactive materials (i.e. bio-ceramics) alleviates this weakness of 
metallic implants. Mechanical properties of some of the common bio-ceramics are 
listed in the Table 6.

Table 5 Mechanical properties of PEEK samples [20]

Sample Yield strength [MPa] Yield strain [MPa] Ave. compressive strength [GPa]

38% porosity 29.34 0.044 –
0% porosity (solid) 102.38 0.056 1.82

Table 6 Mechanical properties of common bioceramics [49]

Material E modulus [GPa] Compressive strength [MPa] Tensile strength [MPa]

Alumina 380 4500 350
Bioglass ceramics 22 500 56–83
Calcium phosphate 18–28 517 280–560
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Currently, Calcium Phosphate (CaP) and hydroxyapatite (HA), Ca5(PO4)3OH 
which has a modulus of elasticity close to cortical bone, is the most common bio- 
ceramic used for coating implants. HA is one of the main components of natural 
bone which helps with functional load bearing. Although, several methods includ-
ing solution-based coatings and vapor deposition techniques have been developed 
for surface coating purposes, plasma spraying is the only FDA approved technique 
[48]. In this technique, molten hydroxyapatite is sprayed on to the surface of an 
implant at high temperature (up to 12,000 °C) with high velocity. Unfortunately, 
difficulties in the control of process variables in plasma spraying and higher pro-
cessing temperature can cause serious damage to the implant, including formation 
of an amorphous CaP phase in the film and alternation of the surface and even inter-
nal structure of an implant (especially those with complex microarchitecture) [48]. 
Several studies argue that solution-based methods are better alternatives due to 
these disadvantages in the plasma spraying technique [48]. However, all these meth-
ods have their own challenges and result in the need for expensive secondary coat-
ing processes to the manufacturing steps of an orthopedic implant. An alternative 
solution could involve integrating a metal-hydroxyapatite mix in the manufacturing 
phase by taking advantage of AM’s layer-wise inherent property. In other words, 
AM could be theoretically used to create complex microarchitecture and have an 
ability to use different material systems with spatially controlled chemical composi-
tions at every single layer and/or region of a single part. Unfortunately, insufficient 
studies have been published to evaluate this approach in orthopedic applications.

4  AM Design Considerations

In traditional manufacturing, expensive investment is required for tooling (e.g. jigs 
and fixtures) which limits the commercially offered implant design (i.e. shape and 
geometry). However, with the “freeform” layer-wise approach in AM, custom 
implants with an additional ability to control surface porosity can be fabricated in 
order to enhance osseointegration [50, 51]. AM allows us to design scaffolds with a 
microarchitecture closer to bone [52]. Additionally, the ability of AM provides a 
potential for the design of Functionally Graded Material (FGM) implants such as 
fracture fixation devices [53]. Clearly different implants have different functions, so 
their structure and design should be based on their specific functional requirements. 
The hierarchical structure of human bone is very complex and at the same time very 
efficient. As illustrated in Fig. 10, the hierarchical structure of bone consists of 4 
main levels: macro-structure, micro-structure, nano-structure, and subnano- 
structure. Each of these levels has their own mechanical and biological function 
[28]. In the macroscale, the bone structure is classified as cortical bone (compact 
bone) or trabecular bone (cancellous). These two classes of bone have different 
microarchitecture and porosity. Therefore, an ability to precisely design and control 
the porosity may be important in an orthopedic implant to encourage vasculariza-
tion and bone ingrowth and to mimic the properties of the site. Based on published 
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reports, the size of the cellular (or porous) structures in compact bone ranges from 
10 to 500 μm [28] and varies between 50 and 90% in trabecular bone porosity [28]. 
Although, it may not be required to employ nano and sub-nano details of human 
bone into the orthopedic implant, the macro and micro design must be efficient and 
hierarchical. Concurrently, manufacturing processes should be able to create scaf-
folds or implants which can cover the range of both cortical and trabecular bone 
properties [54].

Conventional orthopedic implants manufactured through casting or forging do 
not have the structural characteristics of human bone. In some cases, they might 
resemble the overall shape of the bone but they lack the complex microarchitecture 
of human bone. In recent years, several groups have studied the porosity and cellu-
lar microarchitecture of bone and have employed these characteristics to create vari-
ous types of patient-specific orthopedic implants using AM [28, 54].

Microarchitecture of an implant will significantly affect its mechanical proper-
ties, biodegradability, biological properties, and osseointegration characteristics. 
But, controlling all these parameters by changing the microarchitecture of an 
implant is very difficult using conventional manufacturing processes. However, 
advanced design methodologies, such as topology optimization techniques [56], can 
achieve multiple requirements of an ideal orthopedic implants simultaneously. 
Topology optimization of orthopedic implants is a fast growing area of interest by 
exploring design freedom in AM [28, 57, 58]. This section explains the overall 
design procedure of patient-specific orthopedic implants. Additionally, it provides a 
summary of the current state of design and topology optimization for AM orthope-
dic implants.

Fig. 10 Hierarchical structure of bone. Reprinted with permission from the reference [55]. 
Copyright 2014 Macmillan Publishers Limited

M. Tilton et al.



37

4.1  Patient-Specific Design Procedures

The first step in the design of a patient-specific orthopedic implant is collecting the 
anatomical data of the patient through medical imaging. Medical imaging tech-
niques used to obtain the Digital Imaging and Communications in Medicine 
(DICOM) data varies for different anatomical and biological sites. Computed 
Tomography (CT scans) and Magnetic Resonance Imaging (MRI) are the most 
common imaging techniques used for 3D anatomy reconstruction purposes. CT 
provides superior imaging for bone. Images taken using MRI have better soft tissue 
contrast than CT, but MRI is more expensive and it lasts 30 min to an hour, while 
CT scan is a relatively faster process (5–20 min).

Resolution and noise present in the DICOM images determines the quality and 
accuracy of the 3D reconstructed model. Sometimes additional image processing, 
such as filtering (i.e. noise removal), is required to enhance the quality of data cap-
tured in the images [59]. 3D anatomy reconstruction out of DICOM images requires 
specific software applications. Some software offers joint segmentation and 3D 
reconstruction such as Mimics, developed by Materialise. There are other software 
programs like ITK-Snap which only offer a segmentation toolbox where the user 
needs to obtain the 3D model from segmented images. Depending on the resolution 
of the initial DICOM images and the algorithms used for segmentation and 3D 
reconstruction, the final anatomy model can be “noisy” [60]. In this case, smoothen-
ing and secondary filtering of the 3D surface model is required. Some of the com-
monly used software for this purpose are Magics and Geomagic Wrap. Usually, 
designing an implant for an anatomical model that consists of a lesser number of 
triangular mesh elements is easier and faster. Subsequently, the STL (stereolithog-
raphy) file of the 3D reconstructed anatomy is now ready to be used for the design 
of a patient-specific implants using Computer Aided Designing (CAD) software. 
Preparation of the implant for manufacturing is explained earlier (Fig. 1). For design 
validation purposes, cadaver testing may be carried out and compared with Finite 
Element Analysis (FEA) results. Figure  11 illustrates the discussed steps in the 
design of an orthopedic implant using AM. It needs to be mentioned that the design 
procedures are not limited to these steps. In fact, it is a common practice to perform 
an FEA during and after the design of the implant is completed. Results of FEA 
(e.g. stress during mechanical loading) determine the need to redesign or proceed-
ing with its fabrication using AM. Unfortunately, because of the difficulty in obtain-
ing the loading conditions directly from the patient, it is a common practice to rely 
on the estimated boundary conditions from previously published reports. But, 
mechanical loads could widely vary based on patient age, sex, anthropometric mea-
surements and activity levels.
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4.2  Porosity

According to Wolff’s law, human bone remodels its internal structure based on 
applied load distribution [61, 62]. Therefore, in order to preserve the surrounding 
tissue (after implantation), the design of the implant should enable load distribution 
to facilitate an appropriate mechanical stimulation of the neighboring osteons dur-
ing physiological loading [63]. Another important design criteria arises when the 
implant undergoes a large amount of stresses, the implant should not magnify the 
high stress peaks [63]. Porous structures in the implant can be incorporated through 
AM as an effective tool to design and manufacture an implant that satisfies 
criteria.

Various studies have been performed to investigate the relationship between the 
porosity and mechanical and biological behavior of AM orthopedic implants. 
During the design process of porous implants, there are three key parameters (pore 
configuration, ratio between beam thickness and beam length, and pore density) 
which can be varied for design optimization. Initial studies in this area showed that 
the elastic modulus and stiffness of an implant can be controlled by varying the 
number of pores [62]. By increasing the number of pores (or cellular structures), the 
total surface area in contact with neighboring tissue is also increased; this leads to 
better osseointegration properties for the implant [62]. Van Bael et al. conducted a 
study to analyze the effect of both pore shape and pore size using Ti-6Al-4 V scaf-
folds with three different unit cell shapes (triangular, hexagonal, and rectangular) 

Fig. 11 Patient-specific orthopedic implant’s design process flow
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and two different sizes (500 μm and 1000 μm) that were manufactured using SLM 
[54]. It was found that in larger pores, cells tend to attach to a single strut and in 
scaffolds with smaller pores, cells attach to several struts. Incorporating these obser-
vation on porous implant designs suggest that large pore sizes should be used on the 
outer surface of the implant to avoid pore occlusion and smaller pore size in the 
inner volume to decrease permeability. Also, it was noticed that pore occlusion can 
be delayed with triangular shaped pores [54]. Based on these findings, it can be 
concluded that in order to achieve efficient microarchitecture as bone, implants with 
a gradient porosity could be an alternative solution.

In summary, porous structures in AM orthopedic implants offer several advan-
tages namely: (1) Finer control of stiffness of the implant to prevent stress shielding 
by mimicking the stiffness of the neighboring bone, (2) reduction in the weight of 
the implant and (3) improvement in osseointegration characteristics of the implant 
by increasing the contact surface area.

4.3  Clinical Applications

In orthopedic surgical procedures, surgeons often implant artificial components for 
structural purposes. In joint arthroplasty, these components serve to replace joints 
such as the hip, knee, shoulder and ankle with low friction bearing surfaces. These 
joints are often replaced due to debilitating osteoarthritis, but joint replacements can 
also be used for other reasons such as trauma. In fracture fixation, artificial implants 
typically serve to stabilize bone fragments. These fragments can be separated by 
simple fractures or complex, comminuted fractures that may result in many frag-
ments or a bone void. Large bone voids can also result from surgical bone resections 
in patients with bone tumors or infected bone tissue. Patients with these large bone 
voids are not as common as those receiving joint replacements or fracture fixation, 
but they can be the most difficult to treat. The potential of AM implants in each of 
these procedures is discussed further below. Artificial implants are also used for 
orthopedic procedures such as joint arthrodesis and soft tissue reconstruction. 
However, the ability to capture and process 3D imaging data (e.g. osteophytes, poor 
quality bone that may be resected normally during surgery) in a short clinical time-
line (e.g. trauma) needs to be improved for broader adoption of AM in patient- 
specific orthopedic implants.

4.4  Patient Variability

An important aspect in orthopedic patients that raises a potential need for AM is 
patient variability. First, anatomic variability exists naturally across healthy humans. 
Variability is observed at the macro-scale in the shape of bones [64] and soft tissues 
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and connections among tissues [65]. For example, the glenoid version (angulation 
of the shoulder socket in the horizontal plane) in healthy individuals has a range of 
at least 20° [66]. It is obvious that bones have vastly different lengths and sizes 
across individuals of different height and weight. Variability is also evident at the 
micro-scale in morphology and mechanical properties. Young individuals, on aver-
age, have bones with stronger, denser trabecular tissue and thicker cortices than 
bones in older females.

Anatomic variability is magnified in orthopedic patients. The glenoid version, 
instead of having a range of approximately 20° in healthy individuals, ranges from 
1.4° to 56.8° [67] in patients with osteoarthritis. The trabecular bone in osteopenic 
or osteoporotic patients has vastly degraded morphology, and in some patients, 
regions of trabecular bone have completely resorbed away. Many classification sys-
tems have been proposed for fracture patterns in trauma patients, but in more severe 
cases the fracture may not clearly fall within a category or the patient presents with 
complicating factors such as additional fractures or compromised soft tissue. Bone 
defects associated with cancer and infection can be found in many different 
locations.

Substantial variability also exists in patient factors other than anatomy. Patients 
with impaired bone healing, associated with genetic or environmental factors such 
as heavy smoking may have slower implant osseointegration or may subject 
implants to larger mechanical loads for a longer period of time. The mechanical 
loads with which an orthopedic implant serves under varies for different patient 
sizes and activity levels. Anticipated mechanical loads dictate the necessary mate-
rial static and fatigue strength. Several major studies using instrumented joint 
replacements confirm that the lower limb joints are loaded with several times the 
bodyweight during gait, and even the shoulder can be loaded by greater than full 
bodyweight, due in part to contractions of antagonistic muscles [68]. In addition to 
joint replacements, these large forces are applicable in fracture fixation and other 
orthopedic implants. Athletes anxious to return to their sport might subject an 
implant to magnified mechanical loads, whereas a patient instructed to not bear 
weight might subject an implant to very little loads. Patients with lower limb inju-
ries are often instructed to bear weight as tolerated, however this weight varies 
across patients due to both physical and psychological factors. A surgeon must also 
consider that patients may not be compliant with their postoperative rehabilitation 
orders, or may have accidents that subject implants to large single loading events.

4.5  Shoulder and Other Joint Replacements

Joint arthroplasty refers to replacing one or both sides of a joint with synthetic com-
ponents. The most frequent reason is degenerated cartilage and subchondral bone 
associated with osteoarthritis. However, joint replacements can also be used to 
relieve symptoms of rheumatoid arthritis, post-traumatic arthritis, avascular necro-
sis and other conditions. Hip and knee arthritis and replacements are more common 
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than arthritis of the shoulder, ankle, or other joints. It should be noted that the rate 
of arthroplasty for each joint is dramatically increasing [69]. Shoulder, or glenohu-
meral, joint replacement is focused in this section but many of the concepts also 
apply to other forms of joint replacement.

The most frequent complications following shoulder replacement are shoulder 
instability and glenoid (shoulder socket part of the scapula) component loosening. 
The most challenging patient may be the individual suffering from glenoid bone 
erosion combined with shoulder subluxation prior to surgery. Glenoid bone erosion 
associated with the arthritic process results in the highly variable glenoid version 
angle, along with other variable three-dimensional morphology characteristics as 
illustrated in Fig. 12 [70]. The volume of glenoid bone present for component fixa-
tion is drastically reduced and the perforation of the cortex during drilling occasion-
ally occurs [71]. Most implant manufacturers provide several different sizes of 
glenoid components for the surgeon to choose from in their standard surgical tray. 
The surgeon must ream down the ‘high side’ of the already limited glenoid bone or 
utilize specialized bone grafting techniques to implant a standard glenoid compo-
nent at an anatomically normal version angle [71]. Furthermore, it is difficult for the 
surgeon to know what proper alignment is because of limited intraoperative expo-
sure of the glenoid and without any access to the scapula body. Because of these 
challenges, patients with severe glenoid deformity typically cannot receive an ana-
tomic total shoulder replacement, and currently the surgeon must resort to less 

Fig. 12 Top view schematic of standard total shoulder replacement, along with some potential 
limitations
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desirable alternatives such as replacement of only the humeral side of the joint 
(Fig. 13).

Additively manufacturing the glenoid component leads to enhanced flexibility in 
morphology of the medial ‘back-side’ of the component by improving the mate and 
fastening to glenoid bone. This may take the form of geometric features that inter-
lock with locations of strong cortical bone, fixation pegs that are precisely centered 
within the glenoid vault bone and/or screws that are positioned for best purchase in 
dense bone [72]. An AM made glenoid with custom backing that geometrically 
mates to the bone could also address the challenges in the proper alignment of the 
components intraoperatively. Studies have demonstrated that augmented compo-
nents (with standardized asymmetric backings, albeit not produced by AM) can 
help restore normal glenoid anatomical alignment and may improve component 
fixation [73]. In addition, AM offers new possibilities in the fabrication of porous 
metal backings that could improve bone ingrowth for long term un-cemented fixa-
tion component.

On the humeral side of the shoulder replacement, surgeons typically aim to 
restore an anatomically correct version angle and offset of the humeral head. The 
humeral head is a highly polished metal such as cobalt chrome and the stem may be 
a different metal such as titanium. Some popular implant systems include modular-
ity in which the head and stem are separate components that are press fit together 
immediately prior to implantation. Currently, humeral heads are commercially 
available in discrete standard sizes. The humeral head angulation and positional 
offset relative to the stem can be adjusted on a patient-specific basis by the angle at 
which the head is fastened to the stem with an eccentric Morse taper connection. 

Fig. 13 (a) 3D printed models of 9 shoulder replacement patients demonstrating variable glenoid 
morphology. (b) Patient with severe posterior glenoid bone deformity
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Finer control in the humeral head offset may help centralize joint contact pressures 
and stabilize the shoulder according to recent laboratory and clinical studies [74, 
75]. It should be noted that standard sizes of components and component modular-
ity are also available for other joint replacements.

AM of the humeral component would provide additional flexibility in head size, 
version, and offset, as well as stem length and diameter. An AM humeral component 
could reduce the need for modular connections that are prone to micromotions and 
fretting corrosion. As with the glenoid, new porous metal structures integrated into 
the humeral stem could improve bone ingrowth for uncemented component 
fixation.

4.6  Fracture Fixation

In order to provide effective patient-specific AM solutions in fracture fixation, many 
acute trauma cases will require compressing the AM implant design and fabrication 
timeline to realistically fit into a clinical workflow of hours or days and not weeks. 
Bone fractures are by nature highly variable due to a wide variety of injury mecha-
nisms and the complexity of fracture mechanics in bone. Higher energy injuries 
tend to create more complex, comminuted fractures having more separate fragments 
[76]. Many classification systems have been proposed for categorizing fractures 
based on visual fracture pattern, but the inter-observer reliability demonstrated by 
these classification systems reflects the fact that no two fractures are the same. In 
addition, as mentioned before, patients present a variety of bone qualities, body 
types, activity levels, and healing capacity (Fig. 14).

Fig. 14 Proximal humerus fracture fixation models derived from patient CT scans. (a) A series of 
geometric models of different patients demonstrate substantial variability in fracture pattern. (b) 
3D printed models were created for these patients, and fractures were induced by a surgeon and 
poses digitized. (c) Finite element models have been generated which demonstrate large plate and 
screw stresses when stable reduction is not obtained
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Surgical fixation of fractures usually involves reducing the bone fragments to 
restore preoperative anatomy and fastening a stainless steel or titanium-based 
implant to the fragments with screws. The screws are often similar in material to the 
main implant to reduce galvanic corrosion. Two basic types of implants are most 
common. Plates are positioned outside the bone cortex and conversely nails are 
inserted within the cortex down the intramedullary canal of long bones. Straight and 
pre-contoured anatomic plates and nails are commercially available. Bicortical 
screws provide the strongest fixation. Unicortical or cancellous screws may rely on 
fixation within weaker trabecular bone, but are often necessary to avoid damage of 
surrounding soft tissues or worse induce penetration into a joint space. Screws may 
be non-locking or locking, the latter meaning that the screw head fastens to the plate 
with a rigid connection. Simple fractures that heal by primary bone healing can 
benefit from compression of the fracture site using one of several techniques. 
Conversely, comminuted fractures or simple fractures that experience interfragmen-
tary motion heal by secondary bone healing through callus formation. In such frac-
tures, mechanical loads experienced by the implant are larger until sufficient tissue 
stiffening occurs at the fracture site. Postoperative stresses and strains experienced 
in a fracture fixation construct depend on surgical related variables including 
implant size and material, and construct design (e.g. positioning of screws). These 
stresses and strains also depend on patient-related variables mentioned above.

Complications in fracture fixation post-surgery include delayed or poor fracture 
healing, fracture healing with residual bone deformity, implant or screw yield or 
fatigue failure and screw loosening. Primary bone healing requires very small 
strains at the fracture gap. Secondary bone healing is believed to benefit from a 
moderate level of axial strain (perpendicular to the fracture plane) but to be inhib-
ited by shear strain. Screw loosening is generally associated with cyclic loading and 
progressive damage of surrounding bone due to high stresses and strains.

Although the aforementioned clinical workflow issues are a substantial obstacle, 
AM may hold significant potential for improving fracture fixation in a subset of 
patients. Implant manufacturers already provide a large array of options to surgeons 
including plates and nails of multiple lengths and sizes, holes for screw insertion at 
various positions, and screws with lengths varying by 1–2 mm. However, two areas 
of opportunity are focused on here: (1) patient-specific implant shape; and (2) 
patient-specific screw position and orientation.

Patient-specific intramedullary nails for long bones such as the femur could bet-
ter match the anatomic curvature of the patient’s intramedullary canal. The radius of 
the femur varies, with one study reporting a mean of 120 cm with standard deviation 
of 36 cm [77]. Standardizing a single standard radius for femur intramedullary nails 
has been challenging for implant manufacturers with different manufacturers offer-
ing different radii. Non-anatomically conforming nail radii can result in painful 
pressing of the nail on the inner cortex, injury during nail insertion, or angular 
deformity in the limb as the bone conforms to the nail through motion at the fracture 
site. The anatomic radius for the patient could be obtained from the non-injured 
contralateral limb (if applicable). Additionally, the nail diameter could be custom-
ized beyond standard options offered.
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Additively manufactured plates could open new design possibilities for stabiliz-
ing difficult fractures. For example, in proximal humerus and proximal femur frac-
tures in patients with poorer bone quality, a major clinical concern is varus collapse 
of the head of the bone associated with eccentric deforming joint forces and cancel-
lous screw ‘cut-out’ (loosening) [78, 79]. Long term construct stability is difficult 
using only screw-based fixation of the plate. Novel AM plates may provide radically 
different approaches for bone fragment stabilization. Patient-specific plates could 
also conform better to anatomic bone shape and assist with obtaining proper reduc-
tion without requiring intraoperative plate contouring. Plate conformity with the 
outer cortex is important when using non-locking screws in which mechanical sta-
bility of the construct depends on plate-to-bone friction. Locking plates and screws, 
conversely, often have a 1–2 mm gap between the plate and bone.

Patient-specific screw position and orientation could also be beneficial to a sub-
set of patients. A common goal for plate fixation, especially for osteopenic or osteo-
porotic patients, is to insert screws into denser, higher quality bone to mitigate the 
risk of screw loosening. In patients with preexisting joint replacements near a frac-
ture, it is necessary for screws to avoid the prosthesis [80]. In more complex frac-
tures it is not uncommon for a screw to inadvertently pass through the fracture site, 
which reduces mechanical stability and can impair healing. Variable angle locking 
screws are a recent technology that enable flexibility in screw orientation, but these 
systems have been shown to have decreased mechanical strength [81] and increased 
rates of clinical construct failure [82] relative to traditional systems.

As an example, clavicular fractures are often treated nonoperatively [83] but may 
benefit from internal fixation in a subset of patients. Commercial clavicle fixation 
devices are known to be difficult to use and fitted at the implantation site. This is 
because, clavicle bone has a complex geometry which involves large variations in 
curvature, torsion and inclination; also it is located close to essential organs [83]. In 
a study done by Cronskar et al., the feasibility of customization of clavicle fixation 
was investigated. In this study, titanium plates for three case studies were manufac-
tured using EBM. All the plates were post-processed, cleaned and sterilized at the 
hospital; then they were fitted at the implantation site in place of commercial plates 
by the same surgeon. Process flow, from reconstruction of the patient’s anatomy to 
design, validation and test fitting (in surgery), for one of the case studies, is illus-
trated in Fig. 15. It was confirmed that EBM fracture plates were conforming to the 

Fig. 15 Process flow from anatomy reconstruction to test fitting of the EBM plate in surgery. 
Reprinted with permission from the reference [83]. Copyright 2015 ASME
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bone contour and did not require further reshaping unlike conventional plates. It is 
known that screw positioning and angles can be crucial factors in determining the 
clinical success of an operation. Surgical guide offered by AM can improve the suc-
cess rate in this aspect [84, 85].

4.7  Large Bone Defects

There are various causes of large bone defects in patients, including trauma and 
resection associated with tumors or bone infection. Historically, management for 
severe tumors of the bone and soft tissue required amputation with wide margins. 
With advances in surgery, radiation therapy and chemotherapy, long-term survival 
for patients with osteosarcoma has increased, e.g. from 20 to 70% for osteosarcoma 
of the distal femur. Limb salvage surgeries have been developed which incorporate 
an implant along with reconstruction of soft tissue to attain biomechanical function-
ing of a limb. Limb salvage surgeries may prevent chronic pain, “phantom pain”, 
and neuromas instead of severing neurovasculature during amputations. 
Unfortunately, amputations are still often needed especially in pediatric patients. 
Most implants are designed for the adult population, and are not scaled to pediatric 
patients. As a result, an 8 years old pediatric patient with a primary malignant tumor 
of the bone is recommended for amputation because of this lack of implant options. 
Amputations can cause multiple complications for patients, including wound care, 
chronic pain, neuromas, recurrent ulceration, poor residual limb padding and 
decreased function [86].

The emergence of AM now provides the ability to create a design that fits a 
patient’s specific anatomy. For example, the implant can be married with patient’s 
medullary canal to create a “press fit design”. A patient specific implant can reduce 
strain which is associated with implant loosening, periprosthetic fractures and dis-
locations. Recently, AM has been incorporated into the preoperative and operative 
decisions for bone tumor resections [87]. AM-made titanium endo-prosthetics have 
been demonstrated to be effective in limb salvage surgeries [88]. AM made implants 
can also be applied to patient specific anatomy that is especially challenged by 
available implants, such as distal tibia, pelvis, talus, calcaneus, distal humerus and 
other reconstructive procedures (Fig. 16).

In 2015, H. Fan et al. published a report on three cases that underwent limb sal-
vage surgeries to receive patient-specific prosthesis [89]. In one case, a 35-year-old 
patient was diagnosed by right scapular Elwing’s sarcoma. The radiography results 
showed severe bone loss. With follow-up CT and coronal MRI imaging, the team 
could identify the origin of the tumor to be the scapula which was later extended 
into neighboring muscles and forming large soft tissue mass at that site [89]. The 
design of the scapular prosthesis was based on the 3D reconstructed anatomy of the 
contralateral site. After an adjuvant chemotherapy, cancerous scapular was removed 
from the patient, then a porous Ti-6Al-4 V prosthesis manufactured using EBM was 
implanted and secured at the site. Figure 17 demonstrates the explained process 
flow. Postoperative follow-ups for 21 months provided no evidence of loosening, 
length discrepancy nor failure [89].
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4.8  Surgical Guides

Fabrication of patient-specific surgical guides using AM involves surgical planning 
in its process flow unlike the traditional method. The first maxillofacial osteotomy 
guide using AM was reported by Richard Bibb et al. [90]. In the reported case, dis-
traction osteogenesis was performed, during which maxilla was gradually moved 
relative to the rest of the skull by mounting it on two precision locator devices. In 
this operation, two separate cuts were made across the maxilla under the nose and 
to remove some bone from the skull. The designed surgical guides for each cut were 

Fig. 16 Preliminary custom implant designs for a pediatric male previously seen for osteosarcoma 
of the proximal femur (a, b). The implant includes a modular locking mechanism and truss struc-
ture (c). The implant shape is designed to restore stability and anatomy while fitting the existing 
intramedullary canal (d), although additional adjustments are being made for sagittal plane 
alignment

Fig. 17 Scapular replacement process flow [89]; (a) Patient’s medical image data, (b) (A) Anatomy 
reconstruction, (B) Implant design, (C) Corresponding AM manufactured prosthesis, and (D) 
Implantation and postoperative imaging. Reprinted with permission from reference [89]. Copyright 
2015 Fan et al.
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modeled using FreeForm software and fabricated using L-PBF. The designed surgi-
cal guides helped the surgeon to have a better control during the surgery [72]. 
Orthopedic implant companies now provide ‘patient specific instrumentation’ (PSI) 
for procedures such as knee replacement. Despite potential improvements that 
could be achieved using custom surgical guides, additional investigation is required 
to streamline the surgical planning-design-AM fabrication of patient-specific guides 
(Fig. 18).

4.9  Additional Clinical Examples

In another case study reported by Jardini et al. [91], a 22-year-old patient with a 
large cranial defect received a patient-specific cranial implant. In this case, the res-
toration had to be done for missing area of approximately 106 cm2; this large bone 
defect was the result of a decompressive craniectomy. After, obtaining the medical 
images from the patient, and processing the DICOM data, anatomy of the patient’s 
skull was reconstructed and converted into an STL file. Subsequently, the recon-
structed anatomy was used for both surgical planning and design of patient-specific 
implant. The design of the implant was based on the contralateral side of the skull. 
The team used L-PBF AM process to fabricate the implant from Ti-6Al-4 V alloy. 
In addition, reconstructed anatomy model was processed using binder-jetting AM 
process (Zprinter 510) for surgical planning and form fit testing. Figure 19 details 
the discrete steps from processing the medical images of the patient to fitting the 
customized cranial implant and final surgery for implantation into the patient’s 
skull.

In 2016, Nanfang Xu and his team [92] published a report on the first customized 
AM vertebra implantation. Cervical replacement surgery involves complicated pro-
cedures. In this case report, a 12-year-old patient diagnosed with a C2 Ewing sar-
coma underwent a pre-planned staged intralesional spondylectomy [92]. After 

Fig. 18 (a) Two osteotomy cutting guides, (b) Use of surgical guide in operation. Reprinted with 
permission from reference [90]. Copyright 2009 Emerald Group Publishing Limited
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excision of C2 vertebra, the inferior and superior surfaces of C1 and C3 were decor-
ticated, respectively. This allowed a proper fitting of the patient-specific self- 
stabilizing artificial vertebral body (Fig.  20). The porous component promoted 
osseointegration and was manufactured using an EBM technique from a titanium 
alloy. Using a porous AM clavicle implant eliminated the need for bone grafting and 
ventral cages. However, performing a similar operation with conventional implants 
requires both bone grafting and ventral cages to augment instrumentation by dorsal 
approach. Another advantage of AM clavicle implant over a conventional implant 
was the improved local stability which is the result of a customized design.

5  Summary

This chapter provided a review of AM technologies, materials, design processes and 
survey of reported clinical applications of AM in orthopedics. Despite recent 
advancements in AM of orthopedic implants, there are several challenges that need 
to be addressed for its widespread adoption in orthopedics. In the realm of patient- 
specific implants, these challenges include a need to semi-automate the data collec-
tion and processing of patient’s data (DICOM data post processing, anatomic 
reconstruction and rendering), optimize custom design and AM process planning, 
and concurrent planning of design-AM-implantation due to surgical and clinical 
implications. However, most of these issues can be resolved to some extent through 
better communication between surgeons, physicians and engineers. Additionally, a 
more reliable validation of the designed implant could be achieved by employing 
advanced computational modeling approaches. Post-operative follow up from pre-
vious case studies is a valuable asset for further development of AM orthopedic 
implants.

Fig. 19 Design procedure of patient-specific cranial implant. Reprinted with permission from 
[91]. Copyright 2017 Elsevier Inc
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Fig. 20 (a) Fitting test of the AM fabricated vertebral component; (b) Postoperative X-ray; (c) 
Sagittal reconstruction; (d) 1-year-followup X-ray showing implant osseointegration. Reprinted 
with permission from reference [92]. Copyright 2015 Wolters Kluwer Health Inc
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Achieving enhanced biological compatibility for orthopedic implants is still a 
big challenge. However, the layer-wise approach in AM allows for implementation 
of a gradient lattice structure and FGM in design of implants which may lead to 
better osteoconductive and osseointegration properties.
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1  Introduction

Bone supports and protects organs in the body. Bone has three dimensional (3D) 
structures, where the spongy and porous inner part is surrounded by an outer part of 
low porosity. Bone diseases and fractures affect a myriad of people and are serious 
health concerns in population where aging is coupled with increased obesity and 
poor physical activity. As a metabolically active tissue, bone self-heals, but its abil-
ity is limited by ages, diseases, pathological conditions, and cannot repair large 
defects, which lead to bone fractures.

Gold standard for bone repair is bone graft, but bone grafting is limited by supply 
and disease transmission [1]. Engineered bone tissue is an alternate to conventional 
grafts. Ideal bone scaffolds should have right chemistry so that cells remain alive 
and function properly, three dimensional (3D) structures with sufficient strength to 
support organs, and porous microstructures to mimic extracellular matrix and allow 
diffusion of chemicals and growth factors into pore for cell growth and proliferation 
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[2, 3]. Bone scaffolds can be produced with subtractive techniques including chemi-
cal etching, drilling and electrical discharge machining, which are based on removal 
of excessive material from a bulk material until the desired shape and geometry are 
achieved, but these methods waste too much of raw materials, and cannot fully con-
trol pore size and interconnectivity of porous materials [4, 5]. Bone scaffolds can 
also be made using additive techniques (3D printing), in which materials are depos-
ited in a control way to achieve desired shape and geometry (Fig. 1) [6], followed 
by a variety of pore forming approaches to create microstructures [7, 8]. Compared 
to subtractive techniques, the additive 3D printing techniques are powerful and effi-
cient in producing bone constructs with complicated geometry that fits each patient.

2  3D Printing Techniques

A variety of 3D printing techniques has been developed such as selective laser sin-
tering, stereo-lithography, fused filament fabrication, and inkjet and solvent casting 
[9–12]. A common nature of 3D printing techniques is that raw material is formed 
from a tiny nozzle in a pre-designed pattern at two dimension, and once a layer is 
complete, the nozzle (or sample) will be retracted for a controlled distance to build 
the second layer of material (Fig. 2) [7]. The raw materials can be in solid or liquid 
form, while the printed objects are in solid forms. For solid raw materials, a solid- 
liquid phase change induced by resistive heating or laser heating is needed before 
the material is deposited on receiving plate. For liquid raw materials, a solidification 
process involving either heat, ultraviolet radiation or chemicals is required to form 
3D objects. Table 1 highlights major 3D printing techniques that can be used in 
producing bone constructs. All these methods can be used to generate customizable 
bone constructs with complicated geometry. Some of the techniques such as 

Fig. 1 Subtractive manufacturing (a) and additive 3D manufacturing (b)
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selective laser sintering need to use scarifying powder materials, some need to work 
with liquid pre-polymer (stereo-lithography), and some need to use liquid binder to 
glue particulate raw materials, which limits the nature of materials that can be used 
as bone constructs [13]. In contrast, direct writing (ink-jet) method is limited by raw 
materials, but once established, this method would be the most convenient one [14]. 
Given the wide range of possible bone materials (metals, ceramics, and polymers), 
each technique has its own strengths and limitations, and the selection of technique 
will have to consider the material perspective such as material nature, melting tem-
perature, reactivity, stability, and pore-forming ability.

Fig. 2 3D printing route

Table 1 3D printing technologies

Method Strengths Limitations

Selective laser sintering High mechanical strengths Grainy surface finish
Living hinges and snap features 
possible

Stereo-lithography Fine details Susceptible to sunlight and heat
Smooth surface finish

Binder jetting Fast and multi-species print Weak parts and rough surface 
finish

Poly-jet High accuracy, multi-material 
capabilities

Low strength, sensitive to 
sunlight and heat

Fused deposition modeling High mechanical strength and 
low cost

Poor surface finish

Injection molding Broad material selection and 
high volume

High start-up cost and long lead 
time

Computer numeric control 
machining

All material, high tolerances High equipment cost, 
thermoplastics only

Plastic forming Large parts, affordable price Limited shape and one side 
control

Plastic joining All materials Time consuming and labor 
intensive
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3  Porous Materials for Cell Growth

Porous materials with pore sizes in hundreds of microns (100–400 μm) are suitable 
for cell migration and proliferation. The porous structures can be created by direct 
3D printing, or by selective materials removal after forming 3D constructs. 3D 
printing techniques can produce uniformly ordered pores, but the pore size that is 
limited by precision of mechanical motion is over 200 μm, thus the total surface 
area of 3D constructs is low, which leads to less cells proliferated [8, 15]. On the 
other hand, selective material removal (particle leaching) can produce random 
porous structures with increased surface area for cell attachment and diffusion of 
culture media, but the finished material lacks desired 3D geometry to fit patient 
(Fig. 3) [16]. An ideal bone scaffold should have 3D printed large pores and mate-
rial removal generated small pores, so that the scaffold can fit patient nicely, and 
enhance cell proliferation and penetration (Fig. 4) [17]. Since large pores are within 
the fabrication limit and can be readily made with 3D printers via software control, 
the following sections describe recent materials progresses in making 3D porous 
bone scaffolds using ceramics, metals and polymer materials.

4  3D Printing of Porous Ceramic Materials

Ceramic materials are used as bone substitutes due to biocompatibility and similar 
composition with bone [18, 19]. Among those, calcium phosphates such as hydroxy-
apatite and tricalcium phosphate can be readily adsorbed when placed in vivo, and 
are used as coating materials to enhance cell attachment, and scaffolds for small 
bone growth to repair trauma or diseased induced osseous defects [20]. Although 
the materials are porous and have low density [21–25], their compression strengths 
(18.6 MPa) are lower compared with large bones due to porous structures. In order 

Fig. 3 3D printed ordered pores (a) and random pores (b)
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to enhance mechanical strength, silica nanoparticles have been added into trical-
cium phosphate when printing, and the printed materials have higher strengths com-
pared to tricalcium phosphate (Fig.  5) [26]. The high temperature annealing of 
ceramic composite leads to solid-solid phase change, which causes slight shrinkage 
of the printed parts relative to 3D computer models [27]. Magnesium doped silicon 
carbide nanoparticles have been added to tricalcium phosphate before printing [28–
30], the resulting ceramic material can maintain its original shape and strength even 

Fig. 4 3D printed dual-pore structure: (a) 3D printing process, (b) porous scaffold image, (c) 
image of internal pore structure

Fig. 5 3D printed ceramic structure: (a) ceramic granule, and (b) implant
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when immersed in a buffer solution. Meanwhile, the porous composites of polymer- 
ceramic materials can be processed to 3D scaffolds with minimum shrinkage and 
high compression strengths at low temperature [31, 32].

5  3D Printing of Porous Metal Materials

Metal bone materials are not brittle and used as large bone scaffold owing to high 
mechanical strength. 3D printing has been used to make bone scaffold using metal 
materials such as stainless steels, cobalt alloys, titanium and titanium alloys. Among 
these materials, CoCr alloy and stainless steel show high mechanical strength and 
corrosion resistance [33], but have higher stiffness and lower bone-implant contact 
than natural bones, which lead to bone tissue loss and implant failure. Although 
titanium and titanium alloy show better biocompatibility than others, they are still 
bioinert and their affinity to tissue is not always ideal, which lead to inflammation 
and low contact at implant-tissue interface. Making porous metallic materials or 
forming porous coating over metal implants can significantly enhance the tissue 
affinity of 3D printed metallic scaffold (Fig. 6) [34]. Surface modifications such as 
apatite coating, alkaline immersion and hydrothermal heating can be used to 
improve bioactivity of titanium and its alloy. Porous titanium shows higher affinity 
to tissue than those cultured on solid surface [35, 36], because the microstructures 
can enhance cell proliferation [37, 38]. Additionally, iron-manganese alloy has also 
been used as biodegradable bone scaffold material [39, 40].

Fig. 6 Porous titanium structure at (a) 1× and (b) 30×
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6  3D Printing of Porous Polymer Materials

Polymer materials though have lower strength than metallic ones are easier to pro-
cess and have higher biocompatibility. Polymer bone materials can degrade in body, 
and thus may not require surgical removal after implantation, which are ideal for 
children. Polymer bone materials can positively interact with cells, and improve cell 
adhesion, growth, migration and differentiation [41, 42]. An issue of porous poly-
mer is low strength. For example, porous polylactic acid is brittle with less than 
10% elongation at break. Introduction of additives such as hydroxyapatite and silica 
particles can enhance their strength. A particle size dependent enhancement of 
mechanical strength has been identified in porous polylactic acid, where hydroxy-
apatite nanoparticles can enhance strength and inhibit crack propagation in porous 
polylactic more than hydroxyapatite microscope [43, 44]. A directional strength 
enhancement has also been found with nanoparticle additives, likely due to align-
ment of nanoparticles when polymer-nanoparticle composites are injected from tiny 
nozzle [45]. Bioactive silica particles have added in polylactic acid to produce bone 
scaffolds with hierarchical pore architecture, which show a compressive strength of 
200 times higher than polyurethane foam [46]. Cell culture results confirm good 
biocompatibility of scaffolds (Fig.  7) [47]. In vivo animal results confirm bone 
regeneration ability and degradation of materials [48].

Fig. 7 Bone cells adhesion on (a) polylactic acid, and (b) silica-modified polylactic acid
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7  Conclusions

A variety of 3D printing techniques have been used to make bone scaffold materials 
based on ceramics, metals and alloys, and polymeric materials. Generating con-
trolled porosity in engineering bone materials can enhance cell attachment and cell 
proliferation, leading to better recovery of patient. The microstructures of bone 
scaffold (porosity, pore size and size distribution) can be produced by selectively 
removing pore forming reagents from 3D printed materials. Given the simultaneous 
control of macroscopic shape and dimension, 3D printed porous materials could 
become a promising selection for bone tissue regeneration.

References

 1. Nandi SK, Roy S, Mukherjee P, Kundu B, De DK, Basu D. Orthopaedic applications of bone 
graft & graft substitutes: a review. Indian J Med Res. 2010;132(1):15–30.

 2. Hutmacher DW, Schantz JT, Lam CXF, Tan KC, Lim TC. State of the art and future directions 
of scaffold-based bone engineering from a biomaterials perspective. J Tissue Eng Regen Med. 
2007;1(4):245–60.

 3. Hollister SJ. Porous scaffold design for tissue engineering. Nat Mater. 2005;4(7):518.
 4. Giannitelli S, Accoto D, Trombetta M, Rainer A. Current trends in the design of scaffolds for 

computer-aided tissue engineering. Acta Biomater. 2014;10(2):580–94.
 5. Hollister SJ, Bergman TL. Biomedical applications of integrated additive/subtractive manu-

facturing. Additive/Subtractive Manufacturing Research and Development in Europe, vol. 
1001. 2004. p. 55.

 6. Ambrosi A, Pumera M. 3D-printing technologies for electrochemical applications. Chem Soc 
Rev. 2016;45(10):2740–55.

 7. Bose S, Vahabzadeh S, Bandyopadhyay A. Bone tissue engineering using 3D printing. Mater 
Today. 2013;16(12):496–504.

 8. Chia HN, Wu BM. Recent advances in 3D printing of biomaterials. J Biol Eng. 2015;9(1):4.
 9. Williams JM, Adewunmi A, Schek RM, Flanagan CL, Krebsbach PH, Feinberg SE, Hollister 

SJ, Das S. Bone tissue engineering using polycaprolactone scaffolds fabricated via selective 
laser sintering. Biomaterials. 2005;26(23):4817–27.

 10. Kim K, Yeatts A, Dean D, Fisher JP.  Stereolithographic bone scaffold design parameters: 
osteogenic differentiation and signal expression. Tissue Eng Part B. 2010;16(5):523–39.

 11. Hutmacher DW, Schantz T, Zein I, Ng KW, Teoh SH, Tan KC. Mechanical properties and cell 
cultural response of polycaprolactone scaffolds designed and fabricated via fused deposition 
modeling. J Biomed Mater Res Part A. 2001;55(2):203–16.

 12. Mozafari M, Moztarzadeh F, Rabiee M, Azami M, Maleknia S, Tahriri M, Moztarzadeh Z, 
Nezafati N. Development of macroporous nanocomposite scaffolds of gelatin/bioactive glass 
prepared through layer solvent casting combined with lamination technique for bone tissue 
engineering. Ceram Int. 2010;36(8):2431–9.

 13. Tan K, Chua C, Leong K, Cheah C, Cheang P, Bakar MA, Cha S.  Scaffold development 
using selective laser sintering of polyetheretherketone–hydroxyapatite biocomposite blends. 
Biomaterials. 2003;24(18):3115–23.

 14. Saijo H, Igawa K, Kanno Y, Mori Y, Kondo K, Shimizu K, Suzuki S, Chikazu D, Iino M, Anzai 
M. Maxillofacial reconstruction using custom-made artificial bones fabricated by inkjet print-
ing technology. J Artif Organs. 2009;12(3):200–5.

W. Zheng et al.



65

 15. Bose S, Roy M, Bandyopadhyay A. Recent advances in bone tissue engineering scaffolds. 
Trends Biotechnol. 2012;30(10):546–54.

 16. Senatov F, Niaza K, Zadorozhnyy MY, Maksimkin A, Kaloshkin S, Estrin Y. Mechanical prop-
erties and shape memory effect of 3D-printed PLA-based porous scaffolds. J Mech Behav 
Biomed Mater. 2016;57:139–48.

 17. Minas C, Carnelli D, Tervoort E, Studart AR. 3D printing of emulsions and foams into hierar-
chical porous ceramics. Adv Mater. 2016;28(45):9993–9.

 18. Burg KJ, Porter S, Kellam JF.  Biomaterial developments for bone tissue engineering. 
Biomaterials. 2000;21(23):2347–59.

 19. Vallet-Regi M, González-Calbet JM. Calcium phosphates as substitution of bone tissues. Prog 
Solid State Chem. 2004;32(1):1–31.

 20. Bose S, Tarafder S. Calcium phosphate ceramic systems in growth factor and drug delivery for 
bone tissue engineering: a review. Acta Biomater. 2012;8(4):1401–21.

 21. Seitz H, Rieder W, Irsen S, Leukers B, Tille C. Three-dimensional printing of porous ceramic 
scaffolds for bone tissue engineering. J Biomed Mater Res Part B. 2005;74(2):782–8.

 22. Warnke PH, Seitz H, Warnke F, Becker ST, Sivananthan S, Sherry E, Liu Q, Wiltfang J, Douglas 
T. Ceramic scaffolds produced by computer-assisted 3D printing and sintering: characteriza-
tion and biocompatibility investigations. J Biomed Mater Res Part B. 2010;93(1):212–7.

 23. Vail N, Swain L, Fox W, Aufdlemorte T, Lee G, Barlow J. Materials for biomedical applica-
tions. Mater Des. 1999;20(2):123–32.

 24. Lee G, Barlow J. In: Selective laser sintering of calcium phosphate powders. Proceedings of 
the solid freeform fabrication symposium, Austin, TX, 1994; pp. 191–7.

 25. Lee G, Barlow J. In: Selective laser sintering of bioceramic materials for implants. Proceedings 
of the solid freeform fabrication symposium, Austin, TX, 1993; pp. 376–80.

 26. Bergmann C, Lindner M, Zhang W, Koczur K, Kirsten A, Telle R, Fischer H. 3D printing of 
bone substitute implants using calcium phosphate and bioactive glasses. J Eur Ceram Soc. 
2010;30(12):2563–7.

 27. Schickle K, Zurlinden K, Bergmann C, Lindner M, Kirsten A, Laub M, Telle R, Jennissen H, 
Fischer H. Synthesis of novel tricalcium phosphate-bioactive glass composite and functional-
ization with rhBMP-2. J Mater Sci Mater Med. 2011;22(4):763–71.

 28. Shao H, He Y, Fu J, He D, Yang X, Xie J, Yao C, Ye J, Xu S, Gou Z. 3D printing magnesium- 
doped wollastonite/β-TCP bioceramics scaffolds with high strength and adjustable degrada-
tion. J Eur Ceram Soc. 2016;36(6):1495–503.

 29. Xie J, Shao H, He D, Yang X, Yao C, Ye J, He Y, Fu J, Gou Z. Ultrahigh strength of three- 
dimensional printed diluted magnesium doping wollastonite porous scaffolds. MRS Commun. 
2015;5(4):631–9.

 30. Sun M, Liu A, Shao H, Yang X, Ma C, Yan S, Liu Y, He Y, Gou Z. Systematical evaluation of 
mechanically strong 3D printed diluted magnesium doping wollastonite scaffolds on osteo-
genic capacity in rabbit calvarial defects. Sci Rep. 2016;6:34029.

 31. Taboas J, Maddox R, Krebsbach P, Hollister S. Indirect solid free form fabrication of local 
and global porous, biomimetic and composite 3D polymer-ceramic scaffolds. Biomaterials. 
2003;24(1):181–94.

 32. Schek RM, Taboas JM, Segvich SJ, Hollister SJ, Krebsbach PH.  Engineered osteochon-
dral grafts using biphasic composite solid free-form fabricated scaffolds. Tissue Eng. 
2004;10(9–10):1376–85.

 33. Fousová M, Kubásek J, Vojtěch D, Fojt J, Čapek J. 3D printed porous stainless steel for poten-
tial use in medicine, IOP Conference Series: Materials Science and Engineering. Bristol: IOP 
Publishing; 2017. p. 012025.

 34. Lewallen EA, Jones DL, Dudakovic A, Thaler R, Paradise CR, Kremers HM, Abdel MP, Kakar 
S, Dietz AB, Cohen RC. Osteogenic potential of human adipose-tissue-derived mesenchymal 
stromal cells cultured on 3D-printed porous structured titanium. Gene. 2016;581(2):95–106.

 35. De Peppo G, Palmquist A, Borchardt P, Lennerås M, Hyllner J, Snis A, Lausmaa J, Thomsen 
P, Karlsson C.  Free-form-fabricated commercially pure Ti and Ti6Al4V porous scaffolds 

3D Printed Porous Bone Constructs



66

 support the growth of human embryonic stem cell-derived mesodermal progenitors. Sci World 
J. 2012;2012:1.

 36. Lewallen EA, Riester SM, Bonin CA, Kremers HM, Dudakovic A, Kakar S, Cohen RC, 
Westendorf JJ, Lewallen DG, Van Wijnen AJ.  Biological strategies for improved osseo-
integration and osteoinduction of porous metal orthopedic implants. Tissue Eng Part B. 
2014;21(2):218–30.

 37. Liu X, Chu PK, Ding C. Surface modification of titanium, titanium alloys, and related materi-
als for biomedical applications. Mater Sci Eng R Rep. 2004;47(3):49–121.

 38. Elias C, Lima JH, Valiev R, Meyers M. Biomedical applications of titanium and its alloys. 
JOM. 2008;60(3):46–9.

 39. Chou D-T, Wells D, Hong D, Lee B, Kuhn H, Kumta PN. Novel processing of iron–manganese 
alloy-based biomaterials by inkjet 3-D printing. Acta Biomater. 2013;9(10):8593–603.

 40. Hong D, Chou D-T, Velikokhatnyi OI, Roy A, Lee B, Swink I, Issaev I, Kuhn HA, Kumta 
PN. Binder-jetting 3D printing and alloy development of new biodegradable Fe-Mn-ca/mg 
alloys. Acta Biomater. 2016;45:375–86.

 41. Rezwan K, Chen Q, Blaker J, Boccaccini AR. Biodegradable and bioactive porous polymer/
inorganic composite scaffolds for bone tissue engineering. Biomaterials. 2006;27(18):3413–31.

 42. Wei G, Ma PX. Macroporous and nanofibrous polymer scaffolds and polymer/bone-like apatite 
composite scaffolds generated by sugar spheres. J Biomed Mater Res A. 2006;78(2):306–15.

 43. Serra T, Planell JA, Navarro M. High-resolution PLA-based composite scaffolds via 3-D print-
ing technology. Acta Biomater. 2013;9(3):5521–30.

 44. Serra T, Ortiz-Hernandez M, Engel E, Planell JA, Navarro M. Relevance of PEG in PLA-based 
blends for tissue engineering 3D-printed scaffolds. Mater Sci Eng C. 2014;38:55–62.

 45. Cox SC, Thornby JA, Gibbons GJ, Williams MA, Mallick KK. 3D printing of porous hydroxy-
apatite scaffolds intended for use in bone tissue engineering applications. Mater Sci Eng C. 
2015;47:237–47.

 46. Wu C, Luo Y, Cuniberti G, Xiao Y, Gelinsky M. Three-dimensional printing of hierarchical 
and tough mesoporous bioactive glass scaffolds with a controllable pore architecture, excellent 
mechanical strength and mineralization ability. Acta Biomater. 2011;7(6):2644–50.

 47. Yin H-M, Qian J, Zhang J, Lin Z-F, Li J-S, Xu J-Z, Li Z-M. Engineering porous poly (lactic 
acid) scaffolds with high mechanical performance via a solid state extrusion/porogen leaching 
approach. Polymers. 2016;8(6):213.

 48. Cowan CM, Aghaloo T, Chou Y-F, Walder B, Zhang X, Soo C, Ting K, Wu B. MicroCT evalu-
ation of three-dimensional mineralization in response to BMP-2 doses in vitro and in critical 
sized rat calvarial defects. Tissue Eng. 2007;13(3):501–12.

W. Zheng et al.



67© Springer International Publishing AG, part of Springer Nature 2018 
B. Li, T. Webster (eds.), Orthopedic Biomaterials, 
https://doi.org/10.1007/978-3-319-89542-0_4

Biopolymer Based Interfacial Tissue 
Engineering for Arthritis

Krishanu Ghosal, Rohit Khanna, and Kishor Sarkar

Keywords Arthritis · Interfacial tissue · Osteochondral tissue · Tissue interface · 
Biopolymer · 3D scaffold · Tissue regeneration · Gradient scaffold · Growth factor 
delivery · Orthopedic application

1  Introduction

Osteoarthritis (OA) and rheumatoid arthritis (RA) are common joint diseases that 
damage both the articular cartilage and the underlying subchondral bone. It was 
estimated that over 39 million Europeans and more than 20 million Americans are 
suffering from osteoarthritis according to the report published in 2008 and this num-
ber is expected to double by the year 2020 [1]. Conventional treatments like perios-
teal grafts, subchondral drilling or microfracture, autograft transplantation/
mosaicplasty, allograft transplant and lavage are used to treat osteoarthritis [2–5]. 
Among these, only autograft and allograft transplantation show promising results 
for cartilage-bone repair. But, donor site morbidity, degenerative changes and graft 
rejection limit its long term therapeutic effects on patients [6, 7]. Therefore, long- 
term clinical outcomes with minimal complications may be obtained through 
implantation of engineered osteochondral grafts using a patient’s own cells and 
osteochondral scaffolds to regenerate or repair cartilage-bone defects.

Tissue engineering (TE) is considered as an emerging field that has shown great 
promise for the generation of functional tissues like cartilage and bone by merging 
three principle components such as cells, biodegradable scaffolds and growth fac-
tors in vitro followed by subsequent implantation in vivo [8–12]. But, conventional 
tissue engineering approaches have challenges regenerating the osteochondral 
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 interface due to presence of progressive gradient materials composition and com-
plex physiological properties [13–16]. In addition, due to the limitation in the 
capacity of articular cartilage to self-repair, it is essential to develop approaches 
based on engineered biomaterials. In this regard, interfacial tissue engineering (ITE) 
has become more attractive in tissue engineering due to its capability to regenerate 
the complex bi- or multiphasic nature of defects in different tissue types like bone-
cartilage, and muscle-tendon complex tissue interfaces where complex material 
composition and mechanical properties are present. It mainly consists of two 
approaches including the generation of the tissue interface and the specific tissues 
which transform from one tissue type to another tissue. Generally, 3D cylindrical 
osteochondral scaffolds or plugs consisting of both cartilage and subchondral bone 
constructs are used in ITE.

The development of scaffolds is one of the primary challenges in tissue engi-
neering to mimic the natural extracellular matrix (ECM). The primary function of 
the scaffold is to provide physical support to growing cells and to mimic the tissue 
specific environment in order to differentiate and subsequently create functional 
tissue regeneration, as scaffolds degrade at a controlled rate without leaving toxic 
effects [17–19]. Despite the development of metals, ceramics, and inorganic 
material based scaffolds; polymeric biomaterials have gained tremendous atten-
tion for scaffold design due to their ease of synthesis and modification as required, 
biodegradability, biocompatibility and less immunogenic nature [20–22]. 
Therefore, the objective of this chapter is to discuss the anatomy of the osteochon-
dral interface, the current status of conventional and interfacial tissue engineering 
and biopolymers used for ITE, and to present the clinical status and future per-
spectives of ITE.

2  Anatomy of Osteochondral Tissue Interface

Osteochondral tissue consists mainly of articular cartilage and subchondral bone as 
shown in Fig. 1. Articular cartilage is further subdivided by the superficial zone, 
middle zone, deep zone and calcified cartilage. The upper 10% of the articular car-
tilage is the superficial zone having a small amount of proteoglycans with low per-
meability. The next 45% down is the middle zone consisting of higher contents of 
proteoglycans with a low number of cells. The orientation of the collagen fibers at 
this zone makes it highly compressive in nature which allows the cartilage to recov-
ery from articular surface impacts. The perpendicular orientation of collagen fibrils 
and cells to the articular cartilage surface makes the deep zone (last 45%) have 
greater compressive strength than the middle zone as shown in Fig. 2.

Osteochondral tissue and its interface possesses different material composition 
and mechanical properties. Articular cartilage mainly consists of small amounts of 
chondrocyte cells surrounded by an ECM which includes collagen, proteoglycans, 
water and some minor proteins. Water with 70–80% is the major part in articular 
cartilage followed by 60–70% and 30% collagen and proteoglycan, respectively. 
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Tide mark

Calcified cartilage

Subchondral bone

Deep zone

Middle zone

Superficial zone

Articular surface

Fig. 1 Cross section of osteochondral tissue with different cartilage zones and subchondral bone. 
Modified from [23] with permission from Elsevier

Fig. 2 Schematic representation of osteochondral tissue with gradient representation of collagen, 
chondrocyte cell size and number, and cartilage stiffness. Reprint from [28] with permission from 
Wiley
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Proteoglycans are high molecular weight macromolecules consisting of a glycos-
aminoglycan (GAG) core protein with chondroitin sulfate and keratan sulfate. The 
concentration of water gradually decreases from the surface to the deep zone of 
articular cartilage and the reverse trend is found with proteoglycans. Collagen is 
mainly a fibrous protein with collagen type II as the main component along with 
other types of collagen in a smaller amount. The collagen fibers are mainly respon-
sible for an improvement of structural and elastic strength of articular cartilage [24]. 
It is believed that collagen type X mainly assists in the mineralization at the inter-
face of articular cartilage and underlying bone [25]. More than 90% of the organic 
mass of bone consists of collagen type I which is a triple helix chain having two 
identical α1(I)-chains and one α2(I)-chain.

The boundary between the cartilage and the underlying subchondral bone is sep-
arated by calcified cartilage and the interface between calcified cartilage and the 
deep zone is called the tidemark. The osteochondral interface contains hypertrophic 
chondrocytes penetrating calcified cartilage. Chondrocytes are generally small in 
size having a diameter of 13 μm with a surface area of approximately 821 μm2 and 
a volume of 1748 μm3. The size of the cells remains almost the same throughout the 
cartilage zone. But the volume increases up to 20 times when the cells are in a 
hypertrophic state with the production of collagen X [26, 27]. The interface is struc-
turally weaker compared to that of the transition of different cartilage zones due to 
the absence of collagen fibers. Osteochondral tissue consists of different axial gra-
dients of composition and ECM organization along its structure as shown in the 
right side of Fig. 2.

The subchondral bone mainly consists of collagen type I and hydroxyapatite 
(HA). Approximately, 85 ± 3% of HA is present in subchondral bone i.e. this amount 
of HA is present at the bottom portion as shown in above figure (left side figure) and 
the HA content gradually decreases with going toward upside (65 ± 2% of HA in the 
calcified cartilage) and completely disappear in the superficial zone of articular car-
tilage [29]. In the same way, the amount of GAGs which is a measure of stiffness 
and chondrocyte size form a linear gradient from subchondral bone towards articu-
lar cartilage. Conversely, a linear gradient of collagen type II and chondrocyte num-
ber is observed from the superfacial zone of articular cartilage towards subchondral 
bone. In accordance to composition, mechanical properties also varies from the 
superficial zone to subchondral bone. The compressive modulus of the superficial, 
middle and deep zones are 0.079, 2.1 and 320 MPa, respectively [13, 30]. Whereas, 
subchondral bone is composed of HA crystals, collagen type I and water with a 
compressive modulus of 5.7 GPa [31].

3  Conventional Vs. Interfacial Tissue Engineering

Despite the early success of tissue engineering, researchers have faced challenges in 
regenerating tissues specifically at the interfacial injured tissue site, due to the pres-
ence of complex material composition and different mechanical properties [32, 33]. 
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Current approaches exploit the use of bioactive or bio-resorbable scaffolds, with the 
objective of developing physical and biological functionality after implantation 
[34]. The next step is the utilization of passive in vitro recellularization prior to 
implantation. The outcome of this approach is limited since cell differentiation, pro-
liferation, and tissue remodeling do not progress physiologically [35]. Functional 
tissue engineering is an alternative well established approach that would provide 
proper in vitro propagated cells to cellularize matrices, together with suitable physi-
cal conditioning, to develop tissue functionality prior to implantation.

Synthetic biomaterials or chemically crosslinked xenograft tissues are generally 
employed in conventional therapies for the repair or regeneration of tissues [10]. 
But several drawbacks, such as calcification, hardening and degeneration limit its 
therapeutic clinical application in patients [36]. Over the last few decades, research-
ers used three major tissue engineering approaches including in situ tissue regenera-
tion where freshly isolated or cultured cells implanted directly, in vitro tissues 
assembled using cells and scaffolds followed by implantation for tissue regenera-
tion. Isolation of individual cells or small cellular aggregates from the recipient or a 
donor followed by in vitro culture and finally injection into the injured tissue directly 
are the main strategies of direct implantation tissue engineering. Bioresorbable or 
bioactive natural or synthetic scaffolds directly implanted in a patient to exploit the 
body’s natural ability to regenerate in situ tissue, has been successfully employed 
for repairing heart valves, small diameter vascular grafts, ligaments and tendons, 
bladder and surgical patches [37]. However, a variable patient response in terms of 
resorption, recellularization and regeneration are the main drawbacks of this 
approach and may result in improper tissue growth with poor mechanical and bio-
logical properties  in vivo  and subsequently failure.

So, the conventional tissue engineering approach is not suitable for the regenera-
tion of cartilage to bone, tendon to bone, or ligament to bone simultaneously with 
their appropriate biological function at the interfacial injured site. To overcome 
these issues, an interfacial tissue engineering approach has been recently used to 
regenerate different types of soft-hard tissues simultaneously with a gradual change 
in mechanical, biological and chemical properties at the interfacial injured sites [30, 
38–41]. Different approaches so far adopted for the fabrication of 3D scaffolds for 
interfacial tissue engineering are shown in Fig. 3. In monophasic construction as 
shown in Fig. 3 (II), the subcondral bone forming scaffold is cultured in chondro-
genic cells to form neocartilage tissue on the top of the scaffold [42]. Various bio-
materials such as Bioglass®, calcium sulphate and calcium phosphate, chitosan, 
collagen, poly(L-lactic acid) or PLLA etc. have been used to form this type of osteo-
chondral construct. Wang et al. [43] used PLLA, poly(dl-lactide) and collagen-HA 
composites as a bone forming scaffold. They obtained superior neocartilage forma-
tion on collagen-HA composites after culturing with chondrocytes in a static biore-
actor for 15  weeks. In another study, β-tricalcium phosphate (β-TCP)-based 
subchondral bone scaffolds were developed by Guo et al. [44].

After neocartilage formation on the 3D construct, they implanted the osteochon-
dral construct in a sheep model and the osteochondral defect was completely filled 
by neocartilage tissue after 24 weeks of implantation. In a biphasic construct, there 
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are three different approaches as shown in Fig.  3 (I), (III) and (IV). In the first 
approach, two separate osteogenic and chondrogenic scaffolds are cultured 
 separately with respective cells followed by combining them with adhesives or 
sutures. On the other approaches, the biphasic scaffolds are cultured with only stem 
cells or with osteogenic and chondrogenic cells to form an osteochondral construct. 
A biphasic scaffold consisting of a collagen sponge at the upper layer for cartilage 
formation and bottom layer with PLGA/collagen composites for subcondral bone 
formation was fabricated by Chen et al. [46] for osteochondral tissue regeneration. 
After culturing the scaffold with canine MSCs, the scaffold was implanted in osteo-
chondral defects in the knee of canines and osteochondral tissue was formed after 
16 weeks of implantation. In another study, Gotterbarm et al. [47] regenerated deep 
osteochondral defects of mini pigs using porous β-TCP (for bone formation) and 
fibrous collagen type I/III layer (for cartilage formation) biphasic scaffolds with the 
addition of a growth factor mixture (GFM). It was found that the bone formation 
occurred on the TCP layer after 6  weeks of implantation whereas cartilage was 
formed after 12 weeks of implantation on the collagen layer.

Strategy In vitro culture OC construct

Cartilage side Chondrogenic cells

Chondrogenic cells

Chondrogenic cells

Osteogenic cells

Osteogenic cells

Cartilage side

Bone side

Bone side

Bone side

Cartilage side

Bone side

Mesenchymal stem cells
(MSCs)

Culture medium

Culture medium

Culture medium

Culture medium

Culture medium Culture medium

Suture

Co-culture

I.

II.

III.

IV.

Fig. 3 Different approaches for the fabrication of 3D scaffolds used in interfacial tissue engineer-
ing. Reprint from [45] with permission from Springer
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4  Polymeric Biomaterials for Interfacial Tissue Engineering

Collagen, starch, chitosan, alginate, hyaluronic acid, silk, poly(3-hydroxybutyrate- 
co-3-hydroxyhexanoate) (PHBHHx) are very well known natural biopolymers that 
can support cell adhesion and guide cell differentiation to specific tissue lineages 
due to the presence of specific molecular domains in its structure [48]. As discussed 
earlier, osteochondral defects consist of two different types of tissues and their 
chemical and physiological properties are different from each other, so it is difficult 
to mimic the interfacial defect site with only one single polymer. To mimic this type 
of interfacial tissue regeneration, either two different polymers/polymer- nanoparticle 
composites are used or single polymer consists of different types of growth factors, 
which can promote the differentiation of two different types of cells which are pres-
ent in the interfacial defect site. A list of different polymers in combination with cell 
stimulus is shown in Table 1.

Natural polymers can be easily functionalized into various functional groups, 
containing specific molecular patterns in the polymer chain, like RGD which can 
enhance various cellular activities, including cell adhesion, communication and dif-
ferentiation [48]. As an example, alginate based scaffolds coupled with gelatin can 
facilitate both cell adhesion and differentiation. Alginate scaffolds crosslinked with 
gelatin have been demonstrated to enhance cell adhesion, proliferation while sup-
porting the differentiation of MSCs into chondrogenic and osteogenic cell lineages 
[71]. Due to structural similarity of chitosan with GAG, chitosan has been widely 
studied for cartilage tissue regeneration [72–75]. In this concern, Chen et al. made 
a bilayered chitosan-gelatin scaffold, loaded with plasmid DNA that can induce 
both osteogenesis and chondrogenesis in a systematic manner. This bilayered poly-
meric scaffold proved to be effective for osteochondral repair. In vitro studies 
showed that the bilayered scaffold can simultaneously support articular cartilage 
and subchondral bone regeneration in a rabbit knee osteochondral defect model 
[64]. In another study, Abarrategi et al. fabricated different chitosan scaffolds with 
different molecular weights and deacetylation degree. The optimum chitosan scaf-
fold with 17.9 wt% mineral content (calcium carbonate), lowest molecular weight 
(11.49 KDa) and lowest deacetylation degree (83%) showed well-structured sub-
chondral bone and cartilage tissue regeneration [76]. A novel HA/chitosan scaffold 
was developed by Reis and co-workers for osteochondral tissue regeneration [77]. 
They fabricated the scaffold by combining a sintering and a freeze drying technique. 
After seeding goat bone marrow stem cells (GBMCs) separately on the scaffold, the 
cells were differentiated into osteogenic and chondrogenic cell linages after 14 and 
21 days, respectively. In vitro physiological and biological data suggested that the 
HA/chitosan bilayered scaffold is very effective for the regeneration of osteochon-
dral defects.

Collagen is another important biopolymer, an abundant protein in animal tissues 
and maintains structural integrity of the ECM. Due to major organic constituents of 
the bone and cartilage ECM, collagen is considered a perfect biomaterial for bone, 
cartilage or osteochondral tissue engineering [78–81]. In a recent study, O’Brien 
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Table 1 Notable targeted interfacial tissue engineering approaches for orthopedic interfacial 
tissue regeneration

Material used
Scaffold 
geometry Fabrication technique

Stimuli 
delivery

Targeted 
interfacial 
tissue References

PU/TCP 2-layer Vacuum impregnation None Cortical- 
cancellous 
bone

[49]

PLGA/TCP 3-layer Multinozzle low 
temperature deposition 
and particulate 
leaching

None Cartilage- 
bone

[50, 51]

Polyglactin/
PL-GA/ 
bioglass

3-layer Heat sintering None Ligament- 
bone

[15, 52, 
53]

Collagen I/
HAP

2-layer
3-layer
3-layer

Solid freeform 
fabrication
Separate layer 
synthesis by 
deposition technique
Precipitation followed 
by crosslinking

None Cortical- 
cancellous 
bone
Cartilage- 
bone
Cartilage- 
bone

[54–56]

Chitosan/HA 3-layer Lyophilization Drug delivery 
(TCH)

Any defect 
at interface

[57]

PU/PE/CEL2 2-layer Glazing and powder 
pressing technique

None Cortical- 
cancellous 
bone

[58]

PCL/
collagen-I/
TCP

2-layer Fused diffusion and 
electrospinning

None Cartilage- 
bone

[59]

Collagen-I 2-layer 
(core- 
shell)

Solution suspension 
technique

None Cartilage- 
bone

[60]

OPF/gelatin 2-layer Gelatin microsphere 
embedded hydrogel

Growth factor 
delivery 
(BMP-2 and 
IGF-1)

Cartilage- 
bone

[61]

OPF/
bPEI-HA

2-layer bPEI-HA/DNA 
complex embedded 
hydrogel

Gene delivery 
(RUNX and 
SOX trio gene)

Cartilage- 
bone

[62]

PLL/PCL/
chitosan

2-layer Porous nanofiber by 
electrospinning 
containing chitosan gel

Growth factor 
delivery 
(BMP-2)

Cartilage- 
bone

[63]

Chitosan/
gelatin/HA

2-layer Attaching separate 
layer with fibrin glue

Gene delivery 
(TGF-β1 and 
BMP-2 gene)

Cartilage- 
bone

[64]

(continued)
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and co-workers fabricated a cell-free multi-layered scaffold for layer specific regen-
eration of functional osteochondral tissue for carpine joints. Histological analysis 
revealed that the scaffold supports formation of both well-structured subchondral 
bone and cartilage tissue after 12 months of scaffold implantation with an anatomi-
cal tidemark [81]. Getgood et al. also made a biphasic collagen/GAG scaffold for 
osteochondral tissue regeneration. They loaded the scaffold with rhFGF18 or 
BMP-7 growth factors.  In vivo  results in a sheep model with osteochondral defects 
showed that the scaffold significantly improved osteochondral repair [82]. Apart 
from the growth factor or gene signaling for differentiation of progenitor cell to 
osteogenesis or chondrogenesis, nanoparticles also helped to differentiate toward 
osteogenesis or chondrogenesis although the actual mechanism behind this nanopar-
ticle induce differentiation still remains unrevealed. Recently, Yi and co-workers 
have been trying to find out the mechanism of osteogenic differentiation of MSC by 
gold nanoparticles [83]. They proposed that gold nanoparticles induce mechanical 
stress on the MSCs and resulted the activation of the protein kinase (MAPK) signal-
ing pathway by activating of p38 mitogen, which regulates the expression of  relevant 

Table 1 (continued)

Material used
Scaffold 
geometry Fabrication technique

Stimuli 
delivery

Targeted 
interfacial 
tissue References

PGA/PLA/
PCL/HA

2-layer Computer-aided 
design and 
manufacturing (CAD/
CAM) technology

None Articular 
cartilage- 
bone

[65]

PEOT-co- 
PBT/PCL/
PLA

Gradient Computer-aided 
design and 
manufacturing (CAD/
CAM) technology

None Cartilage- 
bone

[66]

PLGA/CS/
NaHCO3/β- 
TCP

Gradient Ethanol fused 
microsphere based 
3D-scaffold

None Cartilage- 
bone

[67]

MPDMS/
PEG-DA

Gradient Photo polymerization None Ligament- 
bone

[68]

PLGA Gradient Ethanol fused 
microsphere based 
3D-scaffold

Growth factor 
delivery 
(BMP-2 and 
TGF-β1)

Cartilage- 
bone

[69]

PLGA/silk Gradient Microsphere gradient 
by sonication in 
alginate hydrogel

Growth factor 
delivery (HRP, 
rhBMP-2 and 
rhIGF-I)

Cartilage- 
bone

[70]

PU polyurethane; TCP tricalcium phosphate; PLGA poly(lactic-co-glycolic acid); HA hydroxy-
apatite; PE polyethylene; CEL2 bioactive glass; PCL polycaprolactone; OPF oligo(polyethylene 
glycol) fumarate; bPEI branched polyethyleneimine; HA hyaluronic acid; PLL poly-l-lysine; PGA 
poly(glycolic acid); PLA Poly(lactic acid); PEOT-co-PBT poly(ethylene oxide terephthalate)/
poly(butylene terephthalate) copolymer; CS chondroitin sulphate; MPDMS methyl phenyldime-
thoxysilane; PEG-DA poly(ethylene glycol) diacrylate
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genes for osteogenic differentiation. Vanadium loaded collagen scaffolds differenti-
ated bone marrow progenitor cells to osteo-chondrogenesis without any toxic effect. 
Better biocompatibility (adhesion, growth and osteoblastic and chondrocyte differ-
entiation) was obtained with vanadium loaded membranes than unloaded collagen 
scaffolds [84].

Recently, silk has gained tremendous attention as an alternative natural biopoly-
mer for tissue engineering applications owing to its superior mechanical properties 
[85]. Saha et al. reported osteochondral tissue regeneration using silk fibroin scaf-
folds from Mulberry and Nonmulberry silkworms. After 1–2  months of in vitro 
culture in osteo- and chondro-inductive media, non-mulberry silkworms pre-seeded 
with human bone marrow stromal cells showed well distinguished areas with 
chondrocyte- like cells, whereas mulberry silkworms pre-seeded with human bone 
marrow stromal cells formed osteoblast-like cells. An in vivo study established that 
neo-osteochondral tissue was generated on cell-free multi-layer silk scaffolds 
absorbed with TGF-β3or recombinant human bone morphogenetic protein-2 [86]. 
Levingstone et al. [87], fabricated a multi-layered scaffold for the repair of osteo-
chondral defects in a rabbit model. The scaffold material consisted of 3 different 
layers and the bone layer contained collagen I and HA powder, the intermediate 
layer consisted of both collagen I and collagen type II and the superficial layer con-
sisted of collagen I, collagen II and GAG hyaluronic acid. In vivo implantation of 
the multiphasic scaffold in a rabbit model with osteochondral defects showed tissue 
regeneration with zonal organization and repaired the subchondral bone defect with 
the formation of a tidemark. Bertoni et al., synthesized a biphasic scaffold consist-
ing of fibroin and alginate for bone regeneration and collagen and alginate for car-
tilage formation [88]. They demonstrated that both collagen and fibroin can promote 
differentiation of stem cells into an osteogenic cell lineage whereas alginate pro-
motes chondrogenic differentiation. Kalpan and co-workers developed a osteochon-
dral construct having a gradient in growth factors for interfacial tissue engineering 
at osteochondral defect sites [70]. At first, they made a cylindrical like shape with 
alginate gels and then incorporated PLGA and silk fibroin microspheres into it, in a 
reversed gradient. The microspheres were loaded with two different growth factors, 
bone morphogenic protein 2 (rhBMP-2) and insulin like growth factor-I (rhIGF-I). 
They found that silk microspheres are much more efficient to deliver rhBMP-2, 
while they were less efficient to deliver rhIGF-I compared with PLGA microspheres 
only. After 5 weeks of seeding with hMSCs in proper osteogenic and chondrogenic 
medium, hMSC differentiated into an osteogenic and chondrogenic cell linage 
along with a concentration gradient of growth factors.

Alginate is another important polysaccharide next to chitosan for tissue engi-
neering applications. Coluccino et al. [89] reported recently highly porous alginate 
scaffolds for osteochondral tissue regeneration. For the chondral layer, they mixed 
TGF in citric acid with an alginate/alginate sulphate solution whereas HA granules 
were added into the alginate solution for osteoconductive surfaces. In vitro results 
demonstrated that the designed scaffolds were capable for osteochondral tissue for-
mation with suitable functional and mechanical properties. Khanarian et  al. [90] 
used a hybrid scaffold of alginate hydrogel and HA for the regeneration of the 
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osteochondral interface. They observed that the HA containing part of the scaffold 
promoted the formation of the proteoglycan and type II collagen-rich matrix when 
it was seeded with chondrocytes. More significantly, the elevated biosynthesis 
resulted in a substantial increase in both compressive and shear moduli relative to 
the mineral free control.

Several advantages of natural biopolymers such as, immunogenicity, lack of 
large scale production and difficulty in purification, can limit their clinical applica-
tion [91]. To overcome these problems with natural polymers, researchers have 
developed biodegradable synthetic biopolymers including PLGA, PCL, 
poly(propylene fumarate), polyorthoesters, polydioxanone, polyphosphazenes, and 
polyanhydrides [92, 93]. The main advantages of synthetic biodegradable polymers 
rely in their chemistries, ease of processing, and controllable molecular weight dis-
tribution that can be tailored depending upon their end applications [94]. Cao et al. 
[95] fabricated PCL three dimensional (3D) porous osteochondral scaffolds by 
using a fused deposition technique followed by seeding osteogenic cells in one half 
of the scaffold and chondrogenic cells in rest of the scaffold. After culturing in a 
co-culture medium, two different types of ECMs at two different portions of the 
scaffold were formed. In addition to the 3D porous scaffold, polymeric nanofibers 
also showed promising results in osteochondral tissue regeneration [96, 97]. A bio-
mimetic PCL nanofibrous scaffold having insulin and β-glycerophosphate concen-
tration gradients was prepared by Erisken et  al. [98]. After culturing human 
adipose-derived stromal cells on the graded scaffold for over 8 weeks, chondrogenic 
differentiation was observed at insulin rich locations of the scaffold whereas miner-
alization occurred at the β-glycerophosphate site.

Dormer et al. [16] developed PLGA microspheres based 3D gradient scaffolds 
containing bone morphogenetic protein-2 (BMP-2) and transforming growth 
factor-β1 (TGF-β) in reverse gradients. After in vitro culture of human umbilical 
cord mesenchymal stromal cells (hUCMSCs) for 6  weeks, a gradient dependent 
ECM was formed. They found that in comparison with blank controls, the growth 
factor loaded scaffold demonstrated greater GAG production, alkaline phosphatase 
activity, collagen content and respective chondrogenic and osteogenic gene expres-
sion. They proposed that engineered signal gradients may be useful for interfacial 
osteochondral tissue regeneration. Similarly, Gupta et  al. [67] reported a high 
molecular weight PLGA microsphere based gradient scaffold having chondroitin 
sulfate and tricalcium phosphate in reverse gradients for osteochondral defect repair. 
They noticed that the mechanical properties of the scaffold initially depend on the 
composition of the encapsulating material whereas in the later stage, the mechanical 
properties rely on the degradation of the polymeric scaffold and the newly formed 
ECM by seeded cells. Initial results suggested that raw material encapsulation on a 
per cell basis might be dominated by a medium-regulated environment, although it 
was observed that in vivo differentiation of the cells would be controlled by the sur-
rounding native environment of the implant site. In another study, Solchaga and 
co-workers [99] reported on the restoration of osteochondral defects with hyaluro-
nan and polyester based scaffolds. They used two different polyesters, PLGA and 
PLLA based polymers and two hyaluronan-based polymers (ACP™ and 
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 HYAFF®-11) for their study. They found that the degradation rate of the scaffolds is 
a crucial factor for the repairing process. Hyaluronan-based scaffolds showed better 
cell infiltration which leads to faster tissue regeneration. Degradation of the ACP™ 
leads to rapid bone formation, however, the slow degradation of HYAFF®-11 pro-
longs the existence of the cartilage.

5  Design Considerations for Interfacial Tissue Engineering

In this section, we will discuss the design considerations and elegant design meth-
odologies adopted for interfacial tissue engineering to regenerate the osteochondral 
tissue interface. Success of interfacial tissue engineering not only depends on scaf-
fold design but also depends on biodegradability and mechanical properties, surface 
topography, microstructure, scaffold porosity, pore geometry and orientation of the 
scaffolds. Mainly, two techniques such as stratified and gradient techniques have 
been used to fabricate scaffolds for interfacial tissue engineering applications and 
the techniques are described briefly below.

5.1  Stratified Scaffold Design

The first generation stratified scaffold design for osteochondral tissue engineering 
consists of two well distinguished cartilage and bone regions attached together 
using either sealants or sutures [100, 101]. In an attempt, Novakovic and co-workers 
[100] separately prepared cartilage constructs by culturing bovine calf articular 
chondrocytes on PLGA meshes and bone-like constructs by bovine calf periosteal 
cells on PLGA/polyethylene glycol blend foams. After that, biphasic scaffolds were 
prepared by suturing the distinct constructs together after 1 or 4 weeks of cell cul-
ture. The integration between two different scaffolds at the cartilage-bone interface 
was observed after another 4 weeks of culture. Alhadlaq et  al. [102] designed a 
bilayered osteochondral construct with a condyle shape composed of polyethylene 
glycol-diacrylate hydrogel. The upper hydrogel layer of the construct consisted of 
MSC derived chondrocytes whereas the bottom layer consisted of MSC derived 
osteoblasts. After 12 weeks of implantation, two distinct osseous and cartilaginous 
regions were observed in the defect site. These pioneering studies on osteochondral 
tissue engineering showed how to facilitate multi-tissue formation on a multi-phase 
stratified scaffold, the next challenging task is how to fit osteochondral tissue inter-
face into this constructs/scaffolds. In this concern, many researchers are working on 
stratified scaffold designs that can mimic the structural environment of the natural 
osteochondral interface. For example, Lu et  al. [103] developed a 3D-osteoblast 
chondrocyte co-culture on a biomimetic hybrid of a hydrogel and a polymer- 
bioactive glass composite. The novel osteochondral construct was composed of 
three regions: gel only, gel/composite interface and composite only region. It was 

K. Ghosal et al.



79

observed that chondrocyte and osteoblast co-cultures on this microsphere based 
scaffold system supported the development of distinct continuous chondrocyte and 
osteoblast regions, with good integration between these two regions. Not only that, 
the multiphase scaffold with varied calcium phosphate content promoted the growth 
of multiple matrix zones: a mineralized collagen matrix with osteoblasts, an interfa-
cial matrix rich in GAG+ collagen, and a GAG rich chondrocyte region. Gibson and 
co-workers [104] reported a new method “liquid phase co-synthesis” that produces 
porous, layered scaffolds that can mimic the structure and composition of articular 
cartilage on one side of the scaffold, subchondral bone on the other side of the scaf-
fold and there was a continuous gradual interface between these two. Their designed 
layered scaffold can be inserted into the osteochondral defect site without the need 
of any types of glue, sutures or screws with a highly interconnected porous structure 
throughout the entire osteochondral defect.

The insertion of the anterior cruciate ligament (ACL) into bone is a typical exam-
ple of complex soft tissue to hard tissue interfacial tissue engineering. Which con-
sists of spatial variations in cell type, and matrix composition resulting in three 
distinct regions (the ligament, fibrocartilage, and bone [105]) whereas the fibrocar-
tilage section is further divided into mineralized and non-mineralized regions. It is 
well established that matrix organization at the interfacial tissue site is optimized to 
sustain both compressive and tensile stress simultaneously [106]. As an example, 
fibrocartilage is often confined in anatomical regions when exposed to compressive 
stress [106]. This type of site specific tunable mechanical properties facilitate a 
smooth transition in strain throughout the insertion and deliver valuable cues for 
ligament-to-bone interfacial scaffold design.

The multi tissue alteration at the interfacial site of ligament to bone at the ACL 
to bone joint represents a challenging task for interfacial tissue engineering. Until 
now, most of the recent studies focus on the restoration of the anatomic ACL-bone 
interface [107–110]. Cooper et al. [107] designed a multiphasic scaffold, based on 
polymeric nanofibers composed of PLGA using a 3D braiding technology. The 
resultant scaffold demonstrated optimal pore diameters of 175–233 μm for ligament 
growth, as well as it showed suitable mechanical properties, same as the native liga-
ment. Paxton et  al. [111] engineered a stratified scaffold to regenerate the bone- 
ligament interface using polyethylene glycol diacrylate with HA and the cell 
adhesive peptide RGD.  Their designed multiphase scaffold showed significant 
improvement over a single phase ACL graft. Lu and co-workers designed for the 
first time a continuous triphasic scaffold, which consists of three distinct phases 
[113]. Phase A designed for soft tissue, phase B for interfacial region and phase C 
for bone regeneration. They engineered each phase with optimal composition and 
geometry which is suitable for ligament to bone interfacial tissue engineering. They 
used a double emulsion method to develop the microspheres and continuous tripha-
sic scaffolds were formed by a sintering process above the polymer glass transition 
temperature. In another work, they designed a triphasic scaffold that can mimic the 
ligament to bone interface [15]. They used a polyglactin, PLGA (85,15) copolymer 
and bioactive glass. They also fabricated and characterized a mechanoactive scaf-
fold consisting of a composite of poly-α-hydroxyester nanofibers and sintered 
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microspheres. They observed that their scaffold induced compression of the patellar 
tendon grafts resulting in matrix remodeling and up regulated expression of fibro-
cartilage related markers such as aggrecan, TGFβ3, Type II-collagen, etc. These 
results suggests that their polymeric nanofiber based stratified scaffold can be used 
for the formation of anatomic fibrocartilage at the interfacial enthesis on ACL 
reconstruction grafts [112].

Similar to the ligament to bone interface, tendon to bone interfacial tissue engi-
neering is also an example of a critical type of tissue engineering. Although tendon 
to bone and ligament to bone interface reconstruction are biochemically and physi-
ologically almost similar, the tissue engineering strategy should differ in terms of 
stress loading environment, mineral distribution, and surgical repair methods that 
are applied during the operation, which would also influence the healing response.

The devastating pain of rotator cuff tears coupled with the high percentage of 
failure of conventional repairing strategies [113, 114] draw attention for the clinical 
need of integrative solutions for tendon to bone regeneration. To overcome this 
problem, several research groups have designed biopolymer based scaffolds in such 
a way so it can form an anatomic insertion site similar to the tendon to bone inter-
face. Moffat et al. [115] prepared PLGA nanofiber scaffolds that can repair rotator 
cuff. They showed that nanofiber orientation play an important role for fibroblast 
morphology, and alignment as well as integrin expression. Furthermore, scaffold 
mechanical properties also depend on the fiber orientation. They also engineered a 
composite nanofiber system composed of PLGA and hydroxyapatite nanoparticles 
that can regenerate both non-mineralized and mineralized fibrocartilage regions of 
the supraspinatus insertion site [116].

It was found that the stratified 3D scaffold design technique is suitable for inter-
facial tissue regeneration whereas most of applications require improvement in 
mechanical properties or tissue integration, although the fabrication technique is 
very simple and is able to mimic the specific tissue interface like the cortical- 
cancellous interface. In addition to this, the stratified design technique is also depen-
dent on material type, physical, chemical and topological properties of the materials. 
To overcome these problems, tissue engineers have chosen a continuous gradient 
technique for interfacial tissue engineering applications.

5.2  Gradient Scaffold Design

Gradient scaffolds design is a new, emerging and promising approach for interfacial 
tissue engineering. These novel types of scaffolds posses either a gradient of com-
position [117, 118], growth factors [119] or genes [120]. The gradient strategy can 
replicate the complex transition of chemical as well as mechanical properties of the 
interfacial regions and offer regional control over a complex native interface. 
Compared with the previously discussed stratified scaffold, gradient scaffolds con-
sist with reasonably gradual and continuous change in both mechanical and compo-
sitional properties.
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Detamore and his co-workers reported uniform PLGA (50,50 lactic acid, glycolic 
acid, acid-end group) microsphere scaffolds with continuous and gradual change in 
macroscopic gradients in stiffness [118]. They produced structural gradients by 
incorporating a nanomaterial. Structural gradients were produced by incorporating a 
high stiffness nanomaterial into portions of the microspheres during the scaffold 
manufacturing process. Similarly, Erisken et al. [117] designed functionally graded 
electrospun scaffolds from biodegradable polymers to regenerate the cartilage-to-
bone interfacial tissue engineering. The scaffold consists of PCL and tricalcium 
phosphate nanocomposite with a gradient in calcium phosphate concentration. From 
the in vitro results they showed that MC3T3 osteoblast cells formed a gradient in the 
calcified matrix within 4 weeks. Li et al. [119] also engineered nanofiber scaffolds 
with a mineral content gradient to regenerate the tendon to bone interface. They 
fabricated a calcium phosphate coating on a mat of gelatin-coated PCL nanofibers 
by incubating the scaffolds in a ten times concentrated simulated body fluid (SBF). 
This gradient in mineral content resulted in a variation of scaffold stiffness and 
affected the total number of adhered MC3T3 cells to the nanofibrous scaffold.

Philips et al. [121] reported a novel alternative approach to design gradient scaf-
folds which can mimic the bone soft tissue interface. They engineered the scaffold 
by a simple, one-step seeding process of primary dermal fibroblasts onto polymeric 
scaffolds containing a graded distribution of immobilized Runx2 retrovirus. In vivo 
results showed that by controlling the spatial distribution of Runx2, fibroblasts can 
be stimulated to deposit a mineralized matrix on the scaffold. Berkland and co- 
workers designed microsphere based seamless scaffolds with gradients of growth 
factors. They prepared uniform size microspheres using a Precision Particle 
Fabrication technique. The scaffolds were assembled into a cylindrical glass mold 
and subsequently attached using ethanol treatments to form a continuous scaffold. 
This process offers a unique advantage over other conventional sintering processes, 
which will require quite high temperatures, which can affect the bioactivity of the 
growth factors as they are incorporated into the scaffolds [122]. Ramalingam et al. 
[123] fabricated nanofiber scaffolds with gradients in composition for interfacial 
tissue engineering. They simultaneously electrospun two types of nanofibers in an 
overlapping pattern to create a nanowoven mat with a composition gradient. PCL 
was used for the fabrication of nanofibers and they varied the concentration of 
osteoconductive amorphous calcium phosphate nanoparticles to form a gradient. In 
vitro results demonstrated that adhesion and proliferation of osteogenic cells on 
nanofiber gradient scaffolds increased considerably on those portions of the scaffold 
that contained higher percentages of calcium phosphate nanoparticles.

In summary, it can be postulated that compared with stratified scaffolds, gradient 
based scaffolds have the ability to mimic the orthopedic interfaces more precisely. The 
smooth transition in composition resulted in gradients of functional properties which 
offers efficient load transfer between distinct types of tissues. In other words, design 
strategies and design parameters must be prioritized for interfacial tissue engineering. 
From this point of view, multiphase stratified structures represent a simpler approach 
whereas gradient based scaffolds are more complex for  fabrication but can mimic func-
tional properties as well as mechanical properties inherent at the interfacial tissue site.
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6  Present Clinical Status of Interfacial Tissue Engineering

Injury at the interfacial tissue site can occur at any age and is frequently seen in 
young athletes. Curl et al. [124] found that greater than 60% of patients who possess 
knee arthroscopies suffered from Grade III or Grade IV lesions where the harshness 
of this type of damage varies significantly. Many times, injury at the articular carti-
lage site leads to the osteoartharaitis. Not only for young athletes, elderly often deal 
with osteoartharitis. The pain associated with this type of interfacial tissue site 
destroys the quality of a patient’s life. There are approximately 500,000 osteochon-
dral and cartilage repair events done in the USA alone. These numbers are increas-
ingly rapidly due to lifestyle and aging of the population. The costs associated with 
this repairing process is predicted to be greater than $1.5 billion in the near future 
[125]. A list of conventional clinical methods and advanced tissue engineering strat-
egies for the treatment of defects at the interfacial tissue site can be subcategorized 
into the following methods:

 1. Conventional clinical methods

 (a) Palliative treatment methods
 (b) Reparative treatment methods
 (c) Restorative treatment methods

 2. Tissue engineering methods

 (a) Single phase scaffolds
 (b) Multiphase scaffolds
 (c) Gradient scaffolds

However, despite so many in vitro and in vivo animal model studies, there are no 
reported data/studies on humans to treat arthritis or any type of injury at an interfa-
cial tissue site by interfacial tissue engineering.

7  Future Perspectives of Interfacial Tissue Engineering 
in Orthopedic Applications

The field of tissue engineering, especially interfacial tissue engineering, is the latest 
and rapidly growing field. In the last decade, osteochondral constructs have been 
implanted in various animals including rats, rabbits, pigs, goats, sheep, horses and dogs 
for osteochondral tissue regeneration at the defect site, although the size of defect var-
ies from animal size. But the success of the interfacial tissue engineering concept for 
osteochondral tissue regeneration in small animals is one step closer to clinical trials on 
humans. Although current efforts are focused on the development of the optimum scaf-
fold designs and fabrication for interfacial tissue engineering in orthopedic applica-
tions, we predict that the future will turn towards the identification of the most 
significant strategies of interfacial tissue engineering to treat arthritis patients. However, 
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competition with other conventional clinical approaches make interfacial tissue engi-
neering in orthopedic applications well warranted and holds a significant promise in 
the near future although a significant number of challenges and limitations still exist.

8  Conclusion

With the advancement of technologies, interfacial tissue engineering is continuing 
to progress at a fast rate to design more smart scaffolds for the regeneration of the 
osteochondral interface tissue. Different scaffold fabrication techniques, like multi-
phasic or gradient scaffolds, containing signaling cues for chondro- or osteogenic 
differentiation to mimic osteochondral tissue are continuously developing to find 
new ways to improve osteochondral scaffolds and their potential for long-term in 
vivo studies for the generation of osteochondral tissue. In vivo experiments should 
be conducted on larger animals with large defect sizes to optimize the formation of 
required collagen types, material composition and mechanical properties since their 
functionality will be useful towards clinical trials for humans.
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1  Introduction

Modern joint prostheses commonly incorporate modular junctions in the design to 
provide intraoperative flexibility and a manageable inventory of components needed 
to address various bone defects [1–3]. Modularity increases the surgeon’s options 
related to component size and materials [4–6] during primary arthroplasty [7], as 
well as during revision arthroplasty [8]. Contemporary hip prostheses usually have 
at least one modular taper junction, while knee prostheses typically incorporate 
modular taper junctions only when stem extensions are necessary, often in compli-
cated revision procedures [1, 9]. It is likely that concerns associated with modularity 
are better documented for hip prostheses [10] due to the higher prevalence of modu-
lar junctions in total hip prostheses.

While the benefits of modularity are well established for joint prostheses, there 
are lingering concerns about localized corrosion at taper junctions. Galvanic corro-
sion is thought to play a role in modular taper junctions when other forms of corro-
sion are also involved [11–13], though in other cases this may not be a major factor 
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that leads to surface degradation [14, 15]. The geometries of taper junctions them-
selves lead to crevice environments where chloride ions can reach sufficiently high 
concentrations to result in accelerated localized corrosion [16]. This type of damage 
has been observed in several retrieval studies of modular hip prosthesis tapers [17, 
18]. In addition to corrosion, the release of metal debris due to wear and fretting 
specifically affects modular taper surfaces [19]. Bore and cone tapers are press-fit 
during manual intraoperative assembly and ideally form a taper-lock that resists 
relative movement between the components until disassembly during revision sur-
gery [20, 21]. The force required to disassemble a taper-lock junction is an estab-
lished measure of the strength and stability of taper-lock junctions [22–24]. 
However, evidence of displacements less than 100 μm parallel to the taper axis have 
been noted on modular taper surfaces after in vitro [25–27] and in vivo [28, 29] 
cyclic loading. This micromotion results in mechanical disruption of the taper sur-
faces [19, 30], and the thermodynamic corrosion reaction is able to occur freely in 
areas where the passive film is disrupted [29, 31]. The high prevalence of fretting 
corrosion in modular joint prostheses at the time of revision surgery persists in 
recent reports [32, 33]. Finally, taper junctions are subject to a variety of compres-
sive and tensile stresses during in vivo function, and it is possible that the stresses 
themselves or the resulting strained material leads to localized corrosion [34, 35].

Clinical consequences from corrosion at modular junctions may include elevated 
serum levels of metal ions and systemic metal allergy, aseptic local tissue reactions, 
instability at the taper interface, and metallosis [36]. While a few case reports [37, 
38] have been able to link the corrosion observed on retrievals with in vivo conse-
quences, most large-scale retrieval studies with corrosion results [29, 33, 39, 40] 
have found that a broad range of clinical outcomes exist, with the most common 
reasons for revision including excessive pain, infection, loosening, and polyethyl-
ene wear. Recent review articles on the clinical consequences of taper corrosion 
suggests that the risks of modularity need to be better understood and there is a need 
to define realistic monitoring protocols [41, 42]. Retrieval studies coupled with 
mechanical disassembly could identify the designs’ and patient factors’ effects on 
corrosion.

The objective of this study was to evaluate bore-cone taper junctions of explanted 
total knee replacements (TKR) designed with modular stem extensions, document-
ing forces necessary to disassemble the modular stems, the amount and distribution 
of surface corrosion observed on the bore-cone taper junctions, and to determine 
any associations between corroded modular tapers and patient demographics. 
Previously established photogrammetric [30] and profilometric [43] methods were 
adapted to characterize the taper surfaces and complete the surface corrosion mea-
surements. The amount of surface corrosion was compared across two different 
knee prosthesis designs, disassembly forces, anatomic location, alloy couplings, 
patient demographics, and clinical records. Since the effects of these variables were 
found to be significant in prior studies on corrosion or fretting micromotion in mod-
ular hip prostheses [10, 13, 18, 19], it was hypothesized that some or all of these 
variables are associated with the amount of corrosion observed in modular knee 
prostheses.
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2  Materials and Methods

2.1  Implant Retrieval and Archiving

Knee prosthesis components were collected consecutively from consenting patients 
after revision knee arthroplasty by the surgeon co-author (JL) between 2011–2014 
and archived in an IRB-approved explant registry (Technical University Dresden 
EK348112009; Clemson University IRB2008–308). Out of 316 retrieved knee 
prosthesis components collected, 60 femoral or tibial components included a modu-
lar stem extension. Thirty-eight prosthesis components met the following inclusion 
criteria: (1) The prosthesis was explanted by the same surgical team at the same 
clinical center; (2) Components belonged to a TKR design with options for using 
modular stem extensions on the femoral and tibial components; (3) The TKR design 
was either the RT Plus (Plus Orthopedics) or NexGen RH (Zimmer) design (Table 1), 
as necessitated by the need for at least 3 prostheses of a single design for statistical 
reasons; (4) All metal components were available for analysis, including stems, set-
screws, through-bolts, sleeves, tibial baseplates, femoral articulating components, 
and augmentation blocks. Key design differences for the included TKR were the 
orientation of the bore-cone taper junctions (bore located on the component versus 
bore located on the modular stem) and the use of similar or mixed metal combina-
tions at the taper junction (Fig. 1).

The patient clinical history and surgical reports for each retrieved prosthesis was 
abstracted from available medical records and summarized (Table 2). The included 
TKR were explanted from 21 patients (14 female and 7 male) after an average dura-
tion of 3.5 ± 2.9 (range, 0.1–11.2) years in vivo. Average patient age and body mass 
index (BMI) at the time of revision was 71.7 ± 8.4 (range, 55.4–88.6) years and 
30.9 ± 4.6 (range, 19.8–37.2), respectively. All patients had endured one or more 
prior knee arthroplasty procedures (range, 2–9), except one who received a TKR 
with stem extensions as a primary surgery due to posttraumatic osteoarthritis. 
Reasons for revision included infection (11 patients), loosening (6 patients), peri-
prosthetic fracture (3 patients), and unreported (1 patient). Upon removal during 
revision surgery, the explanted components were assigned a unique identifying 
number and handled according to standard protocols for implant retrieval. Each 
TKR was fixed in formalin for >48 h, rinsed in tap water, air dried, packaged in 
absorbent cloth, and then sealed in labeled plastic bags and shipped to the lab. Upon 
receipt, each component was cleaned and disinfected by sonication and rinsing in a 
mild detergent (Liquinox, Alconox Inc., White Plains, NY), deionized water, and 
ethyl alcohol.

Each knee prosthesis, including either a tibial baseplate, tibial stem extension, 
and screws/augments, or a femoral condylar replacement, femoral stem, and screws/
augments, was disassembled as recommended by ISO 7206–10 and ASTM F2009 
[44, 45] using a servohydraulic test system (Instron, Norwood, MA) with a 25 kN 
load cell. A test setup was designed [46] to apply a pure axial tensile load to the stem 
extension while avoiding off-axis moments (Fig. 2). A preload condition of 150 N 
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was specified followed by a ramp tensile load applied to the stem axis at a constant 
displacement rate of 0.04 mm/s. The load and displacement was recorded continu-
ously until the loading force registered less than 100 N indicating disassembly and 
test completion. The maximum disassembly force for the taper-lock junction was 
recorded for each component. After disassembly, exposed taper surfaces were 
cleaned and disinfected by the same sonication protocol. Due to the large difference 
in sample sizes for the two included taper designs, all Design B tapers and a matched 
cohort of Design A tapers from patients with comparable demographics (statisti-
cally similar age and BMI) were selected for further analysis.

Table 1 Taper design features of TKR with modular stem extensions

Parameters Design A Design B

Manufacturer 
information

Manufacturer Plus Orthopedicsa Zimmer
Brand RT Plus modular knee NexGen RH modular knee

Taper 
orientation

Stem junction Bore Cone
Component 
junction

Cone Bore

Taper material Bore TiAlV or CoCrMo CoCrMo
Cone CoCrMo TiAlV

Mechanical 
locking of 
taper

Conical or 
threaded

Conical Conical

Machine line 
depth (boreb)

2.0 ± 0.2 μm 1.3 ± 0.1 μm

Machine line 
depth (coneb)

3.1 ± 0.4 μm 1.9 ± 0.3 μm

Set screws 1 2, on femoral components only
Through-bolt No On tibial components only
Stem extension 
assembly 
instructions

Component placed on 
assembly block. Automatic 
hammer placed on stem and 
used to impact the stem 
three times. Set screw is 
tightened with screwdriver 
[52].

Stem extension manually 
inserted to achieve “snug” fit. 
While stem extension is 
protected, a two-pound mallet 
is used to strike it solidly one 
time. Set screws or through-bolt 
are tightened with screwdriver 
[53]

Experimental 
design

Femoral 
components

14 6

Tibial 
components

14 4

n (total) 28 10
aAcquired by Smith & Nephew in 2007
bMeasured from non-corroded regions on retrievals
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2.2  Assessment of Surface Corrosion Area

Surface damage on the cone tapers was evaluated using an optical microscope 
(K400P, Motic Inc., Xiamen, China) and a photogrammetric measurement method 
adapted from Harman, et al. [30] to determine the total taper junction surface area 
with visual evidence of gross corrosion, hereafter referred to as “surface corrosion 
area”. In this study, “surface corrosion areas” had evidence of features consistent 

Fig. 1 Explanted TKR components representative of Design A tapers had the male cone tapers 
located on the (a) femoral and (b) tibial components and the female bore tapers on the modular 
stems, with material combinations consisting of CoCrMo cones and TiAlV or CoCrMo bores. 
Explanted TKR components representative of Design B tapers had the female bore tapers located 
on the (c) femoral and (d) tibial components and the male cone tapers on the modular stems, with 
material combinations consisting of TiAlV cones and CoCrMo bores
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Table 2 Summary of knee prostheses and patient demographics

Prosthesis 
number

Patient 
number

Sex/age 
at 
retrieval BMI

Time 
in vivo 
(years) Design Component

Bore taper 
material

Cone 
taper 
material

A1 1 F/68.5 24.4 1.5 A Femoral TiAlV CoCrMo
A2 A Tibial TiAlV CoCrMo
A3 2 M/74.2 26.4 1.0 A Femoral CoCrMo CoCrMo
A4 A Tibial CoCrMo CoCrMo
A5 3 F/75.1 31.1 4.8 A Femoral TiAlV CoCrMo
A6 A Tibial TiAlV CoCrMo
A7 4 M/71.6 33.7 0.1 A Femoral TiAlV CoCrMo
A8 A Tibial TiAlV CoCrMo
A9 5 F/85.1 19.8 2.9 A Femoral CoCrMo CoCrMo
A10 A Tibial TiAlV CoCrMo
A11 6 F/76.9 31.2 1.9 A Femoral CoCrMo CoCrMo
A12 A Tibial CoCrMo CoCrMo
A13 7 F/69.0 33.3 3.8 A Femoral TiAlV CoCrMo
A14 8 M/69.8 29.9 7.7 A Femoral TiAlV CoCrMo
A15 A Tibial TiAlV CoCrMo
A16 9 F/74.5 33.5 3.6 A Femoral TiAlV CoCrMo
A17 A Tibial TiAlV CoCrMo
A18 10 M/n.a. n.a. n.a. A Tibial TiAlV CoCrMo
A19 11 M/56.8 36.3 2.2 A Femoral CoCrMo CoCrMo
A20 A Tibial TiAlV CoCrMo
A21 12 F/55.4 31.2 1.6 A Femoral TiAlV CoCrMo
A22 A Tibial TiAlV CoCrMo
A23 13 F/56.9 35.2 0.7 A Femoral TiAlV CoCrMo
A24 A Tibial TiAlV CoCrMo
A25 14 F/70.5 26.6 0.9 A Femoral TiAlV CoCrMo
A26 A Tibial TiAlV CoCrMo
A27 15 F/76.9 33.7 0.2 A Femoral TiAlV CoCrMo
A28 A Tibial TiAlV CoCrMo
B1 16 F/74.8 37.2 6.6 B Femoral CoCrMo TiAlV
B2 B Tibial CoCrMo TiAlV
B3 17 M/69.9 34.6 5.0 B Femoral CoCrMo TiAlV
B4 B Tibial CoCrMo TiAlV
B5 18 M/66.8 28.4 6.4 B Femoral CoCrMo TiAlV
B6 B Tibial CoCrMo TiAlV
B7 19 F/75.5 35.7 2.5 B Femoral CoCrMo TiAlV
B8 B Tibial CoCrMo TiAlV
B9 20 F/88.6 30.4 6.3 B Femoral CoCrMo TiAlV
B10 21 F/77.1 25.3 11.2 B Femoral CoCrMo TiAlV
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with corrosion and were characterized by a white frosted appearance, discoloration, 
burnishing, or corrosion products that obscured three or more consecutive machine 
lines. High-resolution calibrated photographs from each of the four anatomic side- 
views of the cone taper (anterior, posterior, medial, and lateral) were acquired using 
a digital camera (D60 with MicroNikkor lens, Nikon, Melville, NY) (Fig.  3a). 
Open-source software (ImageJ, NIH) was used to calibrate the image, measure 
diameters and taper junction length, and to manually segment the boundaries of the 
90° quadrant at six- 15° increments, assuming a conical taper geometry (Fig. 3b). 
Three users were trained to visually identify surface corrosion regions using low 
magnification optical microscopy and manually digitize the regions for measure-
ment, and the intra- and inter- user accuracy was recorded based on the user training 
described in Harman, et al. [30]. Measured regions in each 15° segment (Fig. 3c) 
were corrected to account for the projection of the conical three-dimensional geom-
etry to a two-dimensional photograph. Surface corrosion areas were normalized as 
a percentage of the total surface area of each taper junction or quadrant.

A profilometric imaging protocol was developed as an additional method of 
measuring the surface corrosion area, and validated against the photogrammetric 
method. Three-dimensional profilometric scans were acquired at 40 points uni-
formly distributed on each taper junction surface with a white light interferometer 
(NPFlex Optical Interferometer, Bruker, Billerica, MA) using a 10X super-long 

Fig. 2 The experimental 
test setup for measuring 
disassembly force was 
designed using a shaft 
collar (a) attached to the 
load cell (b) to apply a 
pure axial tensile load to 
the stem extension with the 
component base potted in 
bismuth alloy (c) and fixed 
to the test surface. 
Unconstrained dovetail 
sliders (d) aided alignment 
of the stem axis (e) with 
the applied force vector 
and countered any off-axis 
moments during testing
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working distance objective lens: 5 equidistant points were scanned on each of the 4 
main (anterior, medial, posterior, lateral) and 4 intermediate (anterior-medial, 
posterior- medial, anterior-lateral, posterior-lateral) anatomic views (Fig. 4). Each 
point was described as either “grossly corroded” or “not grossly corroded”, based 
on the three-dimensional scans (Fig. 5). Points with gross corrosion had had one or 
more of these distinguishing features: more than three consecutive machine lines 
obscured by surface damage, pitting damage on the scale of 50 μm or larger, or 
distinct fretting in addition to other signs of corrosion. Points with no gross corro-
sion had a machined surface with no microscopically discernable defects, had 

Fig. 3 High-resolution photograph of cone taper (a) with 15° radial increment grid overlay of a 
90° anterior quadrant (b) and manual user selection of surface corrosion areas within each 15° 
region (c)
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mechanically flattened peaks, or had microscopic defects below 50  μm in size. 
These 40-point measurements of the taper junction were compared against the 
 photogrammetric measurement results to ensure the similarity of surface corrosion 
area measurements obtained by either method.

The surface corrosion area on the bore tapers was evaluated using noncontact 
profilometric imaging on high resolution polyvinyl siloxane (PVS) molds of the 
otherwise inaccessible bore taper surface. Light-viscosity PVS (416A/416B, Doje’s 
Forensic Supplies, Ocoee, FL) was applied using a dual-cartridge applicator with a 
mixing tip at the base of each bore taper, and anchored at the base with a plastic 
grate as described by Panigrahi et al. [47]. PVS molds were marked for anatomic 
location and removed manually after 60 seconds of curing. While the PVS molds 
did not replicate any discoloration on the original bore taper surfaces, the method 
was validated to reproduce fine (0.5–3 μm) surface features, confirming that the cor-
roded topography was preserved [47] (Fig. 6). Similar to the cone taper surface, the 
40-point profilometric imaging protocol (Fig. 4) was used to determine the surface 
corrosion area on the PVS molds as a percentage of the taper junction surface, and 
by extension, on the bore taper surfaces.

2.3  Damage Mode Characterization

In addition to surveying each taper surface to determine the absence or presence of 
corrosion at each region, the mode(s) of corrosion evident on each taper surface 
were determined based on the gross visual localization of corrosion products, and 
microscopic evidence of fretting. Crevice corrosion was characterized by a ring of 
corrosion products, likely titanium or chromium oxides, at the edge of the taper 
junction (Fig. 7a). Fretting corrosion was characterized by regions of discoloration 

Fig. 4 Schematic of 40-point profilometric scans on cone tapers (left) and PVS molds (right) of 
bore taper surfaces
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and irregular regions of oxide build-up across the taper junction length, often in the 
same areas with fretting asperity wear marks 25–100 μm perpendicular to circum-
ferential machine lines (Fig. 7b). If evidence of both types of corrosion was present, 
this was noted.

After these nondestructive characterization techniques, representative sections of 
bore and cone tapers on Design A and B prostheses were taken normal to the taper 
axis. Tapers were mounted in a conductive embedding medium (Technovit 7200, 
Kulzer, Hanau, Germany), sectioned with a diamond blade precision saw (Isomet 

Fig. 5 Representative three-dimensional profiles of taper regions that were not grossly corroded 
(a, b) and grossly corroded (c, d). Grossly corroded regions had evidence of macroscopic pits (c), 
build-up of corrosion products (d), or at least three consecutive machine lines obscured by corro-
sive damage (d). Regions that were considered to not have gross corrosion had undamaged 
machine lines with no build-up of corrosion products (a) or had microscopic pits under 50 μm (b)
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5000, Buehler, Lake Bluff, IL), and polished sequentially with silicon carbide grit 
paper and colloidal diamond paste on polishing cloths. Interfaces (between the 
metal and any oxide products) and surfaces (metal without corrosion oxide buildup) 
were examined for any evidence of corrosion cracks or pits with a scanning electron 
microscope (S3400, Hitachi, Tokyo, Japan).

Fig. 6 Light viscosity PVS molds were used to reproduce inaccessible bore taper surfaces of 
explanted modular TKRs. A bore taper surface with no gross corrosion is pictured in the top row; 
bore taper surface with gross corrosion is pictured in the bottom row. Red rectangles indicate cor-
responding regions on bore tapers and PVS molds. Colored profile legends are in μm

Fig. 7 Evidence representative of crevice (a) and fretting (b) corrosion on modular tapers of knee 
prostheses. Crevice corrosion was characterized by a white or discolored frosted ring at the base of 
the taper junction. Fretting corrosion was characterized by large burnished or discolored regions 
with fretting scars (horizontal in example micrograph) perpendicular to the circumferential 
machine lines (vertical in example micrograph). Micrograph scale bars are 100 μm
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2.4  Data Analysis

The effects of categorical and numerical variables on the surface corrosion area 
were determined using several non-parametric statistical tests utilizing commer-
cially available statistics software (MiniTab 15, Minitab Inc., State College, PA). A 
preliminary validation of the statistical similarity between the photogrammetric and 
profilometric imaging methods was established with a paired-sample Wilcoxon test 
on the surface corrosion area measured on cone tapers. The effect of taper design (A 
or B), patient’s sex (M or F), metal combination (similar or mixed) of Design A 
tapers, component (femoral or tibial), crevice corrosion evidence (no or yes), and 
fretting corrosion evidence (no or yes) on the disassembly force and surface corro-
sion area were determined individually with Mann-Whitney ranked-sum tests. 
Paired-sample Wilcoxon tests were performed on the surface corrosion area on the 
bore and cone of the same component, surface corrosion area on medial and lateral 
quadrants of each cone taper, surface corrosion area on anterior and posterior quad-
rants of each cone taper, and surface corrosion area on the femoral and tibial modu-
lar tapers on the same TKR. Spearman’s Rho correlations were determined between 
time in vivo and surface corrosion area, between patient’s BMI and surface corro-
sion area, between patient’s age at retrieval and surface corrosion area, between 
number of previous surgeries and surface corrosion area, and between disassembly 
force and surface corrosion area. To determine any dependencies among categorical 
results (design, evidence of crevice corrosion, evidence of fretting corrosion), chi 
square independence tests were completed on contingency and expected values 
tables.

3  Results

The 40-point profilometric imaging method of approximating the surface corrosion 
area was found to be statistically similar to the photogrammetric method (p = 0.570). 
This implies that the criteria distinguishing regions with and without gross corro-
sion results in similar measurements for both imaging techniques. Since PVS molds 
are able to replicate macroscopic and microscopic surface features applicable to 
corrosion analysis of tapers [35, 47], and since the method of measuring the gross 
corrosion on the taper junction area does not affect the results, comparison of pho-
togrammetric measurements on cone tapers and approximation based on indirect 
profilometric analysis of bore tapers was deemed valid. Inter- and intra- user mea-
surement accuracy were acceptable (±4.45% and ± 1.34%, respectively).

Taper design (A or B) had a significant effect on disassembly force, with signifi-
cantly higher disassembly forces recorded for Design A tapers compared to Design 
B tapers (p < 0.001). The median disassembly force was 3987 N for Design A tapers 
and 393 N for Design B tapers. Hand disassembly occurred upon removal of the 
through bolts and/or set screws for 3.6% (1/28) of Design A tapers and 38% (3/8) of 
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Design B tapers. Disassembly force for one tibial component with Design B tapers 
was not reported because of failure to remove the through-bolt prior to testing.

In general, the disassembled cone tapers displayed a notable variety in surface 
corrosion area and visual localization of corrosion (Fig. 8). There were significant 
differences (p < 0.05) in surface corrosion area when comparing the variables of 
taper design (A or B), fretting corrosion (no/yes), and anatomic location (anterior/
posterior) (Table 3). Differences in metal combination (similar/mixed), component 
(femoral/tibial, overall and paired), crevice corrosion (no/yes), and patient’s sex 
(male/female) were not significantly associated with surface corrosion areas 
(Table 4). There was a significant moderate negative correlation between disassem-
bly force and surface corrosion area (Table 3, Fig. 9). A significant correlation was 
not detected between the patient demographics (time in vivo, number of previous 
surgeries, age at retrieval, and BMI) and surface corrosion area (Table 4).

Regions with obscured machine lines due to buildup of corrosion products were 
examined further to determine the extent of surface corrosion. While the mean 
peak-to-valley height of these regions was 4.3 ± 1.4 μm, imaging of the taper cross 

Fig. 8 Gross photos of Design A and Design B cone tapers with varying percentages (in parenthe-
ses) and distributions of surface corrosion area
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Table 3 Significant factors affecting surface corrosion area and clinical outcomes

Comparison Statistical test n Result p value

Design factors
Design A vs. design B * Mann-Whitney 17, 9 MedianA = 7.50%

MedianB = 67.47%
0.0047

No fretting corrosion vs. 
fretting corrosion *

Mann-Whitney 15, 
11

MedianNoFC = 5.46%
MedianFC = 68.16%

0.0001

Design and fretting corrosion 
**

Chi Square 
independence

26 Dependent 0.000015

Anterior vs. posterior (paired) 
*

Paired-sample 
Wilcoxon

26 MedianAnt- 

Post = −1.864%
0.016

*Difference in medians is statistically significant at p < 0.05
**Variables are statistically dependent at p < 0.05

Table 4 Other statistically insignificant factors considered to affect surface corrosion area

Comparison Statistical test n Result
p 
value

Design factors
Similar vs. mixed metals (design 
A only)

Mann-Whitney 5, 
12

MedianSimilar = 5.46%
MedianMixed = 11.25%

0.6353

Femoral components vs. tibial 
components

Mann-Whitney 15, 
11

MedianFemoral = 15.00%
MedianTibial = 16.92%

0.8762

No crevice corrosion vs. crevice 
corrosion

Mann-Whitney 7, 
19

MedianNoCC = 15.00%
MedianCC = 17.35%

0.5249

Design and crevice corrosion Chi Square 
independence

26 Independent 0.592

Bore vs. cone (paired) Wilcoxon 26 MedianBore- 

Cone = 4.377%
0.134

Medial vs. lateral (paired) Wilcoxon 26 MedianMed- 

Lat = −0.9445%
0.163

Femoral vs. tibial (on same TKR, 
paired)

Wilcoxon 11 MedianFem-Tib = 13.10% 0.230

Patient factors
Male patients vs. female patients Mann-Whitney 10, 

17
MedianMale = 30.26%
MedianFemale = 12.27%

0.1472

Age at retrieval vs. surface 
corrosion area

Spearman’s rho 
correlation

26 ρ = −0.111 0.589

Patient BMI vs. surface corrosion 
area

Spearman’s rho 
correlation

26 ρ = 0.216 0.289

Time in vivo vs. surface 
corrosion area—Design A

Spearman’s rho 
correlation

17 ρ = 0.307 0.231

Time in vivo vs. surface 
corrosion area—Design B

Spearman’s rho 
correlation

9 ρ = 0.131 0.736

Number of previous surgeries vs. 
surface corrosion area

Spearman’s rho 
correlation

26 ρ = 0.093 0.651
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Rho = -0.601
p = 0.001 
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Fig. 9 Scatterplot of modular taper disassembly force and surface corrosion area: negative corre-
lation of ranked values indicates that taper junctions with a higher surface corrosion area disas-
sembled under lower loads

Fig. 10 Scanning electron microscope image of Design B taper with cross-section taken perpen-
dicular to taper axis. Corrosion pits 0–20 μm deep were present beneath accumulated corrosion 
products in fretting corrosion regions
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sections demonstrated that pits below the corrosion oxide surface were over 10 μm 
deep (Fig. 10). Fretting micromotion in these areas may have initiated pitting corro-
sion behavior that altered the taper junction interface.

4  Discussion

4.1  Effects of Design and Modes of Corrosion

The design of the modular knee prostheses was found to be one of the most signifi-
cant factors (p = 0.0047) that influenced the surface corrosion area. Since the two 
models of TKR in this study differed in manufacturer, overall prosthesis design, 
taper geometry, machining specifications, assembly method, and use of set screws 
and through-bolts, it is likely that some or all of these factors affect the amount of 
surface corrosion that occurs in a relatively short amount of time. A previous multi- 
center retrieval study on modular TKR corrosion found that the taper geometry 
(threaded or conical) had a very significant (p < 0.001) effect on the degree of cor-
rosion measured by a semi-quantitative grading scale [33]. The present study adds 
that within the category of conical taper designs, other design factors also contribute 
significantly to the surface corrosion area. Specifically, Design B featured mixed 
metal combinations (CoCrMo components and Ti-6Al-4 V stems) with the orienta-
tion of the bore-cone taper junctions configured with bore taper located on the com-
ponent and the conical taper located on the stem. It is of particular interest that 
several components and surgical tools associated with the Design B in the present 
study were recalled by the United States FDA in 2013 and 2014; the reasons cited 
include a loose connection between the tibial baseplate and tibial stem extension, as 
well as the potential for the through-bolt threads being “out of specification” [48, 
49]. Results from this study suggest that femoral component taper junctions, in 
addition to the tibial components mentioned in the FDA recalls, are also 
problematic.

There was a strong dependence between fretting corrosion and design and sig-
nificantly larger surface corrosion areas on tapers that experienced fretting corro-
sion. Therefore, it is likely that the larger surface corrosion areas on Design B can 
be attributed to its higher susceptibility to fretting corrosion. Several design-based 
factors may contribute to micromotion during in vivo service that lead to fretting 
corrosion. Prior work has demonstrated that the assembly force and technique has a 
direct effect on the Morse taper strength of hip tapers [50, 51], and the two designs 
in the present study incorporate different assembly techniques per the manufactur-
ers’ labeling [52, 53]. Mixed reports on modular hip tapers suggest that conical 
taper angle may [59] or may not [54] have a significant effect on the amount of fret-
ting or corrosion observed. Prior in vitro work on taper contact area and taper sur-
face roughness suggest these factors may also contribute to the prevalence of passive 
film disruption and corrosion [55].

The prevalence of tapers having a surface corrosion area over 10% was 15/26 
(57.7%) in the present study. This varied from data reported in the only large-scale 

P. Panigrahi et al.



105

modular TKR retrieval study [33], in which 184/198 (92.9%) of modular tapers had 
a Goldberg corrosion score of 2 or greater, indicative of over 10% surface corrosion 
[56]. The prevalence of tapers with fretting corrosion (11/26, 42.3%) or surface cor-
rosion area over 50% (8/26, 30.8%) was more similar to the previous study [33] 
reporting 36/108 (33.3%) of conical tapers had a Goldberg corrosion score of 4, 
indicative of over 50% surface corrosion [56]. It should be noted that the previous 
study incorporated a semi-quantitative grading scale to promote rapid comparisons 
among a larger total sample size, assuming that the mechanism of any damage 
observed was both fretting and crevice corrosion [33]. Additionally, that previous 
study incorporated modular TKR from at least 6 manufacturers and designs, while 
the present study only included retrieved prostheses from 2 designs. Since design is 
such a significant factor that affects fretting corrosion, it is not surprising that reports 
vary among different retrieval archives.

4.2  Effects of Patient Factors and Anatomical Location

Patient age at revision, BMI, sex, and the in vivo duration did not have a significant 
effect on the surface corrosion areas in this study. Prior work on modular knee 
retrievals also found that patient weight, patient age, and implantation time did not 
correlate with semi-quantitative corrosion scores [33]. One benefit of the photo-
grammetric method over semi-quantitative grading scales was the ability to com-
pare trends in the localization of corrosion. In this study, the paired differences in 
surface corrosion area between the anterior quadrant and the posterior quadrant 
were deemed significant, while no significant differences were observed between 
the medial and lateral quadrants or between the femoral and tibial components. 
Since the femur experiences anterior-posterior bending during normal gait patterns 
and tensile stresses may lead to increased corrosion [35], it is thus unsurprising that 
a difference was observed. It is important, however, to note that the median differ-
ence in surface corrosion area was only 1.9% and this difference may not be clini-
cally significant.

4.3  Mechanical Disassembly and Surface Corrosion Area

Unlike the data available for modular total hip prostheses, mechanical disassembly 
of explanted TKR with modular stem extensions is not widely reported [46]. The 
disassembly forces measured for Design A tapers were comparable to the reported 
average magnitudes (3000 N to 6900 N) measured during mechanical testing of 
explanted total hip prostheses with modular tapers at the head/neck [57] and neck/
stem junctions [58]. In contrast, the lower disassembly forces measured for Design 
B tapers were considerably less than the average magnitudes from total hip prosthe-
ses measured immediately after manual assembly at the time of surgery (1000 N to 
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1700 N) [24] or after retrieval [57, 58]. Comparable data from testing performed 
immediately after manual assembly of TKR is unavailable.

Using the mechanical disassembly data, it was possible to consider the mechani-
cal response to corroded taper surfaces. Mixed conclusions from prior studies 
 suggest that corroded taper surfaces can either be associated with difficult disas-
sembly (very high disassembly forces) [57], or with taper instability (spontaneous 
disassembly) [32]. This study found that lower disassembly forces were associated 
with high surface corrosion areas (ρ = −0.601, p = 0.001). Due to the limitations of 
a retrieval study, it cannot be determined with certainty which event (taper corrosion 
or mechanical instability) caused the other. However, due to the fretting evidence 
associated with high surface corrosion areas and the low disassembly forces (Fig. 9), 
it seems likely that mechanical instability contributed to fretting, which lead to high 
surface corrosion areas.

4.4  Limitations

While this study addressed the limitations of not distinguishing fretting and crevice 
corrosion when using semi-quantitative visual methods to evaluate modular knee 
prostheses [33], other limitations inherent to retrieval studies apply to the current 
findings. The retrieved knee components in this study were explanted during revi-
sion surgery for infection, loosening, and periprosthetic fracture. Thus, the inci-
dence of fretting/crevice corrosion and the surface corrosion areas reported in this 
study are not indicative of all knee prostheses of these two designs; they are only 
representative of clinically failed devices. Since modular stem TKRs are usually 
indicated for patients with poor bone stock following a failed primary arthroplasty 
or for patients with excessive trauma and bone fracture, it is possible that the high 
surface corrosion areas are due in part to the physiological changes that come with 
a severely compromised joint. While these results may not be representative of the 
performance of these modular TKR designs in healthier bone, they bring attention 
to the consequences of metal release in the patient group already suffering from 
poorest joint health and function.

5  Conclusion

The performance of bore-cone taper junctions for two TKR designs with modular 
stem extensions was differentiated using mechanical disassembly combined with 
photogrammetric and profilometric techniques for measuring surface corrosion 
areas. Taper design has a significant effect on disassembly force, the surface corro-
sion area or the likelihood of fretting corrosion, while anatomical locations and 
patient factors have little effect. Higher surface corrosion areas were associated with 
lower disassembly forces at the taper junction. This study demonstrates that high 
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surface corrosion areas can be generated within short durations of in vivo function 
in patients with modular stem TKR and poor clinical outcomes.

Given the prevalence of fretting corrosion and negative correlation between dis-
assembly forces and corrosion area, TKR designs that incorporate modularity using 
bore-cone taper junctions should carefully consider taper fit to achieve effective 
mechanical stability and avoid fretting. Taper junctions can provide a self-locking 
connection given appropriate manufacturing tolerances for creating an interference 
fit and application of a suitable assembly force. Based on analysis of the modular 
TKR designs in this study, use of supplemental fixation (e.g. through-bolts and set 
screws) for improving the mechanical locking of bore-cone taper junctions was not 
supported. Several parameters specific to TKR design (femoral anatomic location, 
bore on component taper orientation) showed a trend toward greater surface corro-
sion area and warrant additional study under more controlled experimental 
conditions.
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1  Introduction: Why Joint Simulator?

Total joint replacement has become a common procedure today. There were about 
1.4 million hip and knee implant procedures performed on inpatients in the United 
States in 2016, according to the estimate from the Millennium Research Group 
(MRG) of Toronto, Ontario, with about 550,000 hip replacement procedures and 
850,000 knee replacements [1]. With various implant materials and designs, it is 
important to have suitable methods for assessing the simulated performance of these 
replacement parts prior to patient clinical trials. Complex joint simulators have been 
developed and are one tool to assess implants via non-clinical testing, to such an 
extent that international standards exist. Joint simulators have been used in evaluat-
ing the wear resistance of joint implants, reproducing a clinical outcome, and/or 
exploring various simulated uses [2–4]. The formal definition of wear is the process 
of interaction between surfaces, which causes the deformation and removal of mate-
rials on the surface because of mechanical action between the sliding faces. Wear 
also refers to dimensional loss. The processes of wear are studied in the field of 
tribology.

Wear simulation provides one of several means to evaluate the laboratory perfor-
mance of total joint replacements. Technology continues to advance and as the num-
ber of independently controlled axes increases there are more opportunities to 
employ test machines that provide capabilities to simulate more parameters of the 
clinical use of the implants. This chapter reviews the type of tribological joint simu-
lators and how they have been used in different applications. Examples will be given 
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on what has been achieved. Also, the benefits, limitation and the future of simula-
tion will be discussed.

2  What Is a Joint Simulator?

A joint simulator consists of three major portions: a test station that holds the test 
samples in an environmental chamber that simulates the human hip/knee joints, the 
mechanics that apply the loading and kinematics through the test stations, and a 
software control system that generates desired inputs to the mechanics and receives 
feedback through data acquisition (Fig. 1). An environmental chamber is where the 
wear testing is conducted and test samples are held in fixtures and enclosed in a 
capsule to mimic a clinical condition for the implants including anatomical orienta-
tion. Diluted bovine serum is usually used as the joint lubricant because it has a 
similar composition to human joint fluid, and, it generates similar wear mechanisms 
as in vivo wear [5]. Most of the testing has been conducted at room temperature, 
while some advanced simulators have the capability to maintain at a desired tem-
perature level replicating the human body at approximately 37°C.  The load and 
motion that is applied to the test samples are driven by a variety of mechanisms 
based on simulator design, these are typically hydraulically, electromechanically or 
pneumatically with control by computer software. A typical load curve consists of a 
stance and a swing phase with approximately a 60–40% ratio (Fig. 2a). During the 
stance phase, the first peak force occurs when the heel strikes on the floor and the 
second peak force occurs at the moment of toe off. The computer software generates 
displacement and/or force to the links of the simulator, resulting in a displacement- 
controlled or force-controlled effect on the test samples (Fig. 2b). All these make 
the simulator a useful tool for evaluating implant performance under various testing 
conditions.

Test Stations
Samples setup in the 
Environmental Chambers 

Computer
Input waveform of gait cycles
Data acquisition for feedback

Mechanical/Electronic 
Motion and load control that 
simulate human gait

Fig. 1 A joint simulator
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3  Types of Joint Simulators

There are various types of simulators made by different manufacturers. The inten-
tion here is to introduce the basic types that accepted by research institutes and test 
labs.

 (a) Pin-on-Disk

The pin-on-disk (POD) or pin-on-plate (POP) style simulator is the simplest 
form of testing method to study the wear behavior of two contacted materials/com-
ponents moving against each other under certain loads (Fig. 3). The POD simulator 
is primarily used for screening various material combinations or surface related 
treatments [6]. It takes less time and resource to run than a full joint simulation. It 
can be used as a simplified knee model for simulating the knee condyle (pin) on the 
tibia plateau (disk). Some machines have dynamic loading curves, with pin/plate 

X axis represents Time, as a percentage of a gait cycle [from ISO 14243-3:2004(E) and ISO14243-1:2009(E)]

Variation of anterior-
posterior (AP) motion 
with cycle time. 

Variation of tibia internal-
external (IE) rotation with 
cycle time. 

Displacement control (unit: degree) Force control (unit: Newton)

Fo
rc

e 
(N

)

X axis represents Time, as a percentage of a gait cycle [from ISO 14242-1: 2012(E)]

During the stance phase,
The first peak: heel strike
The second peak: toe off

Stance phase Swing phase

Fig. 2 (a) Typical load curve in a Gait cycle. (b) Displacement vs. force control
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motion control for complex relative motions. These motion patterns vary from a 
back and forth reciprocating motion to square patterns and figure eight patterns. 
Overall, the lubrication mechanisms of POD/POP are different from that of a full 
joint simulation, due to the contact geometry.

 (b) Orbital Bearing Motion Simulator

The orbital bearing motion (OBM) simulator has a ball-in-the-socket configura-
tion of a hip implant and is used in hip joint simulation (Fig. 4) [7–9]. The original 
setup was a stationary femoral head on the top of an insert/cup that was secured on 
an angle block of 22.5-degrees. The angle block was driven mechanically by a 
motor, resulting in a total of 45-degrees of rocking motion in abduction/adduction 
(Ab/Ad) and flexion/extension (F/E) direction. There is no internal/external (I/E) 
rotation in this type of simulator. The machines have a hydraulic dynamic loading 
control for gait cycles.

 (c) Anatomic Position Simulator

The anatomic position simulators intend to mimic the realistic usage and orienta-
tion of implants. An anatomic hip simulator has the acetabular cup positioned above 
the femoral head and stem surrogate, and includes dynamic loading, and motion 
control in F/E, Ab/Ad and I/E rotations. Each direction has a reasonable range of 
angles (Fig. 5) [10]. For an anatomic knee simulator, the motion is described in 
terms of anterior/posterior motion, internal/external rotation and flexion/extension 
rotation and includes dynamic loading (Fig. 6).

AMTI 6-station POD (Water Town, MA, USA)

Pin

Disk

Schematics of a POD

Load
Programmable Wear Path

Wear Path

Fig. 3 Pin-on-Disk (POD) simulator
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Fig. 5 Anatomic position simulator

Fig. 4 Orbital bearing machine (OBM)
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4  Current Wear Simulation Standards

Standardization of testing method may provide the ability to compare between labo-
ratories. The current standard for POD is ASTM F732. The ASTM standards for hip 
and knee wear simulation have been aligned with the ISO standards. The most 
adopted standards for hip wear simulation are the ISO 14242 series, and those for 
knee simulations are the ISO 14243 series (Table 1).

The part 1 of both hip (ISO 14242) and knee (ISO 14243) wear standards define 
a physiological loading and kinematics in a gait cycle, with a specific relative sam-
ple orientation and lubricant recommendations. The test length is five million gait 
cycles (running at 1 gait cycle per second), with a hypothesis of one million cycles 
equivalent to 1  year of clinical steps [17]. The requirement of the report is also 
described in detail.

The part 2 of both ISO 14242 and ISO 14243 focus on the wear quantification 
method. Both standards describe the gravimetric method, including sample cleaning 
and preparation. The initial weight of a sample is measured and compared to the 
weight of the sample at different testing cycles. The weight change is further cor-
rected by the weight gain due to fluid uptake during testing, which is achieved by 
using control specimens submerged in the same lubricant during testing. The cor-
rected weight loss and total cycles determine the wear rate. For ISO 14242 part 2, it 
also covers the volumetric method, the initial sample surface was scanned by a 
coordinate measurement machine (CMM) and compared to the scanned data with a 
computer algorithm at different testing cycles to determine volume loss [18].

The ISO 14242 part 3 for hip wear standard is developed for an OBM style simu-
lator, as a result of alignment with ASTM F1714 (Standard Guide for Gravimetric 
Wear Assessment of Prosthetic Hip-Designs in Simulator Devices).

Fig. 6 Knee simulator
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The ISO 14243 part 3 of the knee wear standard is for a displacement-controlled 
simulator, as a result of alignment with ASTM F1715 (Standard Guide for Wear 
Assessment of Prosthetic Knee Designs in Simulator Devices).

There are functional machine limitations for different simulators and there has 
been tremendous effort expended in the development of standard test methods that 
may be used around the world. Researchers have been working to expand the capa-
bilities of simulator use from the standardized tests to advanced or unique kinemat-
ics and loading to develop a means to generate higher amounts of wear to help 
differentiate between materials or attempting to derive outcomes that may simulate 
various clinical situations or to mimic a measurement from explanted components. 
These advanced research techniques continue to evolve and provide possible stan-
dardization through ASTM and ISO organizations. Examples of published research 
include: edge loading, neck-liner impingement, separation/subluxation of implants, 
mal-orientation, third-body wear, and aging of bearing materials [19–22].

5  The Achievement of Wear Simulation

A simulation provides a more detailed understanding of the implant behavior under 
a certain testing scenario. It allows comparison of the relative performance of differ-
ent implant materials or designs, under standard or non-standard gait and load 
cycles. A comparison side-by-side testing on the simulator is usually preferred for 
showing the performance of a target group to a control group. The following are 
examples of simulation use:

 (a) Wear of total joint replacement is directly depending on the articulating bearing 
materials. Hip simulators have been used to evaluate hard-on-soft bearings, 
such as metal-on-polyethylene (MoP), ceramic-on-polyethylene (CoP), and 

Table 1 Standards for hip and knee wear simulation

Current standards for hip and knee wear simulation

POD ASTM F732–00(2006)
Hip ISO 14242 implants for surgery - wear of total hip-joint prostheses [11–13]

ISO 14242–1 (2012E): Loading and displacement parameters for wear-testing machines 
and corresponding environmental conditions for test
ISO 14242–2 (2016E): Methods of measurement
ISO 14242–3 (2009E): Loading and displacement parameters for orbital bearing type 
wear testing machines and corresponding environmental conditions for test

Knee ISO 14243 implants for surgery - wear of total knee-joint prostheses [14–16]
ISO 14243–1 (2009E): Loading and displacement parameters for wear-testing machines 
with load control and corresponding environmental conditions for test
ISO 14243–2 (2009E): Methods of measurement
ISO 14243–3 (2004E): Loading and displacement parameters for wear-testing machines 
with displacement control and corresponding environmental conditions for test
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hard-on-hard bearings, such as metal-on-metal (MoM), ceramic-on-ceramic 
(CoC), and ceramic-on-metal (CoM) [23–26].

 (b) Simulation testing can be used to compare designs such as effect of head size, 
liner thickness, diametrical clearances in hips, or fixed vs. mobile tibia inserts 
in knees [24, 27–29]. Sometimes a modified fixture is required to hold test 
samples with extreme sizes or for a specific test purpose.

To mimic the human daily activities, a simulator can be programmed to perform 
a certain sequence of movements. This is achieved by creating a repeated sequence 
of input waveforms, the start-and-stop walking, stair climbing or jogging [30, 31].

With the trend of younger patients and increased level of activities, extreme or 
hypothetical aggressive testing scenarios have been developed (micro-separation, 
rim loading, impingement, or 3rd body wear) to challenge the performance of the 
implants [32, 33]. Some testing methods are becoming standards, while a lot of the 
protocols were developed based on the research questions and could be 
case-dependent.

6  The Limitation of Wear Simulation

The human joint is functioning in a multi-variable environment. The patient’s 
weight, activity levels, joint fluid quality and/or surgical techniques all influence the 
performance of the implants. A simulation test is a simplified model with controlled 
variables. It therefore does not fully represent in vivo performance in some cases; 
for examples:

 (a) Patients’ weight and activity levels vary from person to person in reality, while 
the loading and kinematics in the ISO/ASTM standards are based on the aver-
aged population.

 (b) Bovine serum is used as a test lubricant. But, the protein concentration and 
types of proteins in the serum may vary from batch to batch. Both factors affect 
wear of the implants [5]. Development of a universal lubricant may reduce the 
impact of batch-variation and standardization of testing methods.

 (c) The frictional heating at the bearing surfaces in a simulator due to continuous 
testing cycles may affect the implant wear [34]. This non-stop motion is rare in 
human daily activity and could cause overheating in bearing surfaces that’s not 
clinical relevant. It is reasonable to control the temperature of the wear station, 
or, use a start-stop gait cycles in wear simulation.

 (d) Impingement, high cup angle, or misalignment due to a suboptimum outcome 
of a surgical technique may be simulated for exploratory purposes. The test 
setup may be extreme and beyond the clinical condition, to observe the perfor-
mance limit. Interpret the simulated outcome under extreme conditions with 
caution, because the data may be valuable for comparing the effect of certain 
variables, but not for predicting the clinical performance.
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7  Conclusions

The joint simulator opens a window to the in vivo performance of total joint replace-
ment. Although currently there are limitations in mimicking the real-life activities, 
a joint simulator provides a controlled environment for evaluating bearing materi-
als, new design concepts, or reproducing a clinical outcome. With the improvement 
of sensor technology (instrumented implants or gait analysis), the measured joint 
load and motion will not only benefit the computer-assisted simulation, but also 
achieve a more realistic simulation [35] (Table 2).

Table 2 Type of wear simulators and comparison

Types Advantages Disadvantages Future improvement

Pin-on- 
disk

The test samples are prepared as 
pins and disks. It’s a good 
screening device for evaluating 
the wear performance of 
bearing combination

May not represent the 
wear performance of 
final design due to 
geometry

Add sensing 
technology in the test 
chamber that provides 
feedback (temperature, 
lubricant pH value, or 
others) for wear 
modeling

Orbital 
bearing 
motion

The test samples are setup as a 
ball in a socket configuration 
with an “inverted position” 
(seen as an upside-down 
person). It’s a good screening 
device for wear evaluation. 
Some labs use the simulator for 
3rd body wear testing because 
wear debris tend to accumulated 
in the bearing surfaces due to 
gravity

It doesn’t have the 
flexibility for the users 
to change kinematics, 
except the load profile. 
This is because the 
orbital bearing motion 
was driven by the 
mechanical design in the 
simulator

The simulator may be 
developed as a tool for 
observing wear 
mechanism, creating 
wear models, and 
establishing a wear 
library for joint 
materials

Anatomic 
position 
simulator

The state-of-the-art simulator 
design allows the test samples 
to be setup as clinical use. The 
load profile and joint kinematics 
are programmable to simulate 
various scenarios

The high cost of the 
simulator. Elaborate 
work in maintenance 
and calibration are 
required

With the feedback 
from sensing 
technologies, the 
researcher can take 
advantage of the 
programmable features 
and conduct more 
realistic wear 
simulation
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1  Cartilage Anatomy

Articular cartilage is located at the distal ends of the bones in all articulating joints, 
providing a gliding surface for the bones to articulate on. It is composed of four 
major components: collagen, proteoglycans, water and chondrocytes [1–3]. 
Collagens are fibrillar proteins that provide tensile properties to the cartilage and 
make the tissue resistant to mechanical forces. Proteoglycans are negatively charged 
glycosaminoglycans (GAG) covalently bonded to a protein core that attract cations 
and water into the collagen network which in turn causes swelling and increases 
tension within the collagen mesh further adding to the resistance to compressive 
forces. Water, which is the largest component of articular cartilage, contributes 
between 65–80% of the wet weight. Lastly, chondrocytes are the specialized carti-
lage cells distributed throughout the extracellular matrix (ECM) of the tissue, com-
prising roughly only 5% of the tissue volume and although they play no direct role 
in resisting mechanical forces, they are responsible for tissue maintenance and con-
trol the synthesis and degradation of both collagen and proteoglycans.

Articular cartilage has four different zones, each with a unique composition and 
organization allowing for a complex structure which is able to not only act as a 
smooth gliding surface but also is able to withstand large loads while not compro-
mising joint function. The 4 different zones are: (i) superficial zone; (ii) middle 
zone; (iii) deep zone; and (iv) calcified zone. The articulating surface is the 
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 superficial zone, which protects against tangential shear forces and comprises 
approximately 10–20% of the overall volume. There is a denser population of chon-
drocytes which take on a flatter, elongated shape and the collagen fibers in this zone 
are oriented parallel to the articulating surface. This layer is responsible for the 
majority of the tensile properties of cartilage, allowing it to resist shear, tensile, and 
compressive forces. In this zone, resident chondrocytes also synthesize superficial 
zone protein (also known as lubricin or proteoglycan 4), a specialized proteoglycan 
which accumulates at the surface and is secreted into the synovial fluid of the joint, 
acting as a boundary lubricant. The zone just below the superficial zone is the mid-
dle zone, which comprises about 40–60% of the overall volume. It is a transitional 
zone, providing a bridge between the superficial and deep zone. The collagen fibers 
in this zone are organized obliquely and are thicker than in the superficial zone. 
Proteoglycans are also present in this zone making it the first resistor to compressive 
forces. The chondrocytes in this layer are more sparsely distributed and have a 
spherical shape. The deep zone is the zone just below the middle zone and com-
prises of approximately 30% of the volume. The collagen fibers in this zone are 
oriented perpendicular to the surface, having the largest diameter fibrils of all the 
zones. The deep zone also has the largest content of proteoglycans, and combined 
with the size and orientation of the collagen fibers, makes the deep zone the largest 
resistor to compressive forces. The chondrocytes are organized in columns oriented 
perpendicular to the surface. A notable feature of the deep zone is the tide mark, 
which separates the three previous zones from the calcified zone. The calcified zone 
is responsible for ensuring the cartilage is adhered to the subchondral bone. In this 
zone, the population of chondrocytes is very limited. The unique orientation of 
chondrocytes in each zone leads to the specific organization and maintenance of the 
overall ECM of the tissue [1, 3, 4].

2  Cartilage as a Material

From a materials standpoint, cartilage is a porous, viscoelastic material and has 
three key phases: (i) a solid phase which is predominately a strong collagen mesh 
with proteoglycans interwoven in; (ii) a fluid phase, which is comprised of water; 
and (iii) an ion phase, which has many dissolved electrolytes with positive and 
negative charges [5]. It is the combination of these three phases that allows articular 
cartilage to withstand large loads imposed on it by the human body. The most nota-
ble theory on how to describe the relationship between the stress and strain of artic-
ular cartilage is the biphasic theory, originally introduced by Mow et al. [5–7]. This 
theory states that three major internal forces act within loaded cartilage tissue: (i) 
the stress developed in the solid phase (collagen and proteoglycan woven network); 
(ii) the pressure developed in the liquid phase; and (iii) the drag force acting on each 
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phase as they pass through one and other [5–7]. Later, the triphasic theory was intro-
duced by Lai et al. which builds on the biphasic model of articular cartilage, but also 
takes into account the Donnan osmotic pressure, which is created by the imbalance 
of mobile counter-ions between the inner proteoglycan molecules and the outer 
solution [5, 8]. The interaction of these phases lead to a complex coupled mechano-
electrochemical environment in which chondrocytes are exposed to multiple stim-
uli. These stimuli include mechanical forces, fluid flow, hydrostatic pressure, an 
osmotic pressure gradient, electric current, and electric potential differences within 
the ECM itself.

Since cartilage is characterized as a viscoelastic material, there are three impor-
tant time dependant phenomena that relate to it: creep, hysteresis, and stress relax-
ation. Creep is the tendency for a material to permanently deform under constant 
stress. Hysteresis is the phenomenon in which previous loading influences the 
behavior of the tissue. Stress relaxation is the tendency for a material, under con-
stant strain, to slowly decrease in stress until an equilibrium is reached [2]. In 
regards to healthy cartilage found in humans, the aggregate modulus and Poisson’s 
ratio is between 0.5–0.7 MPa and 0.07–0.1, respectively [9].

Articular cartilage is constantly exposed to mechanical forces inside the human 
body which are essential to the growth of healthy human cartilage. Areas of the joint 
which are load-bearing have cartilage which is thicker and mechanically stronger 
than those areas which are non-load-bearing [1, 10]. Articular cartilage must be able 
to withstand the applied forces or it will start to deteriorate which can lead to severe 
joint pain and eventually osteoarthritis. There are a number of mechanisms, which 
have been proposed to be involved in the transduction of mechanical forces to bio-
chemical signals in chondrocytes. As cartilage deforms certain effects are gener-
ated, such as interstitial fluid flow, electrical potentials, increased osmotic pressure, 
and decreased pH. Changes in pH have been linked to the changes in proteoglycan 
and collagen metabolism during compression. Osmotic stress has been shown to 
change the mechanical properties of chondrocytes, further altering the deformation 
rate of the tissue under a given load. The flow of ions in and out of the cell is also 
affected by deformation via stretch activated ion channels. Integrins also play a 
crucial role during mechanotransduction as they act as the primary bridge between 
the cell and its ECM. Salter el al. have shown that mechanical stimulation results in 
an influx of Ca2+ via stretch activated channels and a multitude of signal transduc-
tion events through integrin receptors [11–14]. In addition to this, the cytoskeleton 
and the nucleus of the chondrocyte play a role in transducing mechanical forces into 
different signals to alter gene expression and secreted constituents of the ECM [15, 
16]. All of this leads to the fact that, although the exact mechanisms of mechano-
transduction are unclear, mechanical loading has a direct influence on tissue forma-
tion. This has lead engineers and scientists to study mechanical forces and 
mechanical stimulation to induce cartilaginous tissue growth in vitro.
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3  Cartilage Tissue Engineering

Since cartilage has an inability to repair and heal itself, a need has arisen to find 
solutions to the problem of deteriorating articular cartilage. Through engineering 
principles and techniques, tissue engineered constructs have been created in vitro to 
be implanted into the defect site to resurface the affected joint. In order to engineer 
viable tissue constructs, three general considerations are required: (i) cell sourcing; 
(ii) scaffold design; and (iii) growth stimulus. In regards to cell sourcing, the cell 
found in articular cartilage is the chondrocyte. Although chondrocytes are the pri-
mary cells involved in cartilage tissue formation, there are different means by which 
one can obtain chondrocytes. Chondrocytes can be directly harvested from existing 
cartilaginous tissues in the body. Alternatively, stem cells from different sources can 
be differentiated into chondrocytes. Thus far clinically, chondrocytes have typically 
served as the primary cell source for articular cartilage repair. Chondrocytes do have 
their limitations though, such as dedifferentiation during in vitro expansion and the 
limited availability of healthy autologous chondrocytes [17, 18]. To avoid the issues 
related to chondrocyte sourcing, extensive research has been conducted into the use 
of stem cells, including: embryonic (ESCs), mesenchymal (MSCs), and adipose- 
derived (ASCs) stem cells, as a cell source. MSCs and ASCs are multipotent stem 
cells that can be easily isolated from many mesenchymal tissues and have the ability 
to undergo chondrogenesis given the correct physiochemical cues, making it a pop-
ular choice for cell sourcing and cellular therapy [19, 20]. ESCs have the trait of 
unlimited proliferation and can essentially differentiate into any type of cell, mak-
ing it extremely promising in tissue regeneration and cell sourcing. As research into 
the use of ESCs develops, there are ethical concerns as well as many unknown 
safety concerns that may limit their ability for use.

When designing tissue engineered constructs it is also important to take into 
consideration scaffold design. Scaffolds can provide a 3D structure to support cell 
growth and proliferation, ECM deposition, and tissue regeneration. Scaffolds must 
be biocompatible to minimize the host response, be biodegradable to allow for 
replacement with newly grown tissue, have suitable porosity to allow for cellular 
proliferation and interconnectivity, and possess the proper mechanical properties to 
support tissue growth under mechanical loads, all while encouraging the growth of 
newly formed tissue [21]. In order to meet all these requirements, the biomaterial 
chosen for the scaffold must be chosen carefully. Generally speaking, scaffolds are 
designed using a natural or synthetic based biomaterial. Natural biomaterials are a 
popular choice for scaffolds due to their biocompatibility. Specifically, carbohydrate- 
based hyaluronic acid, agarose, alginate, chitosan, protein based collagen or fibrin 
are currently used [21]. For synthetic biomaterials, polymers are used because of 
their ease of fabrication and the ability to tailor the surface and bulk properties. The 
most popular synthetic polymers for scaffold design are poly-lactic acid, poly- 
glycolic acid, and their copolymer poly-lactic-co-glycolic acid [17]. Alternative to 
using scaffolds, there are several scaffold-free techniques for tissue engineered con-
structs, such as pellet culture, aggregate cultures, and self-assembling techniques 
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[17]. Scaffold-free techniques benefit from being free of any excess material that 
would otherwise be used to create the scaffold which would need to degrade to 
allow for new tissue formation to replace it. In addition to this, a scaffold material 
may potentially induce other problems, such as stress shielding and toxicity that 
scaffold-free designs do not suffer from.

Lastly, when designing tissue engineered constructs the incorporation of growth 
stimuli are crucial in ensuring the tissue is formed properly and in a time-efficient 
manner. Growth factors have been studied extensively since the 1950’s as a means 
to encourage tissue growth in vitro. Many different growth factors have been used 
and incorporated into tissue engineered constructs to elicit differentiation, prolifera-
tion and synthesis [17, 22, 23]. Alongside growth factors, there are other biophysi-
cal stimulation methods which are extensively studied. The three most common are 
mechanical stimulation, electrical stimulation, and magnetic stimulation. The use of 
magnetic stimulation in the treatment of diseases has been of great interest for a 
long time and because of it, there is a large breadth of literature covering the use of 
biomagnetism. Although the field of study is robust, much of it is met with skepti-
cism [24]. Similar to magnetic simulation, the use of electrical stimulation is a well- 
established clinical therapy readily available with promising uses in cartilage tissue 
engineering [25]. This article focuses on the application of mechanical stimulation 
to tissue engineered constructs, but it is highly encouraged that the reader refers to 
the vast literature available in both magnetic stimulation and electrical stimulation 
in order to get a broader understanding of the different aspects of biophysical 
stimuli.

Articular cartilage is exposed to mechanical loads under normal physiological 
conditions. With the desire to make constructs that better represent what is found in 
native healthy cartilage, the environment in which cartilage grows in vivo was 
assessed and the application of mechanical forces to the cartilage constructs in vitro 
was determined to be a viable method to create a healthier stronger construct [1, 10, 
13, 17, 26–28]. Applying mechanical stimulation to cartilage constructs in vitro 
allows for better tissue growth, uniformly organized tissue constituents and better 
mechanical properties, similar to that of native cartilage. Studies have shown that in 
general, low to moderate magnitude loads applied at frequencies on the order of 
1 Hz substantially enhances the expression and synthesis of matrix proteins [13]. 
Although mechanical forces applied to cartilage have been extensively studied, the 
means by which the cells sense these mechanical signals and affect change remains 
poorly understood [13]. In the human body, articular cartilage is exposed to stresses 
between 3 and 10 MPa and because of this, the focus has been on applying forces in 
this physiological range [29].

There are currently many different methods for applying mechanical stimulation 
to cartilage constructs, but each of the methods can generally be broken down into 
one of two following categories: static and dynamic loading. Static loading refers to 
a constant force being applied to a tissue engineered construct over a given period 
of time. Static conditions for mechanical stimulation have been studied through 
many variations of force application, the majority of them falling under the catego-
ries of hydrostatic pressure and direct compression. The two general methods for 
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applying hydrostatic pressure are by compressing a gas phase that transmits the load 
through the medium to the cells and, a less complicated approach, is by compress-
ing the fluid phase. In general, studies assessing the effects of static hydrostatic 
pressure on chondrocytes cultured in monolayer have been shown to have no effect 
or a negative effect on tissue growth. Jortikka et al. showed that applying 5 MPa 
statically for 20 h had no effect on sulfated GAG incorporation [30]. Smith et al. 
found that applying 10 MPa for 4 h actually decreased the collagen mRNA levels 
present in the tissue [31].

In regards to static compression, the most common method for applying a static 
compressive load is to directly apply the load to the construct through a platen load-
ing surface. It has been shown, similar to the findings in static hydrostatic pressure, 
to have no beneficial effect to tissue growth. Static compression inhibited matrix 
synthesis at compressive loads of 0.05–1.0 MPa and strains of 50–60%. Prolonged 
static compression has also been shown to induce matrix consolidation and hinders 
diffusional transport of macromolecules. Compression at 50% diminishes total pro-
tein and sulfated GAG synthesis by 35% and 57% respectively when compared to 
the uncompressed controls. It also decreased the percentage of protein retention by 
30% [32, 33]. Buschmann et al. also found that applying a constant compression 
force (up to 50% total strain) produced little or no change in the biosynthesis of the 
cartilage construct [34]. This observation of no effect, or even a supressing effect, 
on tissue growth has become the consensus when talking about static loading condi-
tions, and is the reason as to why the field now primarily focuses on dynamic load-
ing conditions.

Static tension has also been investigated, again showing small to negative effects, 
depending on the duration of load as well as the intermittency of load application. 
Fan et al. showed that biaxial static tensile loading applied for 30 min, 3 times a 
week for 4 weeks was able to upregulate proteoglycan content and tissue thickness 
without altering mechanical properties. In the same study though they observed that 
stimulating constructs 30 min a day every day resulted in no change as compared to 
control groups [35].

The mechanisms by which static loading affects cartilage growth are similar to 
that of dynamic loading and may be categorized as: (i) cell deformation; (ii) 
transport- related; (iii) physicochemical; and (iv) cell-matrix interactions [34]. It has 
been suggested that the availability of nutrients (oxygen, glucose, growth factors), 
as well as transport related mechanisms are not solely responsible for the inhibition 
of biosynthesis during static compression. The physiochemical environment is also 
altered due to an increase in fixed charge density via a decrease in hydration with 
compression. The increase in fixed charge density upregulates the intracellular con-
centrations of cations, thereby increasing osmotic pressure and reducing the 
pH. Reduced pH has been shown to also reduce biosynthesis. In regards to cell- 
matrix interaction, Buschmann et al. have shown that specific connections between 
the chondrocyte and the pericellular matrix are required for cellular response to 
mechanical stimuli. Constructs with longer culture times were more responsive to 
the static compression as opposed to those with shorter culture periods, indicating 
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the development of the necessary transduction pathways at the cell-matrix interface 
[17, 29, 32, 34, 36].

As mentioned earlier, the study of mechanical stimulation has become focused 
primarily on dynamic loading scenarios as they have been proven to effectively 
increase tissue growth and proliferation as well as increasing the mechanical prop-
erties of the construct itself.

4  Dynamic Loading Scenarios for Mechanical Stimulation

Dynamic conditions refer to the application of a force which changes over time. 
Usually in a cyclical pattern, the force will be applied at a certain frequency over a 
given time period. Dynamic mechanical stimulation has been shown to have the 
greatest effect on tissue engineering constructs thus far, showing the highest growth 
rates as well as stronger tissue constructs with better mechanical properties.

Dynamic conditions of mechanical stimulation have been studied through a vari-
ety of methods of force application. The most notable of these applications, and 
subsequently the methods that have been studied the most, are: (i) compression; (ii) 
tension; (iii) shear; (iv) friction; and (v) vibration. Although there are different 
methods of application, it has been shown many times over that a dynamic form of 
mechanical stimulation provides the greatest growth potential for cartilage con-
structs in vitro. Each method has its benefits and will be discussed individually to 
give a better understanding of how each is applied and the overall effect they have.

4.1  Compression

Dynamic compression applied to tissue engineered constructs has been the focus for 
studies in compressive mechanical stimulation for quite some time. The most com-
mon method for applying a dynamic compressive load is to directly apply the load 
to the construct through a loading surface and alter the load via a sinusoidal wave 
form. Compressive loading falls under three categories: (i) confined compression; 
(ii) unconfined compression; and (iii) indentation.

The different parameters of interest in terms of applying the stimulation, which 
have also been the focus of optimization studies, have been frequency (or duty 
cycle), duration, and strain or force amplitude used. Typically, frequencies ranging 
from 0.0001 to 3 Hz, strains from 0.1 to 35%, loads from 0.1 to 24 MPa and dura-
tions lasting hours to weeks have been examined at various cycles and waveforms, 
attempting to find an optimal configuration while staying in the realm of physiologi-
cal conditions [17, 32, 34, 37].
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4.1.1  Confined Compression

Confined compression refers to the construct being radially confined during the 
application of force. Special chambers are created to inhibit the transverse strain of 
constructs during force application, while allowing for uniaxial compression to still 
occur. Because of confinement, hydrostatic pressure plays a larger role in the force 
being applied, depending on the frequency of the compressive force. Soltz and 
Ateshian were able to show that as the frequency of dynamic load approaches 
0.00044 Hz, the magnitude and phase of fluid pressurization matched that of the 
applied stress [38]. Studies in confined compression seem to further elucidate the 
crucial role of interstitial fluid pressurization in the load bearing capabilities of car-
tilage [32, 38–40]. In terms of tissue growth, Davisson et al. showed a dramatic 
increase in sulfated GAG and protein synthesis for confined dynamic compression 
at 0.1 Hz with a 50% static compression offset, showing results that agree with the 
literature in terms of dynamic compression increasing matrix synthesis [32]. In gen-
eral, confined compression requires a more rigorous compression apparatus as it 
requires a chamber designed to inhibit transverse strain and higher precision in con-
struct shape consistency. As such, it seems that the preference is to study dynamic 
compression in unconfined parameters.

4.1.2  Unconfined Compression

Unconfined compression, in contrast to confined compression, refers to the con-
struct being free to expand radially during force application. The majority of 
research in dynamic compression falls this category. As a construct is compressed, 
it expands radially, which introduces a transverse strain into the construct in addi-
tion to the axial strain. This transverse strain has the ability to induce further mecha-
notransduction and help tissue growth. Also, with unconfinement, hydrostatic 
pressure still increases, but not exponentially as it does with confined 
compression.

Numerous short-term and long-term studies have applied unconfined compres-
sion protocols to cartilage constructs using hydrogels or microporous scaffolds, dif-
ferentiated, undifferentiated, or de-differentiated cells to stimulate cell differentiation, 
proliferation, biosynthetic activity and functional ECM development [41]. In 
regards to short-term studies, Wong et al. showed that 45 h of unconfined cyclical 
compression increased protein synthesis by 50% above control values [42]. Sah 
et al. has shown that depending on the frequency, the biosynthetic response of car-
tilage would either decrease or increase. At a frequency of 0.0001–0.001 Hz, com-
pressions up to 4% total strain had little effect but at a frequency of 0.01  Hz, 
compressions of 1.1–4.5% total strain caused a 40% increase and a 30% increase in 
collagen II and GAG synthesis respectively [43]. Through the use of 3D scaffolds 
and dynamic compression stimulus, Démarteau et  al. showed that cartilage con-
struct response does not depend directly on the stage of cell differentiation [44].
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The development of functional ECM can be further appreciated when looking at 
long-term studies that apply unconfined compressive loading. Through a 2-month 
long study, Mauck et al. showed that constructs loaded with intermittent loading (at 
10% deformation, at a 1 Hz frequency, 1 h on 1 h off, 3 h per day 3 days per week) 
had a 2-fold increase in material properties relative to the control, even though the 
GAG content was similar between both the control and the stimulated group. This 
suggests that the organization and assembly of the ECM was regulated by the 
dynamic loading, allowing for better mechanical properties [45]. Mauck et al. have 
also reported a three-fold increase in the equilibrium aggregate modulus in argarose- 
seeded constructs which were dynamically stimulated as compared to their free- 
swelling controls. It was also noted that a significant difference in stiffness occurred 
in the last week of growth as compared to the first 3 weeks, further eluding to the 
role of the ECM on material properties and response to stimulation [46].

As stated earlier, the mechanisms by which the dynamic compression affects the 
growth of cartilage can be categorized as: (i) cell deformation; (ii) transport-related 
fluid flow and cell-protein interaction; (iii) physicochemical; and (iv) cell-matrix 
interactions. Most notably, it has been shown that constructs cultured for longer 
periods of time respond to the stimulation to a greater degree than constructs with 
shorter culture periods. This indicates that the cell-matrix interactions play a crucial 
role in the biosynthetic response to compression stimulation. It has also been shown 
that GAG accumulation in cartilage constructs only occurs if the GAG content prior 
to compression is sufficiently high, once again indicating that the ECM plays a sig-
nificant role in supporting the biosynthesis of the cartilage construct [34, 44, 47]. 
With regards to the application of the force, Suh et al. has reported that when carti-
lage constructs undergo dynamic compressive loading, the ECM goes through a 
repeated compression-expansion cycle, causing an oscillating positive-negative 
hydrostatic pressure together with interstitial fluid flow, which in turn leads to tissue 
biosynthesis [48].

Although dynamic loading has shown many benefits for both short-term and 
long-term culture periods, there are still drawbacks that arise. One of the drawbacks 
is the desensitization of the constructs to the stimulation itself, over longer periods 
of time. Weber & Waldman have shown through the examination of the durations of 
dynamic compressive loading, a minimum amount of stimulation was required to 
elicit an anabolic response, but desensitization could quickly be reached with an 
increase in loading cycles [2]. In addition to this, although compression has been 
shown to increase tissue growth and mechanical properties, the overall stiffness of 
constructs has still yet to reach that of native cartilage. Although the properties can 
be altered, not all mechanical properties are affected in the same manner. Kelly et al. 
demonstrated that, although the dynamic loading increased the bulk properties, the 
overall profile of construct properties in the axial direction were qualitatively the 
same as free swelling controls over the course of 42 days. That being the case, the 
Poisson’s ratio did increase, hinting at an improved collagen network [49].
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4.1.3  Indentation

Indentation stimulation is a special type of compressive stimulation where the size 
of the stimulating platen is smaller than the surface of the construct [50]. Indentation 
stimulation, therefore, results in a complex loading profile throughout the construct 
where directly under the indenter experiences direct compression while the sur-
rounding area remains uncompressed. Through special analysis techniques which 
allow for the correlation to spatial mapping (e.g. autoradiography), this type of 
stimulation allows for the comparison of directly stimulated, indirectly stimulated, 
and unstimulated conditions. Parkkinen et al. noted differences in the amount of 
proteoglycan synthesis due to direct vs. indirect stimulation with different trends 
observed in each area under several loading magnitudes. Depth-dependent varia-
tions were also observed due to the different loading magnitudes [50].

The complex loading state created by indentation stimulation is difficult to define 
for constructs with irregular geometry and non-uniform material properties, thus it 
is not a common mode of stimulation. More often, indentation (or double indenta-
tion) is used for mechanical property testing rather than stimulation [51, 52].

4.2  Tension

The physiological loading condition for articular cartilage in vitro is seen as a com-
bination of primarily hydrostatic pressure, compression, shear, and a small degree 
of tension. Because of this, tension is generally overlooked in terms of a method for 
mechanical stimulation. That being said, there is still a library of research, albeit 
smaller than for compression and shear, on tensile forces used for mechanical stim-
ulation. Tension can be split into two main categories for discussion: (i) uniaxial and 
(ii) biaxial or multiaxial.

4.2.1  Uniaxial

Uniaxial tension refers to the tensile force being applied in a single axis. As with 
compression studies, the duration, frequency, and force applied all play a crucial 
role when investigating the effects of uniaxial tensile loading. Vanderploeg et al. 
have demonstrated that uniaxial dynamic tension with an oscillation period of 48 
and 68 h, matrix synthesis was inhibited as compared to the control. It was also 
noted that after the 68 h stimulation, chondrocytes adopted a morphology similar to 
that of a fibrochondrocytic phenotype, potentially shedding light on the potential 
reason for failure of articular cartilage repair due to different strain environments 
occurring at healing regions [53]. Wong et al. showed that cyclical tensile strains 
upregulated matrix degrading enzymes, such as MMP-13. MMP-13 is a member of 
the matrix metalloproteinase family with preferential activity to degrade collagen 
type II [54]. A similar finding was observed by Mawatari et al., showing a down 
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regulation of aggrecan (the major proteoglycan of cartilage), collagen type II and 
SOX9 (master chondrogenic transcription factor), all of which are gene markers for 
chondrogenic growth [55]. Although, in general it seems that tensile loading has 
mainly detrimental effects, Vanderploeg et al. also investigated the effect of tensile 
strain on zonal cartilage, finding that although the middle and deep zones showed 
no increase in GAG synthesis, the superficial zone did [56]. This potentially relates 
back to the superficial zone having cartilage and collagen oriented parallel to the 
surface for the purpose of resisting tensile and shear forces.

4.2.2  Biaxial or Multiaxial

Biaxial tension refers to applying the tensile force in two or more axes. With the 
introduction of the Flexcell™ system, biaxial tension became a popular mode of 
mechanical stimulation as it enabled the ability to apply the tensile force equixially 
in a simple and controllable manner. The Flexcell system uses an expanding and 
contracting membrane upon which a cartilage construct is fixated and the mem-
brane is expanded or collapsed applying a uniaxial strain throughout the construct.

In terms of loading regimes, frequencies ranging from 0.03–2.5 Hz, durations up 
to 96 h, and strains up to 23% have been applied [57]. Again, as parameters varied, 
so did the results obtained from these experiments. In terms of collagen synthesis, 
Thomas et al. showed an increase in collagen II and aggrecan synthesis with a cycli-
cal tensile loading regime of 7.5% strain at 1 Hz for 30 min [58]. In terms of gene 
expression, Chen et al. was able to show that cyclical tensile strain, applied at 6% 
strain at 0.25 Hz altered chondrocyte gene expression [59]. Cyclical tensile strain 
has also been shown to be an anti-inflammatory signal as well as significantly sur-
passing IL-1β-dependant mRNA induction for multiple proteins responsible for the 
initiation of cartilage degradation [60]. In general, tensile loading has been shown 
to have mixed results.

4.3  Shear

The loading that occurs in articulating joints is complex and has multiple forces act-
ing on the joints at all times. One specific force that is generally low in magnitude 
is that of a shear force acting on the articulating surface. Although synovial fluid 
reduces the friction factor, emulating this shear force in vitro has been examined to 
determine its effects on cartilage constructs [17]. When looking at the architecture 
of cartilage tissue, as previously showed, the superficial layer has chondrocytes and 
collagen oriented parallel to the surface as to protect against tensile and shear forces 
[3]. The two main avenues that are explored in regards to shear stress are: hydrody-
namic and mechanical shear. The first, hydrodynamic shear, is usually the result of 
a fluid flowing either over top of the cartilage construct or directly through the con-
struct. There are many different systems that have been designed with the purpose 
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of applying continuous fluid flow to constructs housed in a bioreactor. The second 
method, mechanical shear, is achieved through the direct application of shear forces 
on the construct.

4.3.1  Hydrodynamic Shear

In relation to hydrodynamic shear, the shear force is generated through the flow of 
fluid over the cartilage construct. It can also be generated by flowing through the 
constructs as well, which is known as perfusion. Many bioreactors have been devel-
oped to allow for fluid flow over cultured constructs as it has been generally accepted 
that fluid flow will increase nutrients available via an increase in mass transport. 
That being said, shear forces are still being generated at the point of contact between 
the flowing fluid and the cartilage construct which in turn have a direct result and 
mechanical properties and growth constituents of the constructs.

Raimondi et  al. demonstrated an increase in collagen type II and type I after 
cartilage constructs were cultured in a perfusion bioreactor for 2 weeks. More spe-
cifically, a perfusion pressure of 1 mPa showed the highest effect on collagen syn-
thesis [61]. Bueno et  al. found an increase in collagen formation with increased 
shear stresses, as well as an overall increase in mechanical properties. Using their 
novel wavy-walled bioreactor they were able to alternate the fluid flow uniformity 
as well as the shear stresses applied to the constructs, showing an increase in thick-
ness with increased shear due to an increase in GAG accumulation at the core of the 
constructs [62]. Gemmiti et al. has shown, through the use of a dual-chambered flow 
bioreactor, that flow mediated stress increased type II collagen without any signifi-
cant increase in collagen type I, a marker of dedifferentiation. Furthermore, they 
were able to show an increase in tissue modulus of the tissue from control groups at 
1.5–2.5 MPa after flow regimes were carried out [63].

Fluid flow-induced shear does have its potential drawbacks though. If shear 
forces are too high, or if fluid velocity is too high, ECM constituents can be cleaved 
off and washed away and there is the potential for cleavage of cells from their scaf-
fold [61–63].

4.3.2  Mechanical Shear

Mechanical shear is a result of tangentially moving a platen surface against a carti-
lage construct and generating a deformation. In order to achieve the shear force, a 
static compressive force is pre-loaded to ensure enough friction between the platen 
surface and the construct surface exists such that there is no relative movement 
between the two contacting surfaces. Fitzgerald et al. showed that dynamic shear 
increased the biosynthesis of cartilage, preferentially collagen type II, at the surface 
of the constructs [64]. Jin et al. have shown that by applying a dynamic shear load 
at a frequency range of 0.01–1.0 Hz and a strain range of 1–3%, the synthesis of 
protein and proteoglycans increased by 50% and 25% respectively when compared 
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to controls [65]. Frank et al. was also showed that using a 0.1 Hz frequency and 1% 
applied shear strain increases the ECM synthesis. The small amplitude simple shear 
deformation induces low levels of fluid flow which are associated with metabolic 
stimulation [66]. Nugent et al. showed an increase in proteoglycan 4 released at the 
surface, which is one of the constituents found in the synovial capsule of articulat-
ing joints and is crucial for proper joint lubrication [67].

A long-term study done by Waldman et al. showed that intermittent applications 
of dynamic shear forces improved the growth of the cartilage tissue and the mechan-
ical properties. Stimulated at 2% shear strain at a frequency of 1 Hz for 400 cycles 
every other day, both collagen and proteoglycan synthesis increased by 40 and 35% 
respectively over a 4 week period. A threefold increase in compressive load-bearing 
capacity and a sixfold increase in stiffness was also shown, with the maximum equi-
librium stress reaching 16 kPa and the maximum equilibrium modulus of 112 kPa 
[68].

Although shear deformation shows a positive effect in tissue growth, some 
researchers view it as a poor method of stimulus for cartilage tissue since it has been 
shown to increase interleukin-6 and nitric oxide levels which are catabolic media-
tors and similar to indicators observed in the development of osteoarthritis [17]. In 
relation to this, Fitzgerald et al. showed an up regulation of COX-2, a known inflam-
matory mediator that stimulates proteoglycan degradation and causes an increase in 
protease (enzyme responsible for the degradation of matrix constituents) transcrip-
tion [64].

4.4  Friction

Surface sliding friction is an important mediator for the development and mainte-
nance of the zonal differences in the cartilage matrix, specifically, the development 
of the superficial zone morphology and production of lubricating surface molecules 
(i.e. proteoglycan 4). Friction stimulation differs from shear stimulation in that there 
is relative motion between the two contacting surfaces. Frictional stimulation appa-
ratuses have been developed with the intention to simulate this sliding motion seen 
in physiologic joint movement [69–71]. These can be divided into two main types: 
full surface stimulation and moving point-of-contact stimulation.

Full-surface stimulation can be achieved by applying a rotating apparatus to the 
surface of the construct. Fukuda et  al. showed that by applying gliding friction 
through a rotating glass apparatus on the surface of agarose-cartilage constructs, the 
surface region increased both collagen II and GAG secretion when compared to the 
middle region of the construct, leading to an anisotropic structure similar to what is 
found in native cartilage [69]. Grad et al. were also able to show an increase in pro-
teoglycan 4 released at the surface when applying a rotational ball to the surface of 
cartilage constructs [70].

Point-of-contact stimulation can be accomplished by reciprocating a small platen 
or indenter across the surface of the construct. Kaupp et al. showed that this type of 
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stimulation was capable of increasing superficial zone specific constituents such as 
proteoglycan 4 and biglycan and also increasing collagen II expression at the sur-
face of the constructs [71].

4.5  Vibration

Vibration stimulation of cells in vitro is a novel approach that many studies are 
examining. The two main categories are: high-frequency ultrasonic and lower fre-
quency mechanical vibrations.

4.5.1  High-Frequency Ultrasonic Vibration

The application of ultrasound requires the vibrations to be transduced through a 
medium before being applied to the cells themselves. Different methods of achiev-
ing this have been studied, with the most common approach having transducers 
transmitting the ultrasonic waves through a coupling medium to the culture plates. 
Different forms of ultrasound have been investigated in terms of low and high inten-
sity. Thakurta et al. have shown that ultrasound increases the proliferation of chon-
drocytes, maintains the chondrocyte phenotype in scaffolds over 21  days and 
selectively enhances the gene expression of TGF-β3 over TGF-β1 (chondrogenic 
growth factors) [72]. Parvizi et al. were able to show an increase in proteoglycan 
synthesis and aggrecan mRNA expression through the use of a low intensity-pulsed 
ultrasound stimulation [73]. Similarly, Noriega et al. showed an increase in collagen 
type II and mRNA expression in chondrocytes seeded in 3D scaffolds stimulated 
with a 5 MHz ultrasonic wave applied for 51 s, twice a day [74]. Further studies 
from the same group also showed an up regulation of both the ROCK-I and Rho-A 
when the same application of ultrasound was applied. Both ROCK-I and Rho-A are 
genes known to regulate cytoskeleton formation in chondrocytes, more specifically 
the formation of actin stress fibres [75].

4.5.2  Lower-Frequency Mechanical Vibrations

A common mechanism used for mechanical vibrations is to have a stage on which 
the cell culture plate rests and apply the mechanical vibration with a modular piezo-
electric device through the stage itself. Jankovitch et al. showed that a 0.3 g ampli-
tude, 30  Hz vibration increased chondrogenic differentiation in vitro as well as 
upregulated SOX9 expression and downregulated MMP-13 activity [76]. Kaupp 
et al. obtained similar results, showing an increase in cell proliferation at 1 g and 
350 Hz. They also showed that over a longer culture period (1 week), there was in 
increase in ECM accumulation which led to a decrease in the effectiveness of the 
stimulation [77].
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Although vibrational therapies show a promising effect, it is still unsure as to 
their use in long-term applications to chondrocyte biosynthesis and tissue growth.

5  General Drawbacks of Mechanical Stimulation

An overview of the overall outcomes achieved through each type of stimulus can be 
seen in the table below. The table below does not include static loading parameters 
because, as mentioned earlier, it is the general consensus that static mechanical 
stimuli inhibit tissue growth and are overall detrimental to tissue engineered con-
structs (Table 1).

In regards to the different techniques, each method has the ability to increase tis-
sue growth and cartilage-specific ECM production in constructs depending on the 
loading parameters that are defined. However, this parameter specificity, which is 
often unique to each type of stimulus if not to each experimental model, is one of 
the major obstacles of mechanical stimulation. There are a vast number of variables 
that are in play when applying mechanical stimulation to a tissue engineered con-
struct. Some of these include the magnitude of the load, the duration of the load, 
whether it is one application of a load or several applications in a span of a week or 
a month, and the list goes on. When surveying the literature, there is a plethora of 
different loading regimes being used within each subcategory of mechanical stimu-
lation, each reporting varying results. There is no definitive loading scenario for 
each specific type of stimulus that is the best when compared to all the others. If 
mechanical stimulation is to be viewed as a method to improve cartilage tissue 
growth to the point where it can be industrialized, parameter optimization must be 
investigated. Currently, relatively few studies optimize loading regimes and often 
researchers tend to rely on previously reported loading protocols.

Another drawback to mechanical stimulation is the fact that the cells in tissue 
engineered constructs can become desensitized. This has been most commonly seen 
in compression stimulation, but is still relevant in all other forms of stimulation. As 
chondrocytes undergo a specific loading regime, the mechanical forces activate sig-
naling pathways which result in chondrogenic ECM synthesis. Over the course of 
the stimulation, certain parts of the pathway (e.g. receptors) may become fatigued, 
leading to a desensitization to the mechanical force which subsequently leads to a 
detrimental effect on ECM production [2, 78]. If the stimulation could have a neg-
ligible or detrimental effect in the development of the constructs, then its value, in 
terms of a tissue growth stimulus, is not worth the effort.

Although mechanical stimulation can be a robust method for increasing tissue 
growth and mechanical properties of cartilage constructs, it still falls short from that 
of native healthy cartilage. Promising results have been made, but native articular 
cartilage has better mechanical properties than that found in any tissue engineered 
construct [79, 80]. In order for tissue engineering to be seen as a viable option for 
replacing damaged cartilage, methods have to allow for cartilage to be created with 
properties that are equivalent to native cartilage otherwise this may potentially 
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Table 1 Comparison of single mode loading scenarios

Mode Pros Cons

Confined 
compression

– Increased GAG synthesis – Requires geometrically consistent 
constructs to fit in specific compression 
chambers
– Desensitization to mechanical stimulus
– Large forces cause permanent 
deformation to constructs [32, 38–40]

Unconfined 
compression

– Increased GAG and collagen 
synthesis
– Increased mechanical 
properties

– Desensitization to mechanical stimulus 
over longer periods of time
– Long-term effects are not as promising 
as short-term studies show [2, 34, 41–49]

Indentation – Increased GAG synthesis – Complex loading profile is difficult to 
predict on irregular shapes and non-uniform 
materials [50–52]

Uniaxial 
tension

– Increased GAG synthesis in 
superficial zone cartilage

– Down regulated of cartilage growth 
transcription factors
– Down regulated cartilage matrix 
constituents
– Upregulated degradative enzyme 
secretion [53–56]

Biaxial/
multiaxial 
tension

– Increased GAG and collagen 
type II production
– Upregulated aggrecan

– Upregulated degradative enzyme 
secretion [57–60]

Hydrostatic 
shear

– Increased collagen type II
– Increased mechanical 
properties (Young’s Modulus)
– Increased nutrient flow 
through fluid flow and mass 
transport

– Large shear forces are detrimental and 
cause cleaving of constituents [61–63]

Mechanical 
shear

– Increased GAG and collagen 
type II production
– Increased compressive load 
bearing capacity

– Upregulated proinflammatory mediators 
and degradative enzymes [17, 64–68]

Friction – Increased GAG and collagen 
type II production
– Increased proteoglycan 4 
secretion
– Oriented surface 
chondrocytes

– Effects are limited to surface and 
subsurface area of constructs [69–71]

Ultrasonic 
vibration

– Increased proliferation of 
chondrocytes
– Upregulated cartilage 
growth transcription factors
– Upregulated chondrocyte 
cytoskeleton formation

– Long-term effects need to be 
investigated [72–75]

(continued)
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 negatively influence the quality of the repair. A possible reason for the general defi-
ciency in mechanical properties may actually relate to the fact that, although 
mechanical stimulation upregulates tissue growth, it also upregulates the degrada-
tive enzymes associated with cartilage turn-over. Alongside an anabolic response 
post mechanical stimulation, a catabolic response is also observed. Although degra-
dation is required for tissue remodeling, over-expression may potentially lead to 
weaker ECM structures over extended periods of mechanical stimulation [81]. This 
is an area that is typically overlooked as the short-term studies as they tend to focus 
solely on immediate collagen and GAG synthesis.

There are still many issues that must be overcome before a mechanical stimula-
tion becomes an effective and efficient technique for increasing properties of carti-
lage constructs. However, approaches have been put forward which aim to overcome 
some of these drawbacks. Mixed mode loading is a more recent field of study, which 
applies a mixed variation of the mechanical stimulation types, in an attempt to not 
only make more mechanically robust constructs but to mimic the complex loading 
that is seen in vivo and attempt to overcome drawbacks with singular forms of 
loading.

6  Mixed Mode Loading

As studies progress in the field of mechanical stimulation applied to cartilage in 
vitro, it is becoming apparent that a more complex mode of mechanical stimulation 
is required to achieve not only better tissue growth and mechanical properties, but 
also to make up for drawbacks found in single mode stimulation protocols. For this 
reason, combining different loading parameters together is an approach that has 
recently been a focus of study. The major areas of mixed mode loading fall under 
two categories: compression-shear and compression-vibration. In general, it has 
been shown that dynamic compression has many great aspects to it that contribute 
to the in vitro growth of strong healthy cartilage constructs. By adding a secondary 
form of stimulation in addition to the compression, even more promising results 
have been achieved which open the door for even further exploration into mixed 
loading platforms for mechanical stimulation.

Table 1 (continued)

Mode Pros Cons

Mechanical 
vibration

– Upregulated cartilage 
growth transcription factors
– Downregulated degradative 
enzymes
– Increased cartilage ECM 
growth

– Desensitization to stimulation over 
longer periods of time [76, 77]
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6.1  Compression and Shear

Two of the main forces exerted on articular cartilage are compression shear, and 
recently, this form of mixed loading has been explored with promising results. 
Waldman et al. investigated a mixed loading protocol of 5% dynamic compression 
with 5% shear strain, finding an increase in collagen by 76% and proteoglycan by 
73% when compared to controls. They also showed a threefold increase in compres-
sive modulus and 1.75-fold increase in shear modulus in constructs that were stimu-
lated using the dynamic-shear loading over a 4 week period [82]. Grad et al. explored 
using a multi-motion compression-shear apparatus to provide two forms of shear as 
well as dynamic compressive loading to cartilage constructs to better resemble the 
motion in the joints of the human body. They found an increase in proteoglycan 4 
and cartilage oligomeric matrix protein mRNA expression as well as an increase in 
collagen type II, aggrecan and tissue inhibitor of metalloproteinase-3 mRNA 
expression. They also noticed an increase in proteoglycan 4 and cartilage oligo-
meric matrix protein released to the culture media [70, 83]. Stoddart et  al. also 
explored a compression-shear loading regime showing an increase in collagen type 
II and aggrecan expression within an hour of applying a 0.5 N load, and observing 
a peak at 2 h of loading. This increase translated into an increase of up to 60% in 
GAG content of the constructs after 4 days of intermittent cyclical loading [84]. 
Although the outcomes are quite promising, the issue of whether or not the con-
structs maintain their enhanced properties after the stimulation has yet to be 
investigated.

6.2  Compression and Vibration

A new and novel approach that is currently being explored is the application of a 
combined dynamic compression-vibration loading, termed stochastic resonance. 
Stochastic resonance refers to a white noise, or vibrational load, superimposed on 
top of a dynamic compressive load. Stochastic resonance has been observed in 
many biological systems, from molecular level DNA transcription systems in gene 
expression to whole body level devices developed for regular use to maintain blood 
pressure, blood oxygenation, and balance [2]. Originally, stochastic resonance was 
investigated as a method to inhibit the desensitization of chondrocytes to dynamic 
mechanical compression in vitro. Weber & Waldman showed improved cellular sen-
sitivity to mechanical loading and increased matrix synthesis between 20 and 60% 
over short-term culture. Stochastic resonance also limited the load-induced desensi-
tization by maintaining sensitivity under desensitized loading conditions [85].

Further work to examine the long-term effects of stochastic resonance on younger 
and older cell populations has also been done. Cell-agarose constructs were pre-
pared with primary bovine chondrocytes from two age groups. Constructs were then 
subjected to mechanical stimuli coinciding with the media exchange cycle, 3 times 
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per week for up to 4 weeks. Immunohistochemistry staining for collagen type VI 
(Fig. 1) showed an increased development of an interconnected matrix linking adja-
cent cells in constructs treated with the vibratory stimulus (both alone and in con-
junction with the dynamic compressive stimulus). Collagen VI is a unique collagen 
with a beaded micro-filament structure which forms a distinctive network in the 
ECM [86]. In adult cartilage, collagen VI is concentrated in the pericellular matrix 
where it connects the cells to the ECM through integrin binding and plays a crucial 
role in transducing mechanical loads from the tissue to the cells [87, 88]. The pres-
ence of an interconnected collagen VI matrix in the tissue engineered constructs, 
while recapitulating the distribution pattern of collagen VI in the growth plate dur-
ing development and endochondral ossification, also suggests that the cells within 
the construct may be more sensitive to an applied global strain such as dynamic 
mechanical compression. Furthermore, the development of cell clusters in the con-
structs created from older cells was observed. Cell clustering is indicative of osteo-
arthritis in native cartilage and may indicate pathological tissue development in 
engineered cartilage constructs [89]. In the constructs treated with the vibratory 
stimulus (again, both alone and in conjunction with compression) a reduction in the 
number of cell clusters was noted.

Currently, the effect of stochastic resonance on passaged cells is being studied. 
As only few cells can be reasonably harvested from an individual, passaging is an 
effective method to expand the cell population to be able to create an engineered 
construct. However, as passaged cells tend to not be as synthetically active as pri-
mary (freshly isolated) cells, several different methods have been explored to redif-
ferentiate these cells, including mechanical stimulation. Preliminary data on 
agarose-encapsulated passaged bovine chondrocytes (passage 4) subjected to com-
bined compressive-vibration stimuli showed increases in both collagen and 
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Fig. 1 Collagen type VI (FITC) immuno-staining of agarose-encapsulated bovine cells from older 
and younger animals. Arrows indicate the development of interconnected collagen VI matrix, stars 
indicate cell clusters. Scale bar = 50 μm

Mechanical Stimulation Methods for Cartilage Tissue Engineering



142

 proteoglycan synthesis (relative to DNA content) compared to unstimulated con-
trols (p < 0.05) indicating the utility of this method (Fig. 2).

7  Future Directions

As previously discussed, there needs to be a better solution to repairing damaged or 
diseased cartilage and the approach of tissue engineered constructs shows potential. 
In regards to tissue engineered cartilage constructs, the correct properties are 
required in order to ensure success of the construct once implanted in vivo. 
Mechanical stimulation has been shown to be a very effective approach at increas-
ing the mechanical properties and the growth of cartilage constituents in constructs 
in vitro, and has potential to allow for cartilage constructs created in vitro to resem-
ble healthy native cartilage. However, there is still a long way to go to achieve this 
goal.

As noted earlier, engineered constructs typically fall short in mechanical proper-
ties when compared to native healthy cartilage. This is one of the biggest issues that 
will need to be addressed. If the constructs do not have the same properties as the 
surrounding native cartilage, this may hinder their ability to survive post- 
implantation. A potential approach to solving this problem is by having a stimula-
tion protocol that combines a multitude of stimulatory factors, such as growth 
factors, mechanical stimulation, electrical stimulation, magnetic stimulation, etc. 
By combining a multitude of stimuli, which have their individual ability to increase 
growth potential of cartilage, an additive effect might be seen in terms of mechani-
cal strength achievable in vitro.

An issue that has not been discussed yet, but is still crucial is that of anatomy and 
shape. Although mechanical stimulation methods are evolving, they are usually 
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Fig. 2 Bovine constructs (P4) subjected to mechanical stimuli. Synthesis measured by radioiso-
tope incorporation and DNA measured by PicoGreen assay. Data normalized to control, presented 
as mean ± standard error of the mean, n > 9/group; *p < 0.05 significant difference from control
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applied to uniformly shaped constructs that are small in size, which do not represent 
the anatomy at the defect site. While recent efforts to engineer cartilage constructs 
have been incorporating anatomical shape are underway, the ability to mechanically 
stimulate these constructs effectively needs to be investigated. Currently used meth-
ods may not readily work as the irregularities in construct shape will results in 
regional differences in the applied stresses/strains and ultimately differences in 
ECM biosynthesis.

Finally, once all these other issues are addressed and cartilage constructs are able 
to reach that of healthy native cartilage, in order to create products readily available 
for surgeons, manufacturing requirements will need to be addressed, some of which 
include: (i) upscaling of the cartilage constructs to create an ample supply; (ii) 
upscaling of the stimuli apparatus in order to ensure correct stimulation of each 
construct; and (iii) quality control to ensure each construct is receiving correct stim-
uli. These manufacturing issues, although quite a long time from being a true con-
cern, still need to be discussed and investigated.

The future of mechanical stimulation for cartilage tissue engineered constructs 
looks bright with many promising results thus far showing the potential of using the 
mechanical stimuli to create and develop strong, healthy constructs in vitro. 
Although further experimentation is still required, the concept of repairing damaged 
articular cartilage may soon be resolved with the introduction of cartilage tissue 
engineered constructs into the marketplace.
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1  Introduction

Metal alloys such as Ti-6Al-4V and CoCrMo, known for their biocompatibility and 
mechanical strength, are common biomaterials for total hip replacements (THR) 
[1]. The surface of these metallic biomaterials often forms a passive oxide film pro-
viding resistance against corrosion or electrochemical degradation. Electrochemical 
degradation is a charge-transfer process in which metallic materials react and/or 
interact with the aqueous environment. Such a process always includes oxidation of 
metallic components and the concomitant reduction of active species in the aqueous 
environment somewhere else on the implant surface. Whether an electrochemical 
reaction will occur or not under certain given conditions is governed by its thermo-
dynamic favorability (Gibbs free energy of reaction, ∆G) which is a function of the 
type and state of reactants, surface property, reaction kinetics, chemical species and 
their concentration, and temperature, among others [2].

The passive oxide film on metal alloys is typically a few nanometers thick and 
provides protection against the dissolution of metals into metal ions and electrons 
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when exposed to aqueous environments. High mechanical loads and relative motion 
between two contacting surfaces of articulating load-bearing joints could cause dis-
ruption of this oxide film that exposes the underlying metal alloy resulting in oxida-
tion and the release of metal ions into the surrounding synovial fluid [3–5]. The 
released metal ions can possibly illicit inflammatory responses, leading to osteoly-
sis and eventual aseptic implant loosening from failure of the osteointegration pro-
cess [6, 7].

Mechanically assisted electrochemical degradation is an electrochemical process 
triggered by a mechanical condition such as abrasion, micromotion or fretting 
between two articulating surfaces, leading to damage of the protective oxide film. 
The undesirable electrochemical activity of the biomaterial may be compounded by 
the release of wear debris that can further damage the protective oxide film and 
compromise the integrity of the implant surface. In tribology terms, it is often 
regarded as a tribo-electrochemical wear process.

Ceramic biomaterials are known to provide superior mechanical strength, wear 
resistance, hardness, chemical inertness than their metallic counterparts [8, 9]. For 
example, alumina-based ceramic composites demonstrate reduced friction as articu-
lating joints and improved wear resistance compared with metal-metal or metal- 
polymer combinations [10]. With a Vicker’s hardness of more than 2000, alumina 
(Al2O3) can be polished to a smooth surface. It possesses high wettability providing 
better adhesion to lubricating fluid, enabling it to have a much lower wear rate as 
articulating components, some 0.025 μm/yr to 4 μm/yr in comparison with 100 μm/
yr for metal-polyethylene articulating pairs [1]. Alumina is also one of the most 
thermodynamically stable oxides of aluminum and is less susceptible to degradation 
by usual oxidation making it highly biocompatible [11].

There have been many advances in alumina manufacturing processes since the 
1970s. Today alumina used for total hip arthroplasties has fewer impurities, smaller 
grain sizes, higher density and improved fracture toughness (by the addition of zir-
conia and other oxides) [10, 12]. However, due to their inherent brittleness, ceram-
ics are not able to sustain high impact or non-uniform loads [1] and show little to no 
plastic deformation under extreme mechanical situations, and they are prone to 
micro-fracture under abrasive conditions. The resulting fragments or debris, even if 
not harmful to the host tissues, could act as third body particles to accelerate wear 
damage. Some studies have shown prominent inflammatory responses to ceramic 
wear debris [13, 14] requiring revision surgeries due to aseptic loosening for 
ceramic-on-ceramic hip prosthesis [15].

The intrinsic brittleness of alumina can be reduced by the addition of hard rein-
forcements like metal carbides, nitrides and oxides. Monolithic alumina when 
enhanced by metal refractory ceramic reinforcements like titanium carbide (TiC), 
titanium carbonitride (Ti(C,N)), tungsten-titanium composite carbide ((W,Ti)C) 
yield a composite with increased flexural strength, fracture toughness, hardness and 
an improved friction coefficient [16–18]. The alumina-TiO2 nanocomposite exhib-
ited lower wear volume and better mechanical properties with a 10 mol% TiO2 addi-
tion [19]. Likewise, mechanical properties and wear behavior of alumina-TiN as a 
potential biomaterial has been explored too [8]. Titanium carbide (TiC) added to 
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alumina increases hardness, toughness and more importantly wear resistance of just 
plain alumina [18, 20]. Due to superior hardness, TiC coatings on titanium sub-
strates enhance resistance to tribochemical wear and offer corrosion resistance to an 
underlying metal substrate. It also improves osseointegration by stimulating the 
growth of osteoblasts and their proliferation, offering a biocompatible interface to 
metallic or polymer substrates [21].

Besides improvement in mechanical and wear properties of alumina by the tran-
sition metal carbides and nitrides, it is important to consider the electrochemical 
behavior of a reinforcing material when evaluating chemical and tribological stabil-
ity of an alumina composite. Even alumina, although an insulator [22], does not 
participate in the electrochemical processes, studies have shown that its wear resis-
tance decreases in an aqueous environment due to its hydrophilic nature by reacting 
with water to form aluminum hydroxide in basic and acidic environments at ele-
vated temperatures [23, 24]. Moreover, these transition metal refractory ceramics 
mentioned earlier demonstrate metal-like conductivity, enabling charge transfer 
during electrochemical reactions [25–28], hence electrical and chemical implica-
tions of their additions to alumina need to be carefully assessed.

Besides its extreme hardness, TiC is a conductive ceramic with resistivity of 
0.003–0.008 Ω-m (vs Cu −1.72 × 10−8 Ω-m) and can partake in electrochemical 
processes in a chemical environment [22]. TiC, when used as reinforcement for 
alumina to improve wear resistance, retains its conductive nature [20] and this prop-
erty is in fact favorable in magnetic recording disk drive application where the 
metal-like conductivity of TiC is beneficial to dissipate charge build up due to fric-
tional contact [29]. Electrochemical nature of TiC was highlighted in studies [30, 
31] that have shown anodic dissolution of TiC in aggressive chemical conditions 
and [32] where TiC nanowires exhibited enhanced electrocatalytic properties allow-
ing facile electron transfer and redox activity. It is known from a study [29] that 
alumina-TiC composites have high oxidation resistance in air and nitrogen environ-
ments for temperatures up to 350  °C.  However, alumina-TiC composites also 
undergo oxidative wear in dry conditions. Bare alumina-TiC has been observed to 
release CO2 as a byproduct of tribochemical wear of TiC at 120 °C under dry sliding 
wear [33] and that oxygen chemisorption and carbon oxidation is catalyzed by 
alumina- TiC. Such a tribochemical wear mechanism is likely to be enhanced under 
an aqueous environment that allows continuous electrochemical interaction.

Considering improved mechanical strength, wear resistance of alumina-TiC and 
biocompatibility of TiC itself, alumina-TiC composites may be regarded as an 
appealing biomaterial for load bearing implants. However, the tendency of TiC to 
facilitate charge transfer in electrochemical processes and reactivity of alumina in a 
wet environment pose a need to evaluate the electrochemical behavior of alumina- 
TiC composites. Hence the electrochemical activity of alumina-TiC in an aqueous 
chemical environment, especially when compounded by destructive mechanical 
processes like high impact loads, abrasion, cyclic fatigue, frictional wear, needs to 
be evaluated. Such an evaluation would enable a better material design of the 
ceramic composite for biomedical applications.
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In this study, we focus our efforts on investigating the effect of TiC reinforce-
ment on the electrochemical degradation of alumina-TiC composites. We aim to 
elucidate the degradation mechanism involved by studying the electrochemical 
response of alumina-TiC composites when it is abraded in an aqueous environment 
and assess corresponding alterations in surface chemistry and appearance with 
quantitative and qualitative techniques, respectively. The experimental methods 
employed to understand the interplay of mechanical and electrochemical processes 
are as follows (Table 1):

2  Methods and Materials

To examine the effect of gentle abrasion on the electrochemical behavior of alumina- 
TiC composites, we built an experimental apparatus allowing us to abrade the com-
posite with a brush in an aqueous environment while simultaneously measuring 
electrochemical response from the composite. Doing so will enable us to study the 
spontaneous oxidative processes induced by brushing abrasion and establish inter-
dependence among different parameters of abrasion, including temperature, brush-
ing acceleration and speed, electrochemical potential and current. Further 
characterization of the degradation of alumina composites by brushing abrasion is 
achieved by comparing microstructural damage due to abrasion in a dry 
environment.

2.1  Brushing Abrasion Setup

The setup built for the brushing tests is shown in Fig. 1. Its center piece is a motor-
ized overhead stirrer (Eurostar power control-visc, IKA Works, Wilmington, NC) 
for rotational-motion of brush about the vertical axis. Brushing abrasion of an 
alumina- TiC composite sample is accomplished with a nylon brush, attached to the 
end of the motor shaft. The acceleration and speed of the stirrer motor is controlled 
using the labworldsoft 5 program (IKA Works, Wilmington, NC). This setup also 
simultaneously measures the electrochemical response of alumina-TiC composites 

Table 1 Experimental methods used in the study

Tests

Quantitative/semi-quantitative (i) Electrochemical methods:
(a) Open circuit current (ZRA)
(b) Electrochemical impedance spectroscopy
(ii) Chemical analysis:
(a) Inductively coupled plasma mass spectrometry (ICP-MS)
(b) Xray photoelectron spectroscopy (XPS)

Qualitative Scanning Electron microscopy (SEM)
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to brushing abrasion with a potentiostat (VersaStat MC, Princeton Applied Research, 
Oak Ridge, TN). A heating unit in the set up comprises of a J-type thermocouple, 
heating tape (BIH051020L, BriskHeat, Columbus, OH) and a digital temperature 
controller ITC-106 (Inkbird, Shenzhen, China) is used to control the temperature of 
the test solution (electrolyte) throughout the duration of a test. The contact load 
between the brush and the composite sample is monitored and controlled using a 
force sensor (flexiforce sensor: A201, Tekscan, South Boston, MA). In a typical 
brushing test, a nylon brush is brought into contact with the surface of the alumina- 
TiC composite sample and a contact force of 45 gm-f (0.44 N) is achieved by the 
force monitoring unit and by adjusting the base plate on linear translation stage. 
This force may fluctuate about this constant set value during brushing due to scat-
tered contact of rotating bristles of the brush. A ramp scheme is designed in the 
labworldsoft to control the acceleration of the motor from rest to a preset maximum 
brushing speed, governing the rate and degree of abrasion.

2.2  Sample Preparation

For every test, commercially available alumina-TiC (70%/30%) samples, 
10 × 10 mm in size, were first cleaned ultrasonically for 10 min in ethanol followed 
by rinsing in deionized (DI) water. An electrical connection with the composite 
sample was established using a copper tape and the test sample was used as the 
working electrode (WE). All sides of the sample except the top surface and copper 

Motor control

Versastat in 
ZRA configuration Ground                   

Working Electrode(WE)

Reference Electrode(RE)

Thermocouple
Heating coil

Platinum Mesh 

Al2O3-TiC Sample (WE)

Motor Shaft 

Sample Holder

Flexi-Force Sensor

Calomel Electrode

Test Solution

Stirrer motor

Temperature  
controller

Force Monitoring program

Nylon Brush

Base Plate

Fig. 1 Experiment apparatus set up for brushing abrasion
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tape to be exposed to the test solution were coated with lacquer to minimize 
unwanted interferences from copper. The prepared sample was kept at a fixed posi-
tion on a sample holder with its top surface facing up. A nylon brush in the form of 
a bundle of bristles with a polyethylene base was used for brushing about the verti-
cal axis. The nylon brush was cleaned by sonicating in ethanol for 10 min followed 
by rinsing in DI water.

2.3  Electrochemical Measurements

Electrochemical measurements were made using a VersaStat MC.  A Saturated 
Calomel Electrode (SCE) was used as the reference electrode (RE), a platinum 
mesh as the counter electrode for potentiostatic (applied potential) and potentiody-
namic tests and as a ground lead (GND) for open circuit condition (free potential) 
measurements. Micro90 (pH~9.5), a corrosive organic solution diluted to 0.3% 
(vol/vol) in DI water and heated to 75 °C, was used as an electrolyte unless stated 
otherwise. To monitor the brushing induced electrochemical current response with-
out applying any electrical potential (free potential), a potentiostat set in a Zero 
Resistance Ammeter (ZRA) configuration was used in a three-electrode setting.

2.4  Brushing Abrasion Testing

Before starting the brushing abrasion, the open circuit potential (OCP) of the 
alumina- TiC sample was allowed to stabilize for 10 min while recording the elec-
trochemical current. Brushing acceleration and speeds were controlled by adjusting 
the ramping times for the stirrer motor to reach maximum abrasion speed from rest. 
Following the brushing test, the composite sample was rinsed with DI water and 
ethanol and stored for surface analysis.

By using the same test parameters and setup as described above for every run of 
an experiment, a systematic study of brushing abrasion was performed to character-
ize the mechanically assisted degradation of alumina-TiC composites and identify 
factors that affect the degradation process.

2.4.1  Effect of Brushing Acceleration and Speed

Since acceleration i.e. the ramping time to reach maximum brushing speed controls 
the amount of rotational force imparted to the surface features under abrasion, the 
effect of ramping time was studied under three different ramping schemes: 10, 40 
and 70 s to ramp the rotational speed of brush from rest to maximum speed of 800 
revolutions per minute (rpm). Total test duration was about 17 min with 10 min for 
OCP stabilization, 5  min of brushing, and some remaining time for motion 
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actuation and slowdown. Two maximum brushing speeds were used: 500 and 
1200 rpm. After the brushing tests, the resulting surfaces were imaged and analyzed 
for morphological changes. This set of experiment was designed to correlate elec-
trochemical responses with the abrasion ramping time and speed.

2.4.2  Effect of Temperature

Temperature is an important factor that governs the thermodynamic favorability of 
electrochemical processes, rate of reaction and conductivity of the test solution. To 
understand the effect of temperature, the prolonged exposure of alumina-TiC com-
posites to an aqueous alkaline environment was carried out in a heated (75 °C) and 
room (25 °C) temperature. The total duration of these tests was 2 h with brushing 
abrasion for 6 min (in three consecutive brushing cycles of 2 min each). The brush-
ing abrasion parameters were kept the same: a contact force of 45 gm-f, ramping 
time of 10 s, and maximum brushing speed of 800 rpm.

2.4.3  Effect of Environment

To ascertain if the material degradation mechanism is an abrasion assisted electro-
chemical process and not just a tribological process, brushing abrasion in dry condi-
tions (no electrolyte) was also performed. The resulting microstructural damage of 
the dry-test samples was examined and compared with the wet-test samples. Aside 
from the dry and wet difference, other experimental settings were kept unchanged 
at a contact force of 45 gm-f, ramping time at 10 s, and maximum brushing speed 
of 800 rpm. In this way, the surface damage incurred would be mainly due to brush-
ing abrasion because the electrochemical interactions of TiC with the aqueous envi-
ronment were eliminated in dry abrasion.

2.5  Electrochemical Impedance Study

Electrochemical impedance spectroscopy (EIS) tests were undertaken using the 
same setup described earlier to characterize oxide formation and change of sample- 
electrolyte interface properties. Impedance scans were taken before and after poten-
tiostatic conditions (anodic and cathodic) and abrasion tests in Micro90 at 75 °C. 
Potentiostatic tests were performed to verify the propensity and stability of the 
oxide formation particularly on the TiC domain as alumina does not participate in 
the charge transfer processes. The value for the applied potential in potentiostatic 
tests was chosen from active cathodic and anodic regions of potentiodynamic tests 
which coincided with average OCP values (−250 mV vs. SCE) observed in free 
potential mode during brushing abrasion. The experimental design for EIS analysis 
is shown in Table 2 below.
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Three runs of impedance test were performed before and after the application of 
each experimental condition listed in Table 2 to study the altered sample-electrolyte 
interface. In every impedance scan, alternating current (AC) perturbation with mag-
nitude of 50 mV was applied at open circuit condition in the frequency range of 
1 Hz–50 kHz. For brushing abrasion experiments, 10s of ramping time with a maxi-
mum speed of 800 rpm was applied after 10 min of OCP stabilization. Charge trans-
fer resistance (Rct), the parameter of interest in this experimental design, was 
obtained with ZView by fitting an equivalent circuit model to the Nyquist plot 
acquired. Any alterations in charge transfer resistance before and after a test condi-
tion would give us clues about possible changes in oxide film on the TiC domain.

2.6  Surface Characterization

Abrasive alterations in surface morphology were examined through comparison of 
images obtained from Scanning Electron Microscopy (SEM) (SU6600 and S4800, 
Hitachi High Technologies, Tokyo, Japan) for abraded samples and pristine sam-
ples. Changes caused by different parameters of brushing abrasion tests were ana-
lyzed. Note that with less energetic secondary electrons reflected from sample 
surfaces, images taken at low kV (0.7 kV) will reveal more superficial information 
than 5 kV, and that at the lower kV, the contrast will be reversed and alumina matrix 
domain will appear as darker regions under 0.7 kV rather than lighter under 5 kV.

2.7  Chemical Analysis

As the mode of abrasion employed in this study is of gentle nature, to obtain mea-
surable alterations in surface chemistry, a much longer duration of brushing abra-
sion was employed. To accelerate the surface chemistry changes by brushing 
abrasion, continuous brushing in heated Micro90 at 1000  rpm (ramping time of 
10  s) for 2.5  h was performed following 10  min of OCP stabilization. Abraded 

Table 2 Experimental conditions for EIS study

Experiment Duration Temperature
Brushing 
abrasion

Applied 
potential vs. 
SCE

Anodic biasing 43 min 75 °C No 250 mV
Cathodic biasing 43 min 75 °C No −250 mV
No brushing-no 
biasing

43 min 75 °C No No

Brushing-no 
biasing

10 min OCP stabilization 
+30 min brushing +3 min to 
restore

75 °C Yes No
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regions were marked under optical microscope for chemical analysis by X-ray 
Photoelectron Spectroscopy (XPS). Elemental scans for titanium were performed to 
observe changes in oxidation states after brushing abrasion. Atomic percentages of 
each element (Ti, C, Al and O) from XPS scans were obtained to gain a preliminary 
understanding of changes in surface chemistry due to the electrochemical process 
activated by brushing abrasion of alumina-TiC.

The test solution after brushing abrasion was also analyzed for any traces of 
titanium oxide or alumina particles released as debris during the prolonged brush-
ing. ICP-MS (Inductively Coupled Plasma Mass Spectrometry) was employed to 
determine elemental titanium and aluminum concentration of test solution. Untested 
Micro90 solution was also analyzed as a control.

3  Results and Discussion

3.1  Electrochemical Response to Brushing Abrasion

Under OCP conditions, the composite shows a baseline current of nearly 1 μA in the 
heated Micro90 environment, suggesting a dynamic electrochemical process on the 
sample surface. These measurable electrochemical interactions during OCP stabili-
zation period signify that the electro-active TiC domain of the composite interacts 
with the test solution. After OCP stabilization, brushing abrasion results in typical 
‘passive layer breakdown’ behavior as evident in both the OCP and current responses 
which are commonly observed with metal and metal alloys [3, 34, 35] as well as 
metal-ceramic composites [36]. In response to abrasion after OCP stabilization, 
electrochemical current shows a sharp increase with a concurrent negative drop in 
OCP as shown in Fig. 2, indicating activation of oxidative reactions on TiC. The 
decay of both current and OCP suggests a re-passivation process occurring to rem-
edy the disruption of the oxide barrier on the sample surface. This re-passivation 
behavior may not completely form a compact non-porous film due to continuing 
abrasion when the brushing motion is going on.

As the brushing stops, the current decays to its original rate of stabilization. Such 
behavior shows that the rate of electrochemical reaction on the TiC domain is 
increased due to brushing abrasion. Parameters like ∆V and ∆I depicted in Fig. 2 
are the differential values of OCP and electrochemical current respectively from 
baseline, that provide a quantitative measure of the electrochemical activity of 
alumina- TiC initiated by abrasion.

Magnitudes of the electrochemical current and potential vary with brushing 
abrasion parameters like ramping speed and maximum brushing speed. As seen in 
Fig. 3a, current response to brushing with a ramping time of 10s is the highest with 
the greatest average ∆V (0.022 V) and ∆I (17.3 μA) as plotted in Fig. 3b. Clearly, a 
shorter ramping time generates a larger rotational acceleration hence exerting 
greater abrasive forces on a sample surface than a longer ramping time, leading to 
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more morphological damage. Similarly, a larger maximum speed generates a higher 
current and causes more surface damage. For example, as seen in Fig. 4a, b, the case 
of 1200 rpm maximum speed results in higher delta values for OCP and electro-
chemical current (∆V  =  0.035  V,∆I  =  26.19  μA) than the case of 500  rpm 
(∆V = 0.017 V, ∆I = 17.92 μA). These facts suggest that the abrasion of alumina- 
TiC activates an oxidative electrochemical process, resulting in increased chemical 
interactions with an aqueous environment and the corresponding electrochemical 
response depends on abrasion parameters.

At elevated temperature of 75 °C, the baseline current and the peak value in the 
electrochemical response curve are much higher than at room temperature, as shown 

Fig. 2 Typical electrochemical response of alumina-TiC to brushing abrasion in Micro 90 at 
75 °C

Fig. 3 Effect of ramping time on (a) Current response to brushing abrasion at 10 s, 40 s, 70 s and 
(b) Average ∆V and ∆I values for n = 3 in Micro90 at 75 °C
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in Fig. 5. This indicates that the degradation mechanism triggered by abrasion is an 
electrochemical process involving an oxidation reaction whose thermodynamic 
favorability is enhanced at higher temperatures. Moreover, at a higher temperature, 
the increased conductivity of a solution could also play a role by making more 
charged species available to enable faster reaction kinetics on the TiC domain. 
Among the three brushing cycles, the current response to the first cycle of brushing 

Fig. 4 Effect of maximum brushing speed on (a) Current response to abrasion at 1200 rpm and 
500 rpm and (b) Average ∆V and ∆I values for n = 3 in Micro90 at 75 °C with a ramping time of 
10 s

Fig. 5 Effect of temperature on current response to brushing abrasion (3 cycles) in Micro 90
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is the highest and successive current responses reduce in magnitude. This reduction 
in current could be attributed to several reasons. It could be due to the hysteresis 
loosening of the bristles after each brushing motion, or it may be due to a loss of 
material by abrasion in each brushing cycle, leading to less brushing contact in 
subsequent brushing cycles.

3.2  Surface Characterization

SEM images of the sample surfaces after the abrasion test given in Fig. 6a–f show 
that the abraded samples have been brushed off [37] exhibiting circular ‘ploughing’ 
[38–40] marks, likely caused by material removal along a curvilinear track. Under 
a low magnification (at 100X or lower) these marks appear as concentric rings, 
consistent with the rotational brushing trajectory (Fig. 6a–c). At a higher magnifica-
tion, the ploughing marks appear as dark and bright bands. Under closer inspec-
tions, these dark bands are formed due to a greater amount of surface wear than 
brighter bands.

The appearance of these circular bands is affected by the way brush bristles 
spread on the sample based on the initial contact force between the sample and 
brush at the beginning of the test. Darker regions show a greater degree of morpho-
logical damage and material removal, mostly on the alumina domains than the 
brighter band region, in which the alumina exhibited much lesser damage. At a 
18,000X magnification (Fig. 6g), the alumina domain is white and TiC black. In 
comparison with a pristine sample (Fig. 6h), we clearly see the grain boundary wear 
and material removal on the alumina domain on the brushed sample (Fig. 6g).

Surface damage as observed in Fig. 6 suggests the susceptibility of the alumina- 
TiC composite to abrasive wear incurred along with electrochemical activation 
(Fig. 2) under gentle abrasion condition. Keep in mind that alumina domains appear 
white in higher kV SEM images from SU6600 and the TiC domain is black, but the 
contrast reverses in lower kV SEM images from S4800.

As seen in Fig. 7, the case of a 10 s ramping time which corresponds to the high-
est current response induces the most severe surface damage than the two other 
slower cases. High brushing speed causes a similar outcome: more severe surface 
damage under 1200 rpm than under 500 rpm as shown in (Fig. 8). The TiC grain 
boundaries show more wear giving a smeared boundary appearance [37]. As we see 
in these images, the overall damage is of the same ‘microploughing’ type. The vari-
ation of brushing abrasion parameters is manifested in the severity of damage 
induced in grain boundary region, with the most severe damage seen for the 10 s 
case followed by 40 s and 70 s cases. Similarly, a lower maximum speed (500 rpm) 
causes less damage than a higher maximum speed (1200 rpm). These revealed rela-
tionships between electrochemical current response and brushing acceleration and 
maximum brushing speed and the induced surface damage confirm that the degra-
dation mechanism is an abrasion assisted electrochemical process and the degree of 
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Fig. 6 SEM images (SU6600) of alumina-TiC sample after brushing abrasion in a heated environ-
ment at magnifications of (a) 40×, (b) 100×, (c) 250×, (d) 600×, (e) 1200×, and (f) 3500×; 18,000× 
images of the microstructure of (g) Brushed and (h) Pristine samples
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electrochemical interaction of TiC with the environment depends on the magnitude 
of parameters controlling the mechanical process of abrasion.

As apparent in Fig. 9, grain boundaries are more intact at room temperature and 
alumina domains show much lesser wear in the room-temperature condition than in 

Fig. 7 Low kV SEM images (S4800) of alumina-TiC showing differences in morphological dam-
age at ramping speeds of (a) 10 s, (b) 40 s and (c) 70 s to maximum brushing speed of 800 rpm

Fig. 8 Low kV SEM images (S4800) of alumina-TiC showing differences in morphological 
 damage at different maximum brushing speeds of (a) 1200 rpm and (b) 500 rpm with ramping  
time of 10 s
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a heated condition. This morphological damage corresponds well to the current 
responses obtained (Fig. 5) at these at two different temperatures.

While comparing the surface of dry brushed samples with wet brushed samples, 
the material removal of the alumina domain was much less in the dry brushed sam-
ples with no damage in the grain boundary region. Damage incurred on alumina 
domain in a wet environment, especially near grain boundary region could be due to 
a greater chemical reactivity of alumina to aqueous environment possibly driven by 
a reaction with water to form hydroxide. At a higher temperature, not only is the rate 
of electrochemical interactions of TiC with an aqueous environment higher, the 
susceptibility of alumina domain to abrasive wear is also increased.

3.3  Chemical Analysis

XPS analysis of the brushed samples revealed alterations in surface chemistry 
caused by the oxidative electrochemical process on the TiC domain. Brushed and 
pristine samples showed the similar elemental composition but their atomic per-
centages were different (Table 3).

Fig. 9 Comparison of SEM images (SU6600) of alumina-TiC composite brushed in (a) Wet 
(Micro90) and heated, (b) Wet (Micro90) and room temperature (Rt) and (c) Dry Rt environment
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As seen in Table 3, brushed samples show a reduced amount of carbon atoms in 
the scanned regions along with a higher percentage of titanium and oxygen atoms 
than the pristine sample. The altered atomic percentages indicate a loss of carbon 
atoms and acquisition of oxygen on the surface. Further, the regional elemental 
scans plotted in Fig.  10 for titanium show the relative percentage of the Ti2p3/2 
bonded to Ti and the Ti2p 3/2 bonded to oxygen in TiO2, where a normalized count per 
second (cps) is obtained with respect to a common peak at approximately 464.4 eV 
for both samples.

The pristine sample shows a default TiO2 peak at 458.3 eV with a Ti2p3/2 peak at 
454 eV representing a Ti-Ti bond. For the brushed sample, the number of Ti bonded 
atoms to oxygen increased by almost two times as marked by a higher peak at 
458.3  eV corresponding to Ti2p3/2O2 formation. Thus, chemical analysis through 
XPS suggests abrasion induced electrochemical oxidation of TiC to TiO2 accompa-
nied by a release of some carbon-based product in aqueous environments.

Table 3 Atomic percentages of brushed and pristine samples from XPS measurements

Atomic percent (%)
Sample/element Ti C O Al

Pristine Average 3.42 38.8433 38.96 18.77
Std. dev 0.98 7.21 3.98 2.37

Brushed Average 7.01 28.93 47.28 16.77
Std. dev 0.88 2.02 1.23 0.66

Statistical significant difference p < 0.05 p < 0.1 p < 0.05 No difference

Fig. 10 Elemental scans from XPS analysis for brushed and pristine samples
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Results of the ICP-MS analysis show the presence of aluminum at 57 ppb for the 
tested solution and an undetectable level for the untested solution. For titanium, the 
amount is below the detection limits for both solutions. Higher aluminum concen-
tration in the tested solution indicate that even with gentle abrasion the composite 
will release wear particles into the test solution, though the precise chemical state, 
e.g., whether alumina or aluminum hydroxide, is unknown. These particles may 
have been immediately swept away from sample surface and brushed along the 
surface. If the loose particles are alumina, they could have resulted in ploughing of 
the sample surface.

3.4  Electrochemical Impedance Data Analysis

Electrochemical impedance spectroscopy data can provide crucial information 
about the state of the oxide film at the composite-solution interface. An oxide film 
formed on a surface often exhibits resistive (frequency-independent) and capacitive 
(frequency dependent) behavior. The Nyquist plot is an effective way to character-
ize the charge transfer processes. In a Nyquist plot (often a semicircle), fast kinetic 
controlled reactions are represented in a high frequency region at the left end, and 
slow diffusion and mass transfer controlled reactions are captured in a low fre-
quency region at the right end, as depicted in Fig. 11b. With the equivalent Randles 
circuit shown in Fig. 11a, containing a constant phase element (CPE), charge trans-
fer resistance of oxide films (Rct) and solution resistance (Rs), we can determine the 
various parameters through statistical fitting of the circuit model to the Nyquist 
plots. Here Rs measures the resistance present in solution between the reference 
electrode and working electrode, which is affected by ionic concentration, tempera-
ture, type of ions and area of electrode. Rct is the resistance of the oxide film and 
electrode-electrolyte interface to charge transfer, and it varies with the type of 

Fig. 11 (a) Equivalent circuit for Randles cell and (b) Corresponding Nyquist plot
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reactions, conditions of oxide film (compact or porous with defects), temperature, 
electrode potential and concentration of reactant species. CPE is a non-ideal repre-
sentation of capacitive behavior of an electrical double layer on an electrode- 
electrolyte interface [41]. For analyzing EIS data, the alumina domain is considered 
not to be participating in the charge transfer processes during electrochemical 
interactions.

Rct values before and after each test run in experimental conditions mentioned in 
Table 2 were obtained by fitting of the equivalent circuit model to the inner semi-
circle (high frequency region) of the Nyquist data obtained (Fig. 12). Frequency 
dependent behavior of the phase between the applied input and measured output 
signal and impedance at electrode interface in Bode plot (not shown) was marked 
by a one time constant, which is representative of a single R-C component like 
equivalent circuit for a Randles cell.

After anodic biasing (250 mV vs. SCE), the Rct value increased, indicating for-
mation of a stable and compact barrier to charge transfer processes verifying the 
tendency of the TiC domain to form TiO2 in an aqueous environment. Similar 

Fig. 12 Nyquist plot obtained before and after each experiment. (a) Anodic biasing (250 mV vs. 
SCE), (b) Cathodic biasing (−250 mV vs. SCE), (c) No brushing-no biasing, and (d) Brushing-no 
biasing
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behavior was observed when the sample was just exposed to the test solution under 
a no-biasing condition without brushing abrasion. However, after cathodic biasing 
(−250 mV vs. SCE), Rct values reduced. Cathodic potentials are known to deterio-
rate the stability of the TiO2 film [3] that results in an increased amount of electro-
chemical interaction of TiC with the environment and enhanced charge transfer rate 
at the interface. The brushing with a no-biasing condition, which favors oxide film 
formation under undisturbed conditions, produces reduced Rct as seen in Fig. 13 
after brushing abrasion.

3.5  Understanding the Degradation Mechanism of Alumina- 
TiC Composite

In the current study, the alumina-TiC composite underwent ‘gentle abrasion’ and 
the fundamental degradation mechanism can be categorized as tribo- electrochemical 
wear. The oxidative current response and ploughing damage on the composite sur-
face are all indicators of tribo-electrochemical wear induced by brushing abrasion. 
There is no visible wear on TiC grains due to its higher hardness [22] and wear 
resistance. However, TiC likely undergoes oxidation [30, 31] to form TiO2 and CO2 
as per the following reaction:

Fig. 13 Charge transfer resistance Rct values for composite sample before and after each experi-
mental test condition in Micro90 at 75 °C (*significant difference (p < 0.05) & **significant dif-
ference (p ≤ 0.1)
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TiC H O TiO CO H eaq aq+ → + + +( )

+
( )

−4 8 82 2 2  
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Upon contact with an aqueous environment and when left undisturbed, a passive 
oxide layer would form on TiC, as the Rct value plotted in Fig. 13 indicates. The 
onset of brushing could lead to the removal of micro-asperities on the alumina 
domain along with the rupture of a passive layer on TiC thus activating a burst of 
electrochemical oxidative processes on conductive TiC as shown in Eq. (1). While 
the TiC domains would repassivate and form TiO2, the ongoing brushing would 
keep the electrochemical interactions of TiC active due to continuous abrasion of 
any possible oxide layer formed. Under this situation, a stable oxide layer can hardly 
exist. Aside from TiO2 formation, the reduction in carbon percentage in XPS results 
point toward the release of carbon atoms into the solution to form CO2 as per Eq. (1) 
due to oxidation and replacement of carbon by oxygen in the TiC crystal lattices.

In general, gentle wear process like the one performed in this study would cause 
less damage [23]. Through qualitative comparison of the surface morphology of 
abraded samples under different environment conditions, it is clear that the alumina 
domain showed a greater amount of material ‘chipped away’ in a wet and heated 
environment than at wet room temperature and dry brushing conditions. Alumina 
experiences tribological and chemical degradation. The hydrophilic nature of alu-
mina causes it to readily hydrate to aluminum hydroxide when in contact with water 
and this reaction is thermodynamically more prevalent at higher temperatures [42, 
43]. Strong reactivity to water and resulting greater surface plasticity of alumina in 
a wet environment makes it more susceptible to wear in a wet environment than dry 
conditions [23]. During abrasion, the hydroxide formed that may not be adherent is 
abraded away along with chipping of brittle alumina domain as supported by 
ICP-MS analysis. The low stress during brushing abrasion leaves released debris 
unconstrained [44] and they could be immediately swept away from the sample 
surface and brushed along creating circular trajectories further abrading the alumina 
matrix. Thus, debilitated wear resistance of the alumina domain in a heated aqueous 
alkaline environment plays a crucial role in the degradation of the composite.

Relating this understanding to the evidence from altered charge transfer resis-
tance, the wear debris released also interrupts the passive TiO2 layer formation on 
the TiC domain during continuous brushing. It is important to note that the electro-
chemical current response may have negligible or no contributions from alumina 
even though it could be chemically reacting with an aqueous environment. However, 
XPS chemical analysis of the brushed sample for 2 h does show traces of TiO2. This 
indicates that prolonged brushing and exposure to the solution does result in TiO2 
formation in worn out regions, however, its structure may not be uniform and com-
pact to offer any resistance to oxidative charge transfer processes because of brush-
ing abrasion. A similar reduction in Rct after abrasion due to damage in the protective 
layer was observed by others [45, 46].

H. U. Maharaja and G. Zhang



169

4  Conclusions

This study has shed new insights into the interplay of abrasion and electrochemical 
degradation of alumina-TiC ceramic composite in an aqueous environment. An oxi-
dative electrochemical process on TiC is activated by brushing abrasion while alu-
mina also undergoes abrasive wear. It is established in this chapter that:

Brushing abrasion causes electrochemical activation of alumina-TiC composite, 
forming TiO2 on the composite surface due to oxidation of TiC in aqueous 
environment.

• Abrasive damage occurs near the grain boundaries with traces of “microplough-
ing” on alumina domains.

• Electrochemical response to brushing abrasion and the corresponding surface 
damage are affected by abrasion parameters like acceleration and speed of the 
abrasion and the temperature of test environments.

• An elevated temperature enhances thermodynamic favorability and reaction rate 
of TiC oxidation and enables faster charge transfer.

• A wet and heated environment increases susceptibility of abrasion damage in 
alumina domain in comparison with a dry condition.

• Wear debris released from alumina abrasion may hinder the formation of a pro-
tective TiO2 film.

It is crucial to consider that abrasion mechanisms employed in the study are 
gentle and under extremely low load conditions and such mechanically assisted 
electrochemical degradation mechanism is certainly to be aggravated under a greater 
load in aggressive ionic environments present in the biological milieu.
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1  Introduction

Total joint arthroplasty, or total joint replacement, is a successful procedure used 
when the native joint tissue no longer functions appropriately or when pain due to 
degradation of the joint surface limits a person’s daily activities. From osteoarthritis 
to osteonecrosis, there are multiple indications to perform a total joint arthroplasty. 
No matter the diagnosis, the procedure’s goal is to provide the patient with pain 
control, stability and a clinically functional joint for return to their daily life. 
Regardless of age, affected patients have decreases in activities ranging from the 
inability to participate in sports to the inability to mobilize for activities of daily 
living because of joint destruction. Patients must fail nonoperative management 
prior to becoming a candidate for total joint arthroplasty. Therefore, most patients 
are on long-term anti-inflammatory medications. They modify their daily activities 
sometimes to the extreme of not using entire floors of their house just to avoid stairs. 
Most of them have reached a point where they have to use a cane, walker or wheel-
chair for assistance with mobilization. Some patients have such limitations of their 
motion that they are unable to sit in a chair or car for any length of time. These limi-
tations typically cause a substantial decrease in the patient’s quality of life. Patients 
who undergo a total hip or total knee arthroplasty (THA, TKA) have successful 
recoveries that allow return to work and normal daily activities affecting society in 
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a positive way. The societal benefit of both THA and TKA are significant, with 
approximately $33,000 net societal savings per THA performed and a net societal 
savings of $19,000 per TKA performed [1, 2]. When compared to preoperative 
baseline, an updated study projected the estimated incremental cost-effectiveness 
ratio for THA to be $40,000 per quality-adjusted life years (QALY) and, for TKA, 
to be $43,107 per QALY [3]. Projections of future primary and revision total joint 
arthroplasties are estimated to significantly increase from 2005 to 2030. According 
to Kurtz et al.’s prediction, the number of primary THAs performed will increase 
from 208,600 in 2005 to 572,000 in 2030. Primary TKAs are predicted to increase 
from 450,000 in 2005 to 3.48 million procedures in 2030 [4]. Although these pre-
dicted values are based on the use of the Nationwide Inpatient Sample, efforts to 
produce implants with improved longevity will highly impact the rates of revision. 
The revision procedures documented in 2005 are predicted to double by the year 
2026 for THA and by 2015 for TKA [4]. Currently, projected case numbers are 
outgrowing the available medical and economical resources [4–6].

Total joint arthroplasty affords patients the means to achieve a better lifestyle 
with a return to most of their daily activities. The success of total joint arthroplasty 
has continued to improve over time with better prosthetic designs as well as better 
patient selection for the surgical procedure. When considering the definition of suc-
cess, there are both patient and surgical factors. Most patients report success as a 
fulfillment of their preoperative expectations, with pain relief and mobility being at 
the top of their list. When assessing patients pre- and postoperatively, there are sev-
eral approaches to quantify success. Based on a patient’s subjective and objective 
perception of their health status and function, surgeons are able to assess the 
patient’s improvement postoperatively. Patient Reported Outcome Measurements 
(PROMs) collected by some of the largest national databases in the United States 
have shown that there is improvement in pain relief, functional status and activity 
level after a total joint arthroplasty. According to a study using a Hospital for Special 
Surgery (HSS) Hip or Knee Replacement Expectations Survey, patients’ preopera-
tive expectations are very high, identifying 11 of 18 items (for THA) and 10 of 19 
items (for TKA) as “important.” These items included pain, walking status, psycho-
logical state and daily activities (both essential and nonessential). Surgeon expecta-
tions were typically lower than the patients’ expectations preoperatively [7]. This 
study also corroborated results from previous studies that showed patient satisfac-
tion postoperatively was better for THA than for TKA [7–9]. In addition, patient 
characteristics play a large role in opportunity for a successful outcome. There is 
evidence that obesity and depression are risk factors for poor outcomes [10, 11]. If 
a surgeon can set patient expectations to appropriately prepare them for a successful 
outcome, the satisfaction rate will, in turn, improve. In the small proportion of 
patients who do not have successful results, these databases and PROMs allow sur-
geons to re-evaluate the cause of suboptimal outcomes. Albeit a small cohort of 
patients, the information obtained from unsuccessful outcomes paves the way for 
future improvements in implant design and function, surgical techniques and patient 
management pre- and postoperatively.
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When patient satisfaction is taken out of the picture, there are several factors that 
must be considered to successfully reconstruct a particular joint. A joint arthro-
plasty should replicate the function of the particular joint of interest. It should also 
be accepted without consequence by its host and last long enough to limit the num-
ber of subsequent revision procedures. Therefore, success of a joint arthroplasty is 
measured according to the stability, sterility and survivability of the implant. 
Research is continually yielding new and improved material combinations that suc-
cessfully satisfy these three expectations. Current material combinations have dem-
onstrated increasing success over the years but shortcomings still exist.

2  Stability

The ability of a material to withstand the joint reactive forces and the cyclic loads of 
a particular joint is determined by its fatigability and wear characteristics. The 
implant must provide enough strength to withstand these loads while still providing 
elasticity to prevent stress shielding at the bone-implant interface. In addition, the 
structural design has to conform to the anisotropic properties of the bone to allow 
for load sharing during the early phase of implant integration. The fixation tech-
nique also plays a significant role in the stability of an implant and can include bone 
ingrowth, bone ongrowth or cementation. These added characteristics of the mate-
rial play a role in increasing its structural stability when utilized appropriately by 
the surgeon. The ultimate goal is to increase the strength of the implant while 
decreasing its incidence of failure (periprosthetic fracture or catastrophic implant 
failure). Initial implant integration occurs through mechanical loading of the bone 
to stimulate bone-implant integration. Inflammatory responses to infection and 
wear debris, micro-motion at the bone-implant interface and inappropriate mechan-
ical loads (too great or too little) on an implant can negatively impact bone quality 
causing resorption. Late failures typically occur due to fatigue failure at material 
interfaces (bone-implant, bone-cement or cement-implant), physical integrity of the 
implant itself and bearing surface wear [12]. It has taken decades of failures to 
determine why each one occurs and how to prevent these failures in each generation 
of material production. Discussion later in this chapter will focus on the individual 
biomaterial advancements that have been sought to overcome each failure mode.

Malalignment leading to excessive wear or stress on the bearing surface can also 
lead to catastrophic failure of the bearing component. For instance, a rotational 
mismatch between the femoral and tibial component when using a bearing insert 
with a cam and post may result in fracture of the post (Fig. 1). The acetabular liner 
bearing surface also sees undue stress with excessive abduction or anteversion of 
the acetabular shell leading to catastrophic rim breakage of the liner.
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3  Sterility

Sterilization of each implant is necessary from an operative standpoint but has side 
effects that can produce less than optimal results from a materials standpoint. The 
goal is sterilization techniques that have the highest wear resistance profile while 
maintaining the mechanical toughness of the material. Limitations of free radical 
production and oxidation are direct contributors to increasing the wear resistance of 
a material. In addition, there are certain materials that contain properties that can 
elicit an allergic response in some patients. Unlike the inert nature of polyethylene, 
nickel can stimulate an allergic response, as well as a systemic response to metal 
ions and metal debris from traumatic and normal wear resulting in revision surger-
ies and results that are less than ideal. Limiting the host response to implant material 
is another characteristic to consider when trying to determine the optimal implant 
combination. Furthermore, the residue left on implants as a result of machining and 
sterilization can affect the biologic activity in the host by preventing bony ingrowth 
or ongrowth which can lead to aseptic loosening. An example is the Sulzer Inter-Op 
TM acetabular component (Sulzermedica, acquired by Zimmer Biomet, Warsaw, 
IN), recalled in December 2001 for failure of ingrowth due to residue found on 
certain packaged components [13]. The documented failure rate of this cup as esti-
mated by Sulzer Orthopedics is 13% (2353 implants failed out of 17,500 implanted). 
A prospective study of patients with this particular shell reported a 33% overall 
failure rate (30% failure of recalled acetabular components) due to aseptic loosen-
ing [13]. Bonsignore further studied the consequence of machine oil residue on 
osseointegration and osteoblast function finding a decreased ability to attach, 
spread, grow, differentiate and mineralize [14]. This local effect leads to decreased 

Fig. 1 This is a revision left total knee arthroplasty with a standard medial parapatellar approach 
performed for a fractured post of a posterior stabilized polyethylene insert with improved wear 
characteristics with decreased mechanical strength. This was a recognized complication of early 
polyethylenes utilized for posterior stabilized implants.
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pullout measures and decreased bone-implant contact percentage [14]. Events such 
as these have led to the addition of steps during sterilization to avoid adverse effects.

4  Survivability

The number of joint arthroplasties in our population of patients aged 50 to 70 years 
old is increasing with few answers as to what material will outlast the lifetime of 
these patients. The desire is to limit the number of revisions a patient will experi-
ence. However, the age at the first arthroplasty and activity level desired by that 
patient necessitates an implant survival range greater than 20 years. Biomaterials 
act differently according to their chemical makeup, geometric design and articula-
tion with the adjacent implant material. Although each material at some point dis-
plays abrasive wear, adhesive wear and fatigue failure, the primary wear 
characteristics are different for each material [12]. In addition to the survivability of 
normal wear characteristics, the role of the material to take on the burden of infec-
tion resistance also affects its survivability. There are several moves in research to 
find materials that can decrease bacterial adhesion to the implant, which will, in 
turn, decrease the number of revisions for periprosthetic joint infections. Changes in 
machining techniques, manufacturing processes and sterilization techniques have 
all improved the wear characteristics and the survivability of the implants in vivo. 
The most recent development is the production of a drug eluting highly cross-linked 
polyethylene that maintains its biomechanical properties despite eluting a higher 
concentration of antibiotics for a longer duration than the gold standard treatment 
using antibiotic cement spacers [15].

5  Bearing Surfaces: Polyethylene

5.1  Polyethylene Then

The use of polyethylene dates to the 1950s with Drs. John Charnley and GK McKee 
using what was classified as high-density polyethylene for total hip arthroplasty [16, 
17]. Over the past several decades, research has changed the way polyethylene is 
manufactured, machined, stabilized and sterilized. The available resin powders vary 
in their molecular structure giving each resin slightly differing properties including 
molecular weight and viscosity, which have a direct relationship to the mechanical 
strength of the material and its wear resistance. The powder resin is formed into a 
solid polyethylene bar stock by ram extrusion or directly molded into its implant 
shape using compression molding techniques. Historically, compression molding 
has improved linear and volumetric wear rates compared to ram extruded polyeth-
ylene with linear wear rates of 0.05 mm/year vs. 0.11 mm/year, respectively [18]. 
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Their volumetric wear rates were studied in combination with sterilization tech-
nique using either gamma irradiation in air or radiation in an inert gas. Volumetric 
wear was better for compression molding irradiated in inert gas (52.12 mm3/year) 
compared to the ram extruded polyethylene irradiated in inert gas or with gamma 
irradiation in air (62.32  mm3/year and 66.09  mm3/year, respectively) [19]. It is 
thought that the machining process involved with ram extrusion, as well as the 
decreased temperatures used to manufacture the implants, produces changes in the 
surface of the polyethylene both macroscopically and microscopically, supporting 
the effects of machining on fusion defects both prior to implantation and after 
retrieval [20]. It is known that the early process of ultra-high molecular weight poly-
ethylene (UHMWPE) implants displayed more wear characteristics in knees than in 
hips, and were worse if machined from ram extruded bar stock [21]. Knees distrib-
ute forces over the polyethylene insert differently than hips, making wear character-
istics more pronounced over shorter times. The acceptable amount of wear in a hip 
prosthesis polyethylene liner demonstrates a significantly higher and unacceptable 
wear rate profile in the knee. In addition to consolidation, radiation cross- linking or 
chemical cross-linking was used to induce higher amounts of cross-linking within 
the polyethylene. Gamma irradiation provided increased cross-linking with the dis-
advantage of increased free radical production. Sterilization in gas plasma or ethyl-
ene oxide avoids immediate and long-term oxidative degradation by limiting the 
free radical production but with no improvement in wear resistance. In addition, the 
increase in cross-linking by radiation has a linear correlation with decreasing the 
mechanical properties of the material. Oonishi compared high dose radiation to 
ethylene oxide sterilization and showed a steady-state linear wear of 0.006 mm/year 
compared to 0.098 mm/year, respectively [22]. In the late 1990s, thermal stabiliza-
tion was combined with the cross-linking techniques to improve the wear and oxi-
dation resistance of UHMWPE. An increase in the oxidation resistance of UHMWPE 
by quenching the majority of the post-irradiation residual free radicals was shown 
to maintain the mechanical property performance standards specified by the 
American Society for Testing Materials (ASTM), International Standards 
Organization (ISO) and the US Food and Drug Administration (FDA) [23]. 
Remelting further decreased free radical production and measurable oxidation; 
however, recrystallization and crystallinity decreased, further reducing the fatigue 
strength of the material [24]. With both remelting and annealing, there are reports of 
rim fracture that cause clinical concerns [25, 26]. In the wake of improvement in the 
above processes, the packaging of the implants in air penetrable encasements 
allowed for shelf life oxidation of any residual free radicals and material degrada-
tion prior to implantation.

The goal of continued clinical research is to provide longer lasting implants with 
fewer revision procedures. It is well documented that the incidence of osteolysis and 
the need for revision are both directly correlated to the amount of volumetric wear 
[27, 28]. The clinical failures and inadequacies of the conventional polyethylene as 
well as the first-generation UHMWPE brought our attention to the need for improved 
wear rates and furthermore, improved processing techniques. In the lab, this trans-
lates into a goal of increased wear resistance, decreased oxidation potential and 
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elimination of the material’s free radicals while maintaining its mechanical proper-
ties. Unfortunately, the processes that are available and currently in use have a risk/
benefit ratio with improving one of these characteristics while hindering the 
others.

5.2  Polyethylene Now

Since the 1950s, the molecular weight has increased from high-density polyethyl-
ene to ultra-high molecular weight polyethylene with an average molecular weight 
of 3–6 million g/mol [29]. Maximum bulk impact strength and abrasive wear resis-
tance are obtained between molecular weights of 2.4–3.3 million g/mol with a non- 
linear correlation to the intrinsic viscosity of the polyethylene. The wear 
characteristics appear to plateau around 3.3 million g/mol [29–31]. With polyethyl-
ene resin now at an optimum molecular weight, consolidation needed improvement 
to decrease the porosity and microscopic impurities and to prevent fusion defects 
during the process of either ram extrusion or compression molding. As compared to 
the first-generation UHMWPE, recent data show little difference in the density, ten-
sile yield, ultimate tensile strength and elongation to failure measurements between 
compression molding and ram extrusion [29] which is likely due to improvements 
in medical grade resin production and the evolution of converters used for consoli-
dation [29]. Increased research has led to more modern techniques such as Hot 
Isostatic Pressing (HIPing). Zimmer Biomet (Warsaw, IN) has become the sole pro-
prietor of the HIPing process in making their product ArCom [29]. This hybrid 
process uses high temperature pressure with argon gas and compression molding, 
followed by either a turning or milling operation.

Packaging and sterilization processes have evolved to increase cross-linking 
within the material while eliminating air from the process, in an attempt to reduce 
oxidation of free radicals. To capitalize on increased cross-linking and decreased 
free radical production, gamma irradiation in an inert gas has been utilized with 
success by many manufacturers. Electron beam (E-beam) radiation, in lieu of 
gamma irradiation, allows for the same amount of cross-linking at lower doses of 
radiation. The maximum amount of radiation provided by commercial E-beam 
accelerators is two orders of magnitude larger than that of a commercial gamma 
source [24, 32]. In addition to the high temperatures available with E-beam radia-
tion, thermal stabilization with annealing or remelting continues to complement the 
sterilization and cross-linking methods mentioned above. However, with concerns 
about the mechanical properties after melting and annealing, a process that stabi-
lizes the UHMWPE without the pitfalls of thermal processing was sought. In 2007, 
UHMWPE stabilization with the antioxidant Vitamin E was commercially avail-
able. Vitamin E diffusion into the polyethylene limits the need for post-irradiation 
thermal processing and therefore maintains the crystallinity of the product [33]. It 
was found to increase both wear resistance and oxidation resistance of the polyeth-
ylene [32, 33], (Fig. 2). The two-step diffusion process with Vitamin E at higher 
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temperatures has improved distribution throughout the polyethylene. Currently the 
UHMWPE is heated to 120 °C (20 °C below its melting point of 140 ° C) to allow 
for evenly distributed integration of the antioxidant throughout the material while 
preventing temperatures that will cause changes in the molecular structures further 
reducing the crystallinity [33, 34]. There have been attempts at infusing the polyeth-
ylene resin with Vitamin E prior to consolidation; however, this process has pro-
vided obstacles to obtaining high enough levels of cross-linking to make it 
competitive with non-infused products [35]. Short-term studies suggest an improved 
wear rate of Vitamin E polyethylene to high cross-linked polyethylene without 
Vitamin E [36]. In addition, packaging has become more sophisticated with particle 
barrier material preventing oxygen exposure in irradiated implants; packaging has 
also been designed to allow particular gas particle penetration when chemically 
sterilized. The balance of these factors has led to the great successes realized in the 
field of arthroplasty. Comparisons of the different commercially available 
UHMWPEs are seen in Table 1.

Fig. 2 The differences in a standard highly cross-linked polyethylene (top) and a Vitamin E 
infused highly cross-linked polyethylene (bottom) total knee inserts, showing the yellow color-
ation caused by the Vitamin E infusion. The goal of vitamin E is to stabilize the material to prevent 
oxidative degradation of the polyethylene. This also provides increased strength as additional steps 
of remelting are not required thereby reducing crystallinity
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5.3  Polyethylene: Case Reports 1–4 (Figs. 3, 4, 5 and 6)

Fig. 3 70-year-old male who underwent staged bilateral total hip arthroplasties 18 and 20 years 
ago. (a) and (b) show the right hip at 20 years postoperative follow-up while (a) and (c) show the 
left hip at 18 years postoperative follow-up. The patient has left hip pain with sensation of his “hip 
sliding around in the socket” but denies right hip pain. Radiographs show eccentric polyethylene 
wear (black lines) with extensive osteolysis in Charnley acetabular zone one (black arrow head) 
and in Gruen femoral zones one (white arrow) and seven (black arrow). (d) and (e) show postop-
erative follow-up 1 year from revision of only the acetabular component
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Fig. 4 89-year-old female presented with a total knee arthroplasty that had been performed 
20 years ago with a Stryker Duracon implant (Kalamazoo, MI). She dealt with pain and increasing 
instability for 5 years. Radiographs at initial presentation are shown in (a) and (b) and display 
subluxation of the tibiofemoral joint secondary to significant polyethylene wear with limited oste-
olysis in the distal femur and proximal tibia. Despite the relative position of the implants and their 
stability along with the patient’s age, it was elected to perform a revision of the polyethylene liner 
only. Postoperative imaging after undergoing revision of the polyethylene insert to a Stryker 
Duracon 16 mm polyethylene insert are shown in (c) and (d)
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Fig. 5 74-year-old female underwent bilateral total knee arthroplasties 18 years [left knee, (a) and 
(b)] and 13 years [right knee, (a)] ago. The patient presented with one-year history of left knee 
pain and decreased activity. Radiographs show extensive tibial and femoral osteolysis (arrow 
heads) with eccentric polyethylene wear, valgus angulation (white lines) and tibiofemoral sub-
luxation (white arrow). The patient underwent full revision knee arthroplasty with a Zimmer 
LCCK component (Zimmer Biomet, Warsaw, IN). Follow-up radiographs demonstrate a stable 
knee with correction of the subluxation and angulation with symmetric polyethylene (white 
brackets) (c) and (d)
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6 Bearing Surfaces: Metal

6.1  Metal Then

Using metal for orthopedic implants dates back to 1804 with fracture plating [38]. 
In the 1900s, dentists were using cobalt alloy (Co-Cr-Mo) which was soon adopted 
by the orthopedic surgeon in 1920s–30s for use in interpositional arthroplasty to 
prevent arthrodesis [32]. Stainless steel was introduced in the implant composition 
in 1926. The first joint arthroplasty meant to recreate and simulate the normal func-
tion of a joint did not appear until 1938 and was performed using stainless steel by 
Dr. Philip Wiles [38]. Stainless steel was replaced due to its lack of long-term cor-
rosion resistance. Drs. McKee and Farrar used it in the 1950s–70s initially, for the 
first metal on metal hip arthroplasties but soon started using cobalt alloy for better 
long-term outcomes (Co-Cr-Mo) [16]. Cobalt chromium alloys were found to be 
subject to mechanically assisted corrosion. Titanium alloys were introduced as a 
beneficial material for use in orthopedic implants due to their high strength, similar 

Fig. 6 70-year-old female underwent right total hip arthroplasty 20 years ago. The patient pre-
sented with progressive right hip pain resulting in eventual inability to bear weight. Anteroposterior 
(AP) and lateral radiographs (a) and (b) show eccentric polyethylene wear with proximal femoral 
bone deficiency (white arrow heads) due to osteolysis and acetabular osteolysis resulting in proxi-
mal migration of the acetabular component into the pelvis (black arrows). The patient underwent 
revision total hip arthroplasty, acetabular component only. (c) and (d) show the revised acetabular 
component to a titanium cup and a Modular Dual Mobility head (Stryker, Kalamazoo, MI). The 
patient presented with a periprosthetic hip dislocation 2 months postoperatively. She was further 
revised to a constrained liner for stability (e) and (f)
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modulus of elasticity to bone and self-passivation characteristics that assist with 
corrosion resistance. It has been found that the addition of 2–3% molybdenum to 
stainless steel decreases pitting and crevice corrosion [32].

Research on the different combinations of polycrystalline substances have led to 
the belief that metal alloys decrease the defects that define a substance’s fatigue 
strength, modulus of elasticity and corrosion resistance. Lowering the point and 
lines defects as well as decreasing the size of the grain boundaries and volume 
defects within a particular metal allows for longer survivability when implanted into 
the host environment of the human body. There are several ways to address these 
defects including solid solution strengthening, cold and hot working of the material, 
thermomechanical processing (wrought and forged material), grain size reduction 
(powder metallurgy techniques) and precipitation hardening [32, 39, 40]. These 
methods are used in isolation or in combination with different metals to achieve the 
best functional material possible for its intended use. For instance, the decreased 
time required for work hardening of cobalt alloys and the increased number of car-
bides within the substance after being carbon forged makes this material very strong 
with an increased wear resistance profile compared to its unmolested counterpart 
[40]. Titanium alloys, on the other hand, have a bimodal structure that provides 
them with a lower modulus of elasticity than cobalt alloys, but they have high 
fatigue strength and are highly biocompatible. Zirconium improves its wear and 
corrosion resistance when oxidized to ZrO2. Multiple properties can be affected by 
the different manufacturing techniques. Even after optimization of the crystalline 
material, surface modifications are implemented to further stabilize an implant for 
its function and survivability. Ion implantation, chemical and physical vapor 
 deposition, nitriding and oxygen diffusion hardening are a few of the techniques 
used to increase wear and corrosion resistance while maintaining the necessary 
oxide layer that prevents adhesive wear [41–43].

Balancing the chemical, mechanical, electrical and biological factors of metal 
alloys when manufacturing these implants is a juggling act. Even though there 
are factors such as cyclic loading related to activity level of the patient, body 
mass index of the patient, requirement of bone graft for bony defects during 
implantation and the progressive bone loss associated with increased age, there 
are complications directly related to the implant biomaterial itself. Mechanically 
assisted corrosion (MAC) such as fretting or crevice corrosion can be seen at the 
junction between modular implants; this corrosion was initially recognized at the 
head-neck taper junction of the femoral prosthesis. Just as polyethylene wear 
does not end with production of small micro molecules, the debris formed by 
MAC can cause clinically relevant complications requiring lengthy revision sur-
geries. These complications include osteolysis, pseudotumor formation and 
hydrogen embrittlement [44–46]. Individual metals also have specific complica-
tions according to their biomaterial profile such as penetrating intergranular cor-
rosion of Co-Cr-Mo, selective dissolution of beta phase titanium and large-scale 
pitting attack of Ti-6Al-4V [47, 48]. Fatigue crack initiation can occur due to 
MAC which, when combined with high cycle fatigue processes, will result in 
fatigue failure.
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The use of these materials in fracture care versus total joint arthroplasty pre-
cludes a different biomaterial profile and desired function. Metal on metal articula-
tions were popular and comprised approximately 30–50% of total hip arthroplasties 
in 2007–2008. Long-term outcomes of these articulations show that MAC plays a 
role in decreasing an implant’s ability to prevent corrosion by disrupting its passive 
film layer. Once the film layer is disrupted, particles can interpose themselves 
between the two articular surfaces and cause abrasive (stripe) wear, tribochemical 
reactions and the dominant wear mechanism of metal on metal articulations, sur-
face fatigue. Implant size and the adjacent articulating surfaces (whether a taper 
junction or the joint surfaces themselves) have been optimized with machining of 
the implants and digital technology to provide precise three-dimensional measure-
ments of the implant. Previously there were polar, congruent and equatorial bear-
ings based on the imperfections of human error during manufacturing and 
machining individual implants. Our current knowledge of implant articulations 
support boundary lubrication provided with polar bearings, meaning the inner 
bearing (femoral head) has a slightly smaller radius of curvature than the outer 
bearing (acetabular cup). Boundary lubrication decreases the presence of both 
abrasive and adhesive wear [49].

Position of an implant to distribute forces symmetrically along the bearing sur-
face is important for long-term success as well. Malalignment of a bearing surface, 
such as vertical acetabular cup placement or impingement of an implant, can lead 
to edge loading. This type of loading results in asymmetrical implant wear, propa-
gation of metal debris, pseudotumor formation, fatigue failure and ultimately neces-
sitates revision procedures [50].

6.2  Metal Now

The knowledge concerning manufacturing, machining and combining different 
biomaterials has brought about the success and popularity of the metal alloys used 
today, including iron based (stainless steel), cobalt based, titanium based, zirconium 
alloys and tantalum alloys. Cobalt alloys (Co-Cr-Mo) and titanium alloys 
(Ti-6Al-4 V) are the primary metal biomaterials currently used in total joint arthro-
plasty. Metal on metal articulations can be successful when implanted in a desirable 
position and in the appropriate patient population. High carbide containing cobalt 
chromium alloy implants with a polar bearing design have the best long-term outcome 
data of all metal on metal articulations [32].
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Fig. 7 78-year-old male underwent THA of the left hip for significant osteoarthritis (a). Total hip 
arthroplasty was performed with a metal on metal articulation utilizing a DePuy Synthes (Raynham, 
MA) Pinnacle 56 mm sector cup and a 40 mm large femoral head (b) and (c). The patient had 
significant relief of his pain and was able to continue participating in tennis and weight lifting 
activities. Ten years postoperatively, the patient has no pain, episodes of instability or limitations 
due to his left hip. Routine monitoring of his cobalt and chromium levels have remained normal 
with values of 0.7 ng/mL and 0.6 ng/mL, respectively. He will continue with yearly labs to ensure 
no progression or accumulation of systemic metal ions or concern for adverse local reactions

6.3  Metal on Metal: Case Report 5 and 6 (Figs. 7 and 8)
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Fig. 8 65-year-old female underwent THA of the right hip for severe osteoarthritis (a) and (b) 
with good relief of her pain for 7 years followed by progressive pain and instability. The patient 
was monitored for infection with a normal erythrocyte sedimentation rate of 15  mm/h and a 
C-reactive protein slightly elevated at 1.5 mg/dL. She had negative aspirates; her cobalt and chro-
mium levels were elevated to 20 and 18.4 ng/mL, respectively. (c) and (d) show her right hip 
10 years postoperatively from her primary THA showing mild osteolysis in both the femur and the 
acetabulum (arrowheads). (e) and (f) are the coronal and sagittal T2 cuts of the right hip magnetic 
resonance imaging, respectively. The greater trochanter (G) and femoral shaft (F) are marked and 
the metal on metal pseudotumor is visible on both images and identified with an asterisk (*). (g) 
and (h) are the AP and lateral radiographs of the patient’s right hip after she was revised to a 
Biomet McLaughlin 50 mm diameter + 5 mm shell with a Biomet polyethylene liner with retention 
of her femoral stem and placement of a Wright Medical Group (Memphis, TN) 36 mm, 3.5 cobalt- 
chromium head. She also had a resection of the pseudotumor and a video of the metal on metal 
fluid collection encountered during the surgery is available in the supplemental material of this 
chapter (Video 1). At last follow-up, the patient was doing well with respect to her right hip but 
complained of progressive left hip pain due to severe osteoarthritis
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7  Bearing Surfaces: Ceramic

7.1  Ceramic Then

Alumina was the first ceramic material to be used in total joint arthroplasty in the 
1970s. The first ceramic zirconium femoral heads were introduced in Europe in 1985, 
followed by use in the United States in 1989 [51]. Both alumina and zirconia were the 
basic ceramic materials yielding increased strength and hardness to overcome increased 
cyclic loads and longevity of implants for a more youthful population. Ceramic pro-
vided the implant industry with an inorganic combination of both metal and non-metal 
material with a low surface roughness and a substantially higher hardness (approxi-
mately five-fold) than what was had with cobalt chromium [52, 53]. When oxidized, 
there is also a protective layer that prevents ceramic materials from undergoing an 
oxidative process (13-2). Unfortunately, as has been seen with the other biomaterials 
discussed in this chapter, for every benefit of a material’s composition, there is a trad-
eoff. The tradeoff for ceramic’s attractive hardness is its brittleness and chances of cata-
strophic failure when used as an orthopedic implant [54, 55].

Alumina was the initial material used for ceramic bearings and has a much lower 
wear rate of 0.025 mm/year compared to that of metal bearings [56]; even lower 
wear rates (around 0.022 mm/year) were observed when the first couple years of 
bedding in were ignored [57–59]. Alumina was not successful, however, due to its 
high incidence of catastrophic failure which led to a transition to zirconia, a material 
with higher bending strength and increased fracture toughness compared to alumina 
[51, 60]. Yttrium oxidized zirconium implants made an oxide stabilized material by 
forming a metastable microstructure. The balance between this microstructure and 
its stable monoclinical phase is temperature dependent; at lower temperatures, the 
material reverted to the monoclinical phase resulting in decreased strength and sub-
sequent increased fracture incidence. In addition, this state of the material also 
resulted in increased surface roughness leading to polyethylene wear and eventual 
osteolysis. As most scientists would have entertained, combining the two materials 
in what is called zirconia toughened alumina would bring about an implant with the 
increased hardness and decreased surface roughness of alumina, while providing 
the properties of zirconia particles that assist in resisting fracture propagation [61, 62]. 
Current investigations are finding the different compositions of ceramic alloys that 
give the greatest benefit with the fewest complications. With little long-term evi-
dence, a new zirconia alloy (Zr2.5Nb) was brought into use in 2003. This alloy has 
a great material profile and promising success rates; it has a 4–5 μm black oxide 
layer that becomes protective for the underlying ceramic material if the implant 
experiences normal anatomic, expected loads. If the protective oxide layer is 
scratched or flawed by means of dislocation or implant malposition, the exposure of 
the underlying material produces a gateway to complications of wear and local 
inflammatory responses [63]. In the ideal environment, the material has an increased 
hardness and decreased surface roughness due to its primary composition of 
zirconia, with increased fracture toughness and fatigue strength due to the addition 
of metal substrates [29, 64, 65]. Again, this material is new enough to have promis-
ing results but no long-term data exist on its success.
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Material makeup of a bearing surface is only half of the battle. Manufacturing 
techniques have also improved the effectiveness of ceramics as total joint implants. 
Decreasing the grain size and increasing a material’s purity aids in reducing cata-
strophic failures of ceramic components [29, 55, 61]. In addition, HIPing is used 
with ceramics, just as it is with polyethylene, to decrease the material’s porosity, 
while tempering is used to increase toughness [29]. With these advanced techniques, 
the incidence of catastrophic failure has reduced from the 1970s to 2011 [55].

Furthermore, catastrophic failures are not the only complication with ceramic bear-
ing surfaces. Incongruent articulation of the bearing surfaces can lead to edge loading 
that, in turn, results in stripe wear [66]. As discussed previously, stripe wear affects the 
oxide layer serving as the protective layer that increases fracture toughness and 
decreases surface roughness. Incongruent articulation can be a result of implant posi-
tioning, but it may also be related to differences in articular pressure during the swing 
and strike phases of gait [66]. Edge loading is also thought to contribute to audible 
squeaking of the hip prosthesis. This phenomenon is only seen with ceramic bearing 
surfaces with a 1–20% incidence of an audible squeak with range of motion of ceramic 
bearings [51, 58, 59, 67–70]. It has been argued that position of the implants does not 
cause this noisy provocation [71, 72], although there are studies attributing the squeaky 
bearing surface to shortened head length, lateralized cups, young age, obesity and the 
natural resonant frequencies associated with stem design [70, 72]. In vitro simulations 
have attributed the noise to a lack of lubrication and the material itself [73–75].

7.2  Ceramic Now

Every brand within the total joint industry has a line of ceramic implants; however, 
Ceram Tec (Laurens, SC) is the sole ceramic producer in North America and supplies 
industry. Implant companies differ according to the varying combinations of metal or 
non-metal as well as the presence and type of surface oxide layer they possess. The 
transition to ceramic on ceramic or ceramic on polyethylene has advantages over metal 
on metal for two reasons. The first is an excellent wear resistance profile giving it 
greater longevity for a younger population. The second is the reduction in femoral taper 
corrosion and the amount of metal ions released systemically and within the tissues 
[76–79]. In addition, research is continuing to expose other benefits of ceramic bear-
ings such as decreased dislocation events and possibly decreased incidence of peripros-
thetic joint infection [76]. Current literature to support these suppositions is minimal, 
but enough significance has been shown for continued research on the subject.

The increased use of ceramic heads also followed the recall of multiple metal on 
polyethylene implants (Accolade I, TMZF, Stryker, Kalamazoo, MI) for trunnion 
corrosion and gross trunnion failure [80, 81]. There has been an increase in  literature 
focused on trunnion corrosion and options for revision cases. In revision settings for 
taper corrosion at the head-neck junction with a well-fixed stem, ceramic has 
become a good alternative to decrease the metal-metal reaction causing fretting cor-
rosion. Although ceramic on metal has a good track record, the surface changes on 
the tapered neck after head removal for trunnion corrosion has been shown to cause 
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early failure of the ceramic head [82, 83]. To prevent femoral stem revision, tita-
nium taper sleeves have provided a solution to prevent failure of the ceramic femo-
ral head; however, there are few studies to support or refute the success of the 
metal-metal interaction of the original damaged stem taper with the titanium sleeve 
[83–85]. One study with an average follow-up of 2.1 years did not have any evi-
dence of ceramic head failure or trunnion wear after revision surgery using ceramic 
heads with titanium sleeves [86].

7.3  Ceramic: Case Report 7 (Fig. 9)

Fig. 9 52-year-old male who underwent bilateral total hip arthroplasty for primary osteoarthritis 
14 years ago with ceramic on ceramic hip prostheses. The patient presented 14 years postopera-
tively with right worse than left hip pain that was eventually determined to be psoas tendonitis. 
(a–c) show the patient’s current radiographs including AP pelvis, right and left lateral images, 
respectively. The images show appropriate alignment and positioning of the implants with concen-
tric femoral head placement in the acetabular shell and no signs of peri-implant osteolysis. The 
patient also has complaints of hip squeaking with ambulation and weight bearing range of motion 
demonstrated in the supplemental material of this chapter (Video 2)
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8  Conclusion

The amazing advances within biomaterials have dramatically improved the lives of 
millions of patients around the world. With these advances have come new challenges 
that will require the marrying of biomaterial science and clinical experience to most 
benefit the patients. The perfect solution does not yet exist; however, the continued 
need to develop and create new surfaces and implants remains.
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1  Introduction

Musculoskeletal conditions affect millions of people and are the second leading 
cause of disability worldwide [1]. Through orthopedic care, patients can find pain 
relief, increased mobility, and improved quality of life, thus bettering the lives of 
individuals and improving society as a whole. Many orthopedic procedures require 
implants, and advances over the past half-century have allowed for the development 
of biomaterials with both enhanced mechanical and biological function [2]. Despite 
these improvements, many implants do not last forever: up to 15% of total joint 
implants require operative revision within 15 years of initial surgery [3, 4]. With over 
one million Americans undergoing total joint replacement annually, there is a need 
to improve the biological function and longevity of orthopedic biomaterials [5].

It is well known that inflammation is induced by implants and their resulting 
wear particles. On the other hand, early, transient inflammation is essential for 
proper bone formation and osseointegration of the implant [6]. This process is 
mediated through prostaglandins and macrophage-related inflammation, mimick-
ing the natural fracture healing response beginning with acute inflammation and 
resolving into repair and regeneration of peri-implant tissues [7, 8]. However, if 
inflammation continues, the body may mount a foreign body chronic inflammatory 
reaction, leading to enhanced and persisting inflammation, bone resorption, oste-
olysis, and ultimately implant failure [3]. Wear particles produced from the bearing 
surface, modular connections, and motion at the interface of the implant and bone 
can activate the NALP inflammasome, the NF-κB pathway, and toll-like receptors 
(TLR)-2 and TLR-4 depending on the material, size of the particles, and surface 
topology, which are reviewed thoroughly by Cobelli et al., Gibon et al., and Lin 
et al. [4, 9, 10].

Chronic inflammation can arise from aberrant activity of the immune system to 
clear wear particles. If wear debris are too large for macrophages to remove, macro-
phages fuse to form multinucleated foreign body giant cells (FBGCs) [11]. 
Normally, these FBGCs are able to degrade or sequester wear particles, allowing for 
short-lived inflammation, and eventual resolution and repair; however, if the immune 
system is overwhelmed by excessive particles of appropriate size, inflammation per-
sists [10]. This inflammation in conjunction with continued micromotion  propagates 
wear debris formation, macrophage and T cell infiltration, and eventual osteolysis 
[10, 12]. As such, chronic inflammation is a vicious cycle of persistent inflammation, 
implant wear, and bone loss.
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The longevity of an orthopedic implant is dependent upon the implant material, 
operative procedure, and patient-related factors [3]. Precise modulation of inflam-
mation post-operatively has the potential to increase the lifespan of orthopedic 
implants. By integrating our understanding of the cellular and molecular mecha-
nisms underlying prolonged inflammation, it is possible to develop optimized bio-
materials that not only mitigate chronic inflammation, but also enhance 
osseointegration, vascularization, mechanical strength, and long-term healing.

2  Inflammation and Immunomodulating Strategy

2.1  Innate Immune Response and Macrophages

Cells of the innate immune system, particularly macrophages, are the main inflam-
matory mediators that drive successful implant integration or rejection [13, 14]. 
Macrophages also play a crucial role in tissue maintenance and regulation of 
inflammation [15, 16]. All tissues contain a specific set of macrophages known as 
tissue resident macrophages that remove damaged, senescent, and infected cells to 
maintain tissue homeostasis. These tissue resident macrophages originate from 
circulating, myeloid-derived, monocytes or, in some cases, are distributed among 
tissues during embryonic development and are maintained by local pools of pre-
cursor cells [17]. Macrophages are specialized to effectively phagocytize and 
remove cellular debris, microbes, and foreign substances identified as potentially 
dangerous or pathogenic. These foreign agents are recognized by various families 
of pattern recognition receptors (PRRs) that are expressed on the cell surface, 
endosomes, and cytoplasm of macrophages [18, 19]. Activation of PRRs initiates 
intracellular downstream signaling pathways that activate phagocytosis and can 
lead to the secretion of various cytokines and chemokines. The degree of this 
innate immune response depends on the nature and amount of the activating stim-
uli: phagocytosis of apoptotic cells induces an anti-inflammatory response to 
maintain tissue homeostasis and immune tolerance, while recognition of necrotic 
cells, damaged extracellular matrix, or pathogens initiates a pro-inflammatory 
response [19, 20]. Secreted inflammatory mediators then stimulate further cyto-
kine secretion from other resident cells and recruit more immune cells to the site 
of inflammation. During acute or chronic inflammation, a large number of bone 
marrow-derived monocytes are recruited from the circulation to the inflamed tis-
sues and undergo differentiation to inflammatory or tissue regenerative macro-
phages as guided by the local microenvironment [21].

Following the recognition of threatening agents, macrophages engulf these 
agents to restrict any deleterious effects on adjacent tissues. This phagocytosis 
 process triggers enzymatic degradation of the engulfed material inside macrophages 
in some cases and, in the case of foreign biological structures, leads to antigen pre-
sentation to activate the adaptive immune response. As regulated by macrophages, 
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the immune system thus attempts to efficiently dispose of the harmful substance, 
kill the microbes encountered, and prevent further tissue injury. As an inflammatory 
reaction proceeds and the danger becomes resolved, macrophages begin to promote 
tissue healing and regeneration by secreting extra-cellular matrix precursors, a 
range of growth factors such as vascular endothelial growth factor (VEGF) and 
platelet derived growth factor (PDGF), and anti-inflammatory cytokines [22]. The 
cytokine signaling in the local microenvironment thus coordinates the development 
of an immune response and macrophage function [23].

2.2  Macrophage Polarization

Macrophages are able to undergo functional changes as instructed by the surround-
ing cytokine milieu in tissues [16]. These phagocytes assume a distinct phenotype 
with divergent inflammatory, fibrotic, and regenerative properties necessary for dif-
ferent phases of inflammation and tissue regeneration. Initially, macrophages 
become activated to a pro-inflammatory phenotype following the recognition of a 
stimulating agent by PRRs. The specific factors promoting this classical macro-
phage activation, known as M1 polarization, is comprised of endogenous danger 
signals released from necrotic cells and pathogen-associated molecular patterns 
(PAMPs), such as lipopolysaccharide (LPS), released from various invading micro- 
organisms. Activators with a similar effect also include cytokines, especially, inter-
feron gamma (IFN-γ), granulocyte-monocyte colony stimulating factor (GM-CSF), 
and tumor necrosis factor alpha (TNF-α) [24]. Macrophages with a pro- inflammatory 
phenotype are essential for the early phase of repair, but prolonged inflammation by 
these M1 macrophages exacerbate tissue injury by actively phagocytizing potential 
pathogens, killing intracellular microbes by producing oxygen and nitrogen radi-
cals, and vigorously secreting more inflammatory cytokines and chemokines.

In contrast, alternatively activated macrophages, also known as M2 polarization, 
have tissue regenerative, pro-fibrotic, and anti-inflammatory characteristics. Various 
subsets of this phenotype are induced by a combination of cytokines such as inter-
leukin- 4 (IL-4), IL-10, IL-13, transforming growth factor beta (TGF-β), glucocorti-
coids or macrophage colony-stimulating factor (M-CSF) [25]. For example, 
macrophages treated with IL-4 and IL-13 produce minimal amounts of pro- 
inflammatory cytokines, and their other secretory products stimulate cell growth 
and proliferation as well as collagen formation. Hence, M1 and M2 polarization are 
considered to represent the opposite ends of the continuum of macrophage pheno-
types [16, 26]. Whereas M1 polarized macrophages predominate in a strong pro- 
inflammatory phase at an early stage of an inflammation, M2 polarization gradually 
takes over when the intrusive agents become cleared. The tissue under inflammatory 
signaling likely contains macrophages with mixed phenotypes, and crosstalk 
between these cells enables a proper healing process and the resolution of the 
inflammation.
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2.3  Interaction Between Macrophages and Orthopedic 
Biomaterials

Tissue injury caused by surgical insertion of an orthopedic implant initially acti-
vates the immune system, but with time, the implant itself mediates inflammation as 
a foreign body [27]. The initial recognition of a biomaterial and the tissue trauma 
caused by the implantation is primarily performed by resident macrophages, which 
subsequently become activated to a pro-inflammatory phenotype and initiate an 
inflammatory response. Since many orthopedic implants, such as joint replace-
ments, are generally designed for permanent tissue and bone integration, they are 
biologically non-degradable, and might provide a constant stimulus for macrophage 
activation. In particular, the release of particulate materials of a phagocytosable size 
(<10 μm in diameter) has proven to provide a constant stimulus for inflammatory 
macrophage activation; these phagocytosable particles have been shown to induce 
endosomal damage with subsequent activation of intracellular danger sensing 
mechanisms [28, 29]. A prolonged presence of M1 macrophages leads to an 
increased inflammatory status, fibrosis, and granulomatous tissue around the 
implant—a condition called the chronic foreign body reaction [11, 30].

The long-lasting inflammatory events at the bone-implant interface have been 
observed to significantly affect the bone repair process and cause implant failures 
via osteolysis [31, 32]. At the cellular level, pro-inflammatory mediators such as 
TNF-α favor bone resorption over bone formation by increasing the production of 
Receptor Activator of NF-κB Ligand (RANKL) and decreasing the production of 
osteoprotegerin (OPG) resulting in an altered RANKL/OPG ratio [33]. RANKL 
efficiently stimulates the activation and proliferation of osteoclast precursors 
whereas OPG acts as a decoy receptor inhibiting RANKL signaling. Sustained 
inflammation thus drives osteoclast formation and ultimately failure of the implant.

As implant-mediated inflammation closely involves adverse tissue reactions and 
bone regeneration, novel approaches for biomaterial engineering are being devel-
oped: a new generation of orthopedic biomaterials should be able to modulate the 
immune environment in order to favor osseointegration of the implant [34]. This 
immunomodulating strategy aims to extend the lifespan of the implant by minimiz-
ing the destructive and maximizing the regenerative effects of the immune response 
induced by the implant.

2.4  Modulation of Macrophage-Mediated Pro-Inflammatory 
Response

Macrophages are a prime target for immunomodulation in the application of ortho-
pedic biomaterials. This is not only because these cells play an essential role in 
initiating and regulating the implant-mediated immune responses, but also because 
of their considerable heterogeneity and plasticity enable the modulation of their 
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function [16, 30]. Methods controlling macrophage activation could discourage 
increases in the pro-inflammatory signaling, avoid excess fibrosis, and prevent bone 
loss around the implants. Thus, new therapeutic interventions are being pursued 
with the purpose of controlling chronic inflammation associated with implant mate-
rials by modulating macrophage polarization and thus their secretory products. 
Whereas continuous M1 activation impairs integration of the implant, signals that 
suppress the pro-inflammatory effects and support M2 polarization have emerged as 
an attractive means to facilitate implant integration [35, 36].

Several different strategies for macrophage-targeted immunomodulation around 
implants have been developed (Fig. 1) [37]. Since the degree of an implant- mediated 
immune reaction depends on the biomaterial characteristics, beneficial effects on 
macrophage function and implant integration may be achieved by modifying the 
physical and chemical properties of the biomaterial. For instance, the specific sur-
face structure of the implant material and the amount of wear products  accumulating 
in the surrounding tissues are important variables that determine the type of macro-
phage activation. Surface topography of the implant can be optimized for porosity, 
roughness, hydrophilicity, and the ability to produce wear particles in order to 
decrease initial monocyte adhesion and activation [34]. These micro- and nanoscale 
material characteristics largely determine the folding of absorbed proteins on the 
implant and consequent presentation of bioactive sites for macrophages. Moreover, 
TGF-β and PDGF directly modulate macrophage function and chemotaxis during 

Fig. 1 Strategies to modulate the innate inflammatory reactions against orthopedic biomaterials. 
1. Optimize biomaterial characteristics, e.g. surface roughness, porosity, and generation of wear 
particles, 2. Delivery of macrophage polarizing cytokines to drive the anti-inflammatory M2 mac-
rophage polarization, 3. Inhibition of pro-inflammatory cytokines such as TNF-α, 4. Blockade of 
the transcription factor NF-κB, 5. Inhibiting chemokines such as CCL2 to suppress monocyte 
recruitment, and 6. Coupling biomaterials with anti-inflammatory and bioactive molecules
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wound healing without a foreign body and may play a similar role in peri-implant 
biology [38]. Implants loaded with these molecules could thus theoretically promote 
tissue and bone regeneration both directly and indirectly.

Incorporation of immunomodulatory agents into the implant constitutes another 
major strategy to modulate innate immune reactions. For example, macrophage- 
mediated inflammation could be controlled by the local release of M2 polarizing 
cytokines IL-4, IL-10, or IL-13 [35]. In particular, IL-4 has shown great potential to 
increase implant integration to bone and mitigate wear particle-induced inflamma-
tion in animal models [39–41]. Delivery of IL-4 alters the function of local M1 
activated macrophages towards an anti-inflammatory M2 phenotype and dramati-
cally reduces the production of pro-inflammatory cytokines. In addition, IL-4 has 
anti-osteoclastogenic effects that might promote osseointegration of the implant. 
IL-10 and IL-13 possess similar immune-regulatory properties. These cytokines 
have been reported to inhibit the expression of pro-inflammatory cytokines in mac-
rophages and drive M2 activation [25]. Several studies that used a murine subcuta-
neous implantation model rather than delivery of wear particles demonstrated that 
the release of IL-4 attracts M2 macrophages and modulates the inflammatory 
response to improve the implant integration [42–44]. Interestedly, sequential deliv-
ery of M1 and M2 polarizing factors mimicking the natural course of tissue regen-
eration enhanced implant vascularization. The anti-inflammatory phenotypic switch 
promoted implant integration also by diminishing the formation of a fibrous capsule 
and increasing the quality of remodeled collagen around the implant. Further stud-
ies are needed to investigate the full potential of M2 polarizing cytokines in ortho-
pedic applications.

In addition to favoring M2 polarization, improved tissue healing around an 
implant could potentially be achieved by directly inhibiting pro-inflammatory sig-
nals. For example, TNF-α, one of the most potent pro-inflammatory cytokines, pro-
motes M1 macrophage polarization, enhances fibrosis, inhibits osteoblast 
differentiation, induces osteoclast formation, and thus mediates osteolysis around 
orthopedic implants [45, 46]. Blocking these effects by anti-TNF-α therapy pro-
vides a means to modulate implant-induced immune responses. Etanercept, a decoy 
receptor for TNF-α, was shown to mitigate wear particle-induced cytokine produc-
tion from macrophages and reduce bone resorption in animals but was not effective 
in a small clinical trial [47, 48]. Similar results were obtained using an antisense 
oligonucleotide targeting to mouse TNF-α mRNA in a murine calvarial model [49]. 
However, blocking the effect of only one pro-inflammatory mediator among the 
complicated signal network may not be enough to prevent osteolysis in the long 
term. The compensatory actions of other pro-inflammatory cytokines, such as IL-1β 
and IL-6, could maintain an inflammatory status in the peri-implant tissue in the 
absence of TNF-α signaling. A combination of locally delivered cytokine inhibitors 
might thus prove to be more effective.

Transcription factor NF-κB serves as another target for immunomodulation in 
the context of implant-mediated immune response [35]. This transcription factor 
functions as a key regulator of multiple inflammatory cytokines and chemokines in 
macrophages, and becomes active as a result of a relevant PRR stimulus [10, 50]. 
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Moreover, NF-κB mediates the RANKL signaling, which is integral for osteoclast 
differentiation and activation. Thus, inhibition of this transcription factor offers an 
intriguing possibility to attenuate the biomaterial-induced inflammation and oste-
olysis. This inhibitory effect has been demonstrated using a decoy oligodeoxynucle-
otide (ODN) that competitively binds NF-κB in vitro and in vivo with polyethylene 
particles as the adverse inflammatory stimulus; the suppression of intracellular sig-
naling in macrophages resulted in less cytokine expression and osteoclast activation 
[51, 52]. NF-κB decoy may also suppress the production of chemokines essential 
for monocyte recruitment.

Preventing the continued recruitment of immune cells to the bone-implant inter-
face could mitigate the inflammatory reaction and periprosthetic bone loss and con-
stitutes another strategy for immunomodulation. Indeed, a chemokine directed 
immunomodulatory method was recently established using a mutant C-C motif che-
mokine ligand 2 (CCL2) protein to inhibit CCL2 signaling [53, 54]. Anti-CCL2 
therapy suppressed macrophage recruitment to the implant in a murine model and 
prevented wear particle induced inflammation and bone loss.

Lastly, orthopedic biomaterials can be coupled with anti-inflammatory drugs 
such as glucocorticoids. These drugs elicit an alternative macrophage phenotype 
with an increased ability to recognize and scavenge dying cells. These macrophages 
suppress the production of numerous inflammatory mediators such as pro- 
inflammatory cytokines, chemokines, prostaglandins, leukotrienes, and proteolytic 
enzymes, whereas an enhanced expression of anti-inflammatory cytokine IL-10 has 
been reported. Other bioactive molecules that can also be considered as immuno-
modulatory, include TGF-β, VEGF, and PDGF [27]. These growth factors tightly 
regulate the healing process by targeting fibroblasts and endothelial cells, rather 
than macrophages. Moreover, TGF-β and PDGF directly modulate macrophage 
function and chemotaxis at least during wound healing without a foreign body [38]. 
Implants loaded with these molecules could thus potentially also promote bone 
regeneration and implant integration either directly or indirectly.

3  Sequential Modulation of Inflammatory Response 
for Optimal Bone Regeneration/Osseointegration

3.1  Essential Role of Acute Inflammation in Bone 
Regeneration

Determination of the appropriate timeframe of immunomodulation is critical for 
optimizing their application as orthopedic biomaterials. Acute phase inflammation 
is crucial for proper bone repair after trauma. Impairing early inflammatory condi-
tions in a murine fracture model resulted in diminished stem cell recruitment and 
differentiation, fracture callus formation, and overall bone growth [55–58]. The 
inflammatory phase sparks the repair cascade by initiating angiogenesis, recruiting 
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and stimulating the differentiation of mesenchymal stem cells (MSCs), and encour-
aging extracellular matrix synthesis [59–61].

Specific cytokines appear to be tied to the inflammatory phase of bone repair, 
namely TNF-α and IL-1 [62]. TNF-α and IL-1 are more commonly known for medi-
ating foreign body reactions that can result in impaired tissue function and rejection 
of prosthetic implants [63]. Gerstenfeld et  al. showed that a reduction in TNF-α 
signaling results in improper formation of fracture callus and delayed endochondral 
and intramembranous bone formation [56]. The key difference between pathologi-
cal and therapeutic inflammation is that the latter is highly regulated, both in inten-
sity, duration, and timing to provide a foundation for healing [62].

3.2  Transition of Macrophage Polarization Status for Optimal 
Bone Formation

Macrophage polarization status also plays a critical role in bone regeneration. M1 
macrophages, despite releasing inflammatory cytokines, are highly angiogenic, 
stimulate early mineralization by MSCs, and support overall bone healing [64–67]. 
M2 macrophages, on the other hand, secrete anti-inflammatory cytokines such as 
IL-10 and IL-1Ra and have been associated with enhanced bone formation [68–70]. 
This proves to be a delicate balance that can result in failed bone regeneration if 
tipped too far one way or another. As such, the interplay between M1- and 
M2-dominated microenvironments is one that provides interesting avenues through 
which to pursue new immune-modulatory therapies.

After an injury, the acute inflammatory phase has been shown to last from 3–7 days 
before the anti-inflammatory phase begins to exert its longer-lasting influence [43, 
71, 72]. Proper timing of the transition between the two phases is crucial to optimal 
bone regeneration. Indeed, Loi et al. showed that transition from M1 to M2-like mac-
rophages at 72  hours resulted in significantly increased osteogenesis by MC3T3 
osteoprogenitors in a co-culture model. Further studies exploring the  mechanisms 
and temporal modulation of the M1 to M2 transition are warranted, as this could 
provide a prime early target for improved bone repair and implant integration.

The task of stimulating M1 macrophages to transition to M2 macrophages to 
enhance bone regeneration is one that is currently under investigation. One possible 
method is to utilize a controlled release system to maintain a short period of M1, 
followed by a transition to M2 polarization via cytokines such as IFN-γ, IL-4, and 
IL-10. Kumar et al. reported the development of a multi-domain peptide hydrogel 
that delivered IL-4 and CCL2 in a biphasic manner. This biphasic, sustained deliv-
ery was able to modulate both non-polarized (M0) and M1 macrophages towards an 
M2-like phenotype [73]. Finally, Spiller et al. utilized a decellularized bone scaffold 
to release IFN- γ over the first 3 days of repair, along with release of IL-4 over the 
first 6 days. The bone scaffolds were able to spur polarization towards an M2 phe-
notype in vitro and led to enhanced angiogenesis in an in vivo subcutaneous murine 
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model [43]. The modulation of M1 to M2 is not limited to cytokine release systems; 
Rostam et al. has shown that physical and chemical modifications to biomaterial 
surfaces alone can shift the macrophage polarization towards M1 or M2 [74, 75].

4  Application of Immunomodulating Reagents 
on Orthopedic Biomaterials

The delivery method of various immunomodulating reagents to enhance the perfor-
mance of orthopedic biomaterials is dependent on the physical and biological charac-
teristics of the agent. The therapeutic molecules with different biological features 
including molecular size, hydrophilic/hydrophobic, stability (degradation rate), effec-
tive dose, and the optimal administration time points determine the optimal strategy 
for drug delivery. Different materials used for orthopedic implants can also influence 
the drug delivery efficiency. For example, the absorption of small peptides on the 
metal surface is ineffective compared to the application on a polymeric surface.

Surface coating and drug releasing materials are an interesting strategy to modu-
late the tissue environment surrounding orthopedic implants. The various strategies 
to apply these bioactive coating on orthopedic implants including hydrogel, layer-
by-layer, and immobilization have been summarized comprehensively in other 
reviews [76, 77]. Agarwal et al. summarized strategies to enhance osseointegration 
of orthopedic implants by biomolecules such as growth factors, with similar deliv-
ery methods being potentially applicable for the delivery of immunomodulating 
reagents [78]. In the following section, the immunomodulating candidates are clas-
sified into four categories including: (1) protein, (2) nucleic acid, (3) small mole-
cule, and (4) cell-based therapies (Table  1). The current development of 
administration strategies and the therapeutic effects in the application of orthopedic 
biomaterials are discussed.

Table 1 Delivery strategies for immunomodulating biomolecules

Biomolecules Size Delivery strategies Reference

Protein ~150 kDa 
(large)
15-21 kDa 
(small)
<5 kDa 
(peptide)

Hydrogel, layer-by-layer coating, immobilization, 
controlled release scaffold

[44, 47, 
53, 82]

Nucleic acid 10-15 kDa 
(RNAi, ODN)
>3000 kDa 
(plasmid)

Viral (lentivirus, adenovirus, adeno-associated 
virus, etc.) and non-viral (polymer, liposome, 
chitosan, etc.) vector (can be combined with other 
scaffold such as hydrogels)

[51, 
89–94]

Small 
molecules

<0.9 kDa Conjugation with polymeric carrier, controlled 
release scaffold

[10, 
97–99]

Cell therapy 
(MSC)

~25 μm in 
diameter

Natural or synthetic scaffold, bone/inflammation- 
targeting vehicles

[113, 115, 
116]
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4.1  Protein-Based Biomolecules

The size of the immunomodulating protein determines the biomaterial coating strat-
egy and release pattern. Large proteins such as antibodies or fusion protein inhibi-
tors (~150 kDa) targeting pro-inflammatory cytokines or the associated receptors 
can be coated with hydrogels with larger pore sizes. Anti-TNFα antibodies conju-
gated with a hyaluronic acid hydrogel was applied to a burn wound and demon-
strated an inhibitory effect on inflammation [79]. Direct treatment of a soluble 
TNFα inhibitor (Etanercept) mitigated wear particle-induced osteolysis [47]. 
However, no significant difference was observed between Etanercept and placebo- 
treated patients with acetabular loosening [48]. The results may be due to the lim-
ited number of patients, or the compensatory effects of other pro-inflammatory 
cytokines.

Small proteins including anti-inflammatory cytokines IL-4, IL-10, and IL-13 
(ranging from 15 to 21 kDa) can be applied via a hydrogel with smaller pore size or 
layer-by-layer coating. A nanometer thickness IL-4 eluting layer-by-layer coated 
polypropylene mesh showed improved implant integration and enhanced M2 mac-
rophage polarization in a subcutaneous implantation murine model [44]. Further 
validation is required to demonstrate the potential to improve osseointegration of 
IL-4 eluting bone implants. Another example of this protein delivery approach dem-
onstrated that titanium rods coated with mutant CCL2 protein (7ND) with a layer- 
by- layer technique mitigated polyethylene wear particle-induced osteolysis in a 
murine femoral infusion model (See Sect. 2.4 for details) [53].

Small peptides with anti-microbial and immunomodulating activity have recently 
been identified [80, 81]. Compared to whole protein biomolecules, a higher concen-
tration of small peptides could be potentially applied onto or within biomaterials 
and thus increase the immunomodulating efficiency [76]. Inhibition of NF-κB 
 activation by a small peptide termed NEMO-binding domain peptide suppressed 
poly(methyl methacrylate) (PMMA) induced osteoclastogenesis and osteolysis in a 
murine calvarial model, yet the modulation of an inflammatory response was not 
characterized [82].

4.2  Nucleic Acid

Gene therapy is mediated through the delivery of nucleic acid-based biomolecules, 
including plasmid DNA, RNA interference (RNAi), micro-RNA, and ODN, to 
express proteins or modulate gene expression in the target cells. Delivery of naked 
nucleic acid is inefficient due to low cell attachment/uptake and rapid nuclease- 
mediated degradation. Therefore, viral and non-viral vectors are utilized to mediate 
the delivery of anti-inflammatory genes or silence pro-inflammatory gene expres-
sion in vivo. Viral vectors are efficient in transducing target gene expression ex vivo 
and thus are effective tools to induce gene expression in cell-based therapy (see 
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Sect. 4.4). In contrast, the immunogenicity and potential cytotoxicity effects of viral 
vectors may limit their direct translational use in vivo. Non-viral vectors, including 
calcium phosphate, liposomes, nano-hydroxyapatite [83], chitosan [84, 85], poly-
ethyleneimine [86], and dendrimer [87], have lower immunogenicity and cytotoxic-
ity but also lower transfection efficiency in  vivo. Raftery et  al. summarized the 
current development of delivering nucleic acid-based biomolecules in orthopedic 
biomaterials [88].

The combination of scaffolds and gene delivery vectors is a highly promising 
strategy for prolonged immunomodulation and controlled released of nucleic acid- 
based biomolecules. Previous studies showed that a combination of collagen or 
poly-lactic-co-glycolic acid (PLGA) scaffolds with viral or non-viral vectors deliv-
ered plasmid DNA or RNAi enhances tissue regeneration [89–94]. The therapeutic 
potential of immunomodulation using this strategy remains to be investigated in 
inflammatory bone disorders. Decoy ODN can be taken up by the cellular receptor 
in a sequence-specific manner [95]. The administration of decoy ODN without 
delivery vectors via local infusion was shown to mitigate orthopedic wear particle- 
induced osteolysis [51].

4.3  Small Molecules

Small molecule drugs have several advantages in clinical applications including 
the efficient administration and relative low cost for large-scale production. 
Steroids and molecular kinase inhibitors are potent anti-inflammatory small mol-
ecules that could be applied to orthopedic biomaterials. Signal transduction path-
ways including NF-κB and MAP kinase are crucial for the regulation of 
inflammatory responses [50, 96] and periprosthetic osteolysis [10, 97]. Titanium 
particles have induced VEGF expression and increased macrophage chemotactic 
activity in primary human macrophages, which was inhibited by MAPK kinase 
inhibitor PD98059 [98].

A daily injection of N- (2-hydroxypropyl) methacrylamide copolymer- 
dexamethasone conjugate mitigated osteolysis in the murine femur infused with 
PMMA particles [99]. Systemic bone loss was not observed in the conjugated dexa-
methasone injected mice. Several advanced drug-delivery strategies have been 
developed to apply dexamethasone in pre-clinical inflammatory disease models 
[100–102]. An inflammation-targeting hydrogel generated from ascorbyl palmitate 
was developed to deliver dexamethasone in an inflammatory bowel disease model 
[103]. While these drug delivery strategies have shown promise for the treatment of 
inflammatory disorders, the application in orthopedic biomaterials remains to be 
examined.
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4.4  Cell-Based Therapy

MSCs-based therapy has been applied to bone tissue engineering and inflammatory 
disorders. The ability to modulate innate [104, 105] and adaptive immune responses 
[106] further underscored its translational potential to modulate inflammation asso-
ciated with orthopedic biomaterials. Moreover, MSCs can serve as gene expression 
carriers to secrete immunomodulating cytokines such as IL-4 or IL-10 [107, 108]. 
The applications of MSC-based therapy in bone regeneration and immunomodula-
tion are discussed in other reviews [109–111]. The following section focuses on 
scaffold and delivery strategies in MSC-based therapy.

MSC based therapy can be administrated through local implantation or systemic 
delivery. Natural and synthetic scaffolds are crucial for the local administration of 
MSC-based therapy by providing the appropriate mechanical strength and cell via-
bility [112]. Commonly used natural scaffolds in bone tissue engineering include 
collagen hyaluronic acid fibrin and poly(ε-caprolactone)/poly(vinyl alcohol)/
chitosan- associated hybrid scaffolds. However purity issues and poor mechanical 
properties limit the application of natural scaffolds. Synthetic scaffolds including 
PLGA polyglycolic acid (PGA) and poly-l-lactic acid (PLA) enable the precise 
control of mechanical properties and stability of the scaffold to further enhance 
therapeutic efficiency. For example a macroporous and highly flexible gelatin-based 
scaffold with a microribbon-like structure has recently been demonstrated to 
increase MSC proliferation and bone regeneration [113]. However the biocompati-
bility of the synthetic scaffold remains a concern since degradation products could 
initiate inflammatory responses [114]. The systemic delivery of MSCs provides an 
alternative strategy of minimally invasive procedures to patients with orthopedic 
implants. Though MSCs can naturally migrate into inflammatory sites conjugating 
with antibodies targeting bone or inflammation-associated molecules can further 
enhance their homing efficiency [115, 116].

5  Conclusion

Transient acute inflammation is closely associated with successful osseointegration 
and bone regeneration in orthopedic biomaterial implantation. The transition 
between the pro-inflammatory M1 and anti-inflammatory M2 macrophage pheno-
types has been shown to be a key step in bone regeneration. Alternatively, chronic 
inflammatory bone diseases associated with implants often exhibit excessive pro- 
inflammatory macrophage infiltration and the generation of wear particles. The 
combination of bone regenerating scaffolds and controlled drug releasing systems 
has great potential for advancing clinical applications of orthopedic biomaterials for 
a variety of conditions including aseptic loosening, osteonecrosis, and fracture non-
union. Taken together, optimizing the timing and efficacy of the innate immune 
reaction provide a promising approach to harness the inflammatory response for 
therapeutic applications of orthopedic biomaterials.
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1  Introduction

The development of modern orthopedic implants for internal fixation in the 1940s, 
and for arthroplasty in the 1960s revolutionized orthopedic surgery and led to sig-
nificant improvements in functional outcomes, however these new technologies also 
brought with them new complications. Orthopedic implant related infection is a 
difficult clinical challenge, and for some orthopedic procedures is the most common 
cause of implant failure [1]. Surgery always carries the risk of infection, but the 
presence of a foreign body in the surgical site provides a non-vital surface where 
bacteria can adhere, form a biofilm, and avoid clearance by the immune system and 
systemic antibiotics. This significantly reduces the number of contaminating organ-
isms required to cause a clinical infection [2].

Despite advances in operating room design and strict hospital infection protocols, 
implant related infection is still a significant clinical problem. The use of systemic 
antibiotic prophylaxis at the time of surgery to reduce infection rates has become the 
standard of care [3] but does not eliminate all implant related infection. Estimates of 
infection rates in primary knee arthroplasty range from 0.39 to 2.5% [4], and in 
internal fracture fixation can be 15% or higher in cases of significant comorbidities 
or high energy trauma. Deep implant related infection carries high costs in patient 
morbidity and hospital expenses. Treatment cost of an infected knee or hip implant 
can be five times the cost of a non-infected implant [5] and full treatment can take 
many months. In the case of orthopedic trauma implants, infection rates are highest 
in the lower extremities, where soft tissue coverage and blood flow are lower.
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This unmet clinical need presents an opportunity for the development of new 
material technologies to make orthopedic implant surfaces less hospitable to bacte-
rial colonization, while still performing well in the complex bone healing environ-
ment. The challenges facing development of next generation infection-resistant 
materials are not only technical however, regulatory requirements and commercial 
constraints are increasing, and must be overcome for promising material technolo-
gies to have any impact clinically. The history of anti-infection biomaterials R&D is 
filled with sophisticated technologies which showed great promise in the lab, only 
to be thwarted by manufacturing complexity or regulatory requirements. The vari-
ety of anti-infection technologies that have been evaluated and published in the 
scientific and clinical literature is too great to summarize exhaustively here. This 
chapter will instead focus on those technologies which are of greatest interest from 
an industry perspective or have been demonstrated to be effective in the clinic, and 
review the opportunities and obstacles for their commercial development.

2  Working Theories of Implant Related Infection

In assessing anti-infection technologies, it is important to have an operational 
theory of the etiology and life-cycle of bacterial infection. Most research in the field 
assumes the biofilm theory of infection is the most explanatory and predictive of 
clinical success, as captured by the term “the race for the surface” coined in the late 
1980s by Gristina et al. [6, 7]. If bacteria can avoid the patient’s immune system and 
systemic antibiotics long enough to attach to and proliferate on an implant surface, 
they will undergo a phenotypic shift away from the planktonic to a biofilm pheno-
type characterized by excretion of extracellular matrix and reduced metabolic activity. 
The biofilm thus provides a protected niche where the concentration of antibiotics 
needed to kill bacteria can be increased 1000-fold or more [8] and phagocytic cells 
of the immune system are thwarted. Detailed reviews of the role of bacterial bio-
films in implant related infection have been published by Aricola, Costerton and 
others [9–12]. If biofilms are the primary mechanism for implant related infection, 
then successful anti-infection technologies should interfere with one or more steps 
in the process of biofilm formation, or kill contaminating bacteria before biofilm 
formation can begin.

The bacteria responsible for most infections of orthopedic trauma implants are 
Staphylococcus aureus and Gram negative rods. For prosthetic joint infections, the 
most common pathogens are coagulase negative staphylococci such as 
Staphylococcus epidermidis [13, 14]. Because some biofilm forming bacteria are 
not readily detected using traditional culture techniques, infections are at times dif-
ficult to accurately diagnose in the clinic, however more modern genetic methods 
promise to improve the accuracy and timeliness of infection diagnosis [15]. 
Techniques such as fluorescent in situ hybridization (FISH) staining and confocal 
microscopy have been used to evaluate biofilms in situ on retrieved orthopedic 
implants (see Fig. 1) [16].
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Bacteria are remarkably resourceful in their virulence, and possess mechanisms 
other than biofilm formation that may potentiate implant related infection. S. aureus 
can become internalized into host fibroblasts and osteoblasts and remain in this 
protected niche for an extended period, providing a reservoir of bacteria for delayed 
infection [17]. Similarly, S. epidermidis can become internalized in phagocytic cells 
[18]. Small colony variants (SCVs) of Staphylococci are a slow-growing subpopula-
tion caused by a genetic mutation which alters cell metabolism, making them resis-
tant to common antibiotics. SCVs are associated with persistent bone infections and 
can increase intracellular uptake [19]. S. aureus can also migrate into and sequester 
itself in the canaliculi of cortical bone by a process of asymmetric binary fission and 
proliferation [20]. Infection of orthopedic implants can occur even years after the 
surgical procedure, due to hematogenous spread of bacteria from another part of the 
body. For any material technology to completely prevent orthopedic implant related 
infection it must contend with these various pathogenic processes.

The great variety of implant geometry, materials, and functional requirements 
within orthopedics also will play a role in the development of anti-infection tech-
nologies. Implants for total joint arthroplasty, spinal fusion, external fixation, or 
internal fixation vary greatly in requirements such as bone ingrowth, bearing 

Fig. 1 Confocal image of biofilm membrane from retrieved titanium tibial nail, removed 
22 months after implantation for fixation of a Gustilo Anderson Type IIIA open diaphyseal tibia 
fracture, due to nonunion. Sample was stained with a genus level FISH probe for Staphylococci, 
revealing very well developed biofilm occupying hundreds of cubic microns of tissue. Reprinted 
by permission from Springer; Clin Orthop Relat Res.; Molecular Techniques to Detect Biofilm 
Bacteria in Long Bone Nonunion: A Case Report., Palmer M, Costerton JW, Sewecke J, et al. 
2011 [16]
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 surfaces, percutaneous exposure, and intraoperative contouring. It may not be 
possible to develop a single anti-infection material strategy that would be effective 
for all types of orthopedic implants.

3  Current Clinical Options

Orthopedic surgeons have adopted standard clinical practices to reduce the risk of 
surgical site infection, such as skin and nasal decolonization, parenteral antimicro-
bial prophylaxis, and glycemic control [21]. These measures have all resulted in 
improvements in infection rates, but have not been sufficient to prevent all implant 
related infections.

Surgeons often will use locally delivered antibiotics to help prevent infection in 
patients at high risk due to severe trauma or comorbidities. Beads formed from poly 
(methyl methacrylate) (PMMA) bone cement mixed with antibiotics are placed in 
the wound site to elute high levels of drug locally. These are implanted during an 
initial surgical procedure, then are removed prior to later definitive fixation and soft 
tissue closure. This practice was initially developed for treating bone infections, but 
has been adopted for prevention of infection in orthopedic trauma cases with severe 
soft tissue injury [22].

More recently, researchers have described the practice of sprinkling powdered 
antibiotics directly into the wound site before skin closure. Clinical case series have 
shown that this may reduce infection rates, however the practice may be more effec-
tive in spine surgery than in trauma applications, and questions remain about local 
toxicity risks [23]. Some orthopedic implants which are specifically modified to 
reduce bacterial colonization have been introduced commercially, such as gentami-
cin coated tibia nails or silver coated megaprostheses in use in Europe, however 
these are still niche technologies without wide application. There is a clear opportu-
nity for development of new and broadly applicable technologies to aid surgeons in 
preventing implant related infection.

4  Biomaterial Strategies for Infection Prevention

Most material technologies to prevent implant related infection can be divided gen-
erally into three categories, as suggested by Romanò et al.; passive surface modifi-
cations, active surface modifications, and perioperative local antibiotic carriers or 
coatings [24]. Passive surface modification refers to surfaces that do not release an 
active agent into the surrounding tissue after implantation. Active surface modifica-
tions release an active agent locally, and therefore have an effect against bacteria at 
some distance from the implant surface. Perioperative technologies are anti- infective 
agents that are introduced to the implant or the surgical site only at the time of surgery, 
and can be either passive or active.
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4.1  Passive Surface Modification

Bacterial colonization of an orthopedic implant may begin before the implant 
reaches the patient, as bacteria transported through the air of the operating room 
settle onto the exposed surgical instruments or implants during the surgical proce-
dure. Partially for this reason, prolonged surgical time has been correlated with 
increased infection rate in both joint arthroplasty and orthopedic trauma surgery 
[25]. Bacteria from the skin, including commensal skin flora such as S. epidermidis, 
may be transmitted from the edges of an incision into the deeper layers of a surgical 
site to contaminate the implant. As bacteria encounter the implant surface, they 
contact either the clean implant surface, or a conditioning layer of proteins adsorbed 
to the implant from the host blood or wound fluids. A portion of the bacteria will 
reversibly adhere to the surface due to local conditions including surface energy, 
van der Waals forces and local electrostatic interactions. Many of these cells are 
only transiently attached and will desorb from the surface but those that remain will 
irreversibly adhere to the bulk of the conditioning layer on the implant surface, 
and begin multiplying to form microcolonies, leading to biofilm formation [26]. 
A mature biofilm develops a three-dimensional multi-layered structure that can be 
seen by confocal microscopy or scanning electron microscopy (SEM) as shown in 
Fig. 2. Numerous surface modification strategies have been evaluated with the intent 
of killing bacteria on contact with the implant surface, or using surface features to 
arrest bacterial growth and colonization.

Fig. 2 Staphylococcus aureus biofilm grown in vitro on 1.0 mm titanium alloy (Ti6Al4V) wire. 
Wire was cultured in TSB medium for 48 h. Micrograph courtesy of Malavosklish Bikram-Liles 
and Peter Schaut, DePuy Synthes Biomaterials R&D
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4.1.1  Nanotopography

The most basic feature of an implant surface to modify may be surface roughness, 
which has the potential to affect the adhesion of bacterial cells at the sub-micron 
scale. A recent in vivo evaluation has shown that polished versus micro-roughened 
surfaces of titanium alloy or stainless steel plates do not affect infection rates by S. 
aureus in a rabbit contaminated plate model [27]. This implies that micron-scale 
features did not affect bacterial growth in vivo. However, introduction of nano-scale 
roughness to a metal surface by shot peening has been shown to reduce adhesion of 
Gram positive bacteria [28].

Titanium oxide (TiO2) nanotubes on anodized titanium surfaces can reduce adhe-
sion of S. aureus and P. aeruginosa in in vitro studies by over 90% in a manner that 
is a function of nanotube dimensions. As an additional benefit, TiO2 nanotube sur-
faces can enhance osteoblast proliferation as well [29]. Nanoscale surface modifica-
tion can also affect surface energy in a way that alters protein adsorption, allowing 
further control of bacteria-biomaterial interaction [30]. These technologies are very 
attractive commercially, because they result in durable surfaces and could poten-
tially be implemented with relatively minor modifications of the standard manufac-
turing process.

Surface roughness modification without chemical modification is also desirable 
from a regulatory point of view, as it represents no increase in risk to the patient, and 
no change to the device regulatory pathway. Additional in vivo research is needed to 
evaluate whether the antibacterial effect of nano-textured surfaces might translate to 
reduction in clinical infection, and modification of surface nanotopography could 
potentially be combined with other technologies to give an additive effect toward 
building an antimicrobial implant.

4.1.2  Photocatalytic Titanium Oxide

One intriguing antibacterial surface modification is the photocatalytic property of 
titanium dioxide. TiO2 is an N type semiconductor, and the anatase and rutile poly-
morphs of TiO2 exhibit a photocatalytic reaction when exposed to UV and visible 
light respectively, with anatase considered more photochemically active [31]. Under 
aerobic conditions electrons and holes are photo-generated, then combine with 
molecular oxygen or hydroxyl groups at the material surface to generate superoxide 
and then hydroxyl radicals [32]. The antimicrobial properties of TiO2 surfaces is 
likely due to the capacity of these free radicals to degrade organic molecules, dam-
aging bacterial cell membranes and degrading bacterial toxins, and are therefore 
broadly effective against both Gram negative and Gram positive bacteria [33].

The photocatalytic effect is clearly attractive for the case of orthopedic implants 
made from anodized titanium, where creation of antimicrobial surfaces may be 
achieved by modifying anodizing bath chemistry and conditions [34]. TiO2 surfaces 
have been generated by other standard methods such as sol-gel coating, electropho-
retic deposition, chemical vapor deposition, or cathodic arc deposition. Because it 
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is a surface phenomenon, coating thickness and microstructure play a role in the 
degree of photocatalytic effect [35]. UV-activated TiO2 surfaces have been demon-
strated to kill clinically relevant bacteria in both planktonic and biofilm state in vitro 
[36, 37].

Yue et al. demonstrated that activation of TiO2 by 5 min of UV exposure was 
stable for up to 30 days in air, and effective to significantly reduce colonization by 
S. aureus and S. epidermidis. However, this effect dissipated after 30–60 min of 
exposure to an aqueous environment, and therefore would only provide antimicro-
bial coverage for implants prior to and shortly after implantation [37]. This limita-
tion makes technologies based on photocatalytic TiO2 less attractive for orthopedic 
implants than for other applications where the surface would remain dry. Thorough 
reviews of the science behind photocatalytic titanium oxide surfaces for biomedical 
implants have been published by Visai et al. and Foster et al. [31, 33].

4.1.3  Covalently Bound Antimicrobials

In 2005 the group of Noreen Hickock et al. at Thomas Jefferson University began 
publishing a series of studies demonstrating the ability of covalently bound vanco-
mycin on titanium surfaces to kill S. aureus and S. epidermidis in vitro and in vivo 
[38, 39]. Vancomycin is linked to the passivated TiO2 layer via a self-assembled 
monolayer formed by reaction with aminopropyltriethoxysilane (APTES). This is 
covalently bound to a flexible linker molecule (aminoethoxyethoxy-acetate, AEEA) 
to space the vancomycin away from the metal surface, then finally to vancomycin 
[40]. In vitro studies showed that the antimicrobial activity was maintained after 
three repeat challenges with S. aureus, and after 6 weeks of incubation in buffered 
saline [41]. In a sheep osteotomy infection model, this covalently tethered vanco-
mycin demonstrated significantly less colonization by S. aureus and improved bone 
healing after 3 months relative to controls [42].

Although the concept is elegant, there are some limitations to this technology. 
The coating was not stable to mechanical shear forces such as seen during bone 
screw insertion, was only effective against Gram positive bacteria by nature of the 
antibiotic choice, and was only applicable to titanium implants due to the specific 
surface chemistry. More recently, a similar covalent chemistry utilizing polyethyl-
ene glycol (PEG) linker molecules or dopamine has been used to bind the broad- 
spectrum antibiotics bacitracin or enoxacin to oxidized titanium surfaces, and have 
been shown to prevent colonization by S. aureus in a rat femoral IM infection model 
[43]. The APTES linking technology has also been used to bind antimicrobial pep-
tides derived from lactoferrin or melimine to anodized titanium surfaces, demon-
strating strong in vitro anti-biofilm activity [44, 45].

These surface modification chemistries take advantage of the ability to cova-
lently bind to TiO2. In the orthopedic market this limits their use to implants made 
from titanium, which is most common in intramedullary nails, spinal rods and ped-
icle screws, maxillofacial plates and screws and some hip and knee prostheses. 
These technologies are less applicable for orthopedic trauma plate and screw 
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 systems, which are predominantly stainless steel in the US, for cobalt chrome in 
bearing surfaces for artificial hips and knees, and for PEEK spine implants. For an 
orthopedic manufacturer to invest in development of an antimicrobial technology, it 
is preferable to find a technology that can be used on all implant types, regardless of 
material.

One non-eluting surface treatment of interest that is material independent is a 
polycationic paint-on coating developed at MIT that has been demonstrated to pre-
vent bacterial colonization in vivo. The hydrophobic polycation N,N-dodecyl,methyl- 
PEI, which contains a 750  kDa branched polyethylenimine, was painted onto 
stainless steel and titanium orthopedic trauma plates. Plate sections were inoculated 
in vitro with 104 CFU S. aureus, and showed a greater than 4-log reduction in bacte-
rial colonization relative to uncoated controls. Coated and uncoated plates were 
implanted in a sheep tibia osteotomy model, and challenged with 2.5 × 106 CFU of 
S. aureus. After 1 month in vivo, the coated plates showed significantly better clini-
cal, radiographic and histological outcomes [46].

4.2  Active Surface Modification

4.2.1  Antibiotic Bone Cement

Since the early 1970s, surgeons have been incorporating antibiotics into the 
poly(methyl methacrylate) (PMMA) cement used in hip and knee arthroplasty, to 
provide high local antibacterial concentrations for prolonged periods [46]. PMMA 
cements incorporating gentamicin, tobramycin, clindamycin or vancomycin have 
been commercialized and represent the standard of care for revision hip and knee 
arthroplasty procedures. Pre-molded PMMA spacers containing antibiotics are 
commonly used in 2-stage revisions of hip or knee prostheses to maintain the joint 
space prior to implant replacement [47–50]. A similar procedure has been devel-
oped for revision of infected intramedullary nails as well, with surgeons construct-
ing custom intramedullary implants from PMMA and antibiotics using re-purposed 
disposable medical tubing as intraoperative casting molds [51–53].

PMMA beads incorporating antibiotics, mixed and formed intraoperatively, have 
become a standard method of treating osteomyelitis, and have also been adapted for 
delivering antibiotics locally in staged trauma surgery to prevent bacterial infection 
prior to definitive fixation and wound closure [22, 54]. Intraoperative mixing of 
antibiotics with PMMA cement allows antibiotic selection based on sensitivity of 
the infecting pathogen, however the antibiotic elution rate varies significantly based 
on cement manufacturer, mixing method, antibiotic choice, and antibiotic loading 
level [55–57]. Significant research has gone into optimizing antibiotic release rate 
from PMMA cements, however typically only a small fraction of the total antibiotic 
loading is released from the cured PMMA.  Residual antibiotic release at levels 
below the minimum inhibitory concentration (MIC) of bacteria may contribute to 
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the selection of antibiotic resistant strains, and antibiotic resistant bacteria have 
been isolated from PMMA beads retrieved from patients [58, 59].

Since antibiotic-loaded PMMA implants used solely for antibiotic drug delivery 
must eventually be surgically removed, bioabsorbable matrices for antibiotic local 
delivery are preferable in some situations. A fully bioabsorbable orthopedic trauma 
screw containing ciprofloxacin to prevent implant related infection has been devel-
oped, but has seen limited clinical use [60].

4.2.2  Antibiotic Coated Implants

Orthopedic implants coated with antibiotics in a bioabsorbable drug-delivery coat-
ing were described as early as 1996 by Price et al. [61–63]. This approach has been 
applied commercially to orthopedic trauma implants by DePuy Synthes with the 
development of the ETN PROtect intramedullary tibial nail, which contains genta-
micin sulfate incorporated into a biodegradable poly(D,L-lactic acid) (PDLLA) 
coating matrix [64]. The coating is approximately 10 μm thick, and applied to all 
surfaces of the implant by a dip coating process. Gentamicin is released rapidly 
from the coating during the initial hour after implantation, then more slowly for 
approximately two weeks, and the polymer is completely degraded in approxi-
mately 6 months [65, 66]. The strong adherence of the polymer matrix coating to 
the titanium surface provides abrasion resistance as the nail is inserted into the intra-
medullary space of the tibia.

This CE (European Conformity) marked product has been shown to be effective 
at reducing infection rate in severe trauma in a clinical case series, but larger con-
trolled trials have not been performed [67, 68]. Other research groups have pub-
lished preclinical data on similar antibiotic coatings in absorbable polymer carriers 
[69, 70] however these have not yet been commercialized. Polylactide and polygly-
colide based polymers have been used extensively for drug delivery applications in 
the pharmaceutical industry, as well as in bioabsorbable medical devices such as 
sutures and orthopedic implants. Because of this, the safety profile of these poly-
mers is well established, and there are high quality sources of commercial raw mate-
rials. These are important considerations which help simplify translation to 
commercial production.

Sol-gel derived silica coatings, which are processed at room temperature from 
solutions of tetraethoxysilane (TEOS) alcohol and water, can be used to incorporate 
various antimicrobial molecules including triclosan and vancomycin, and give sus-
tained release for 6 weeks or more. A TEOS sol-gel coating with 20% by weight 
triclosan has been shown to prevent infection of percutaneous and intramedullary 
implants in animal models [71, 72]. The ability to tune drug release parameters by 
varying processing conditions, and the ability to encapsulate a wide variety of 
organic molecules make sol-gel derived ceramic coatings a very versatile matrix for 
drug release applications.

Anti-infection implant coatings containing antibiotic drugs benefit from the 
proven efficacy and safety of the drug component, however the regulatory pathway 
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to market is complicated because drug-device combination products must meet both 
drug and device standards. This typically means increased clinical data require-
ments for approval as well as more stringent manufacturing and quality standards. 
In the United States, the regulatory pathway for this type of technology is addressed 
in the FDA guidance document “Premarket Notification [510(k)] Submissions for 
Medical Devices that Include Antimicrobial Agents”, published in 2007 [73]. This 
document lays out the requirements for predicate devices and clinical data to sup-
port 510(k) submissions, and states that a predicate device must have “the same 
device design and the same antimicrobial agent for the same indication for use”.

In the United States, manufacturers of drug-device combination products must 
meet both device and drug requirements for Good Manufacturing Practices (GMP’s), 
which include increased requirements for raw material testing, lot release testing, 
and shelf life retains [74]. The addition of a drug substance and degradable delivery 
matrix to an otherwise very stable metal implant may significantly reduce shelf life 
stability. For these reasons, although adding an antibiotic coating to an implant may 
be clinically very effective and technically feasible, few antibiotic coated products 
have seen commercialization in orthopedics.

4.2.3  Bone Graft Substitutes with Antibiotics

Calcium sulfate (CaSO4) and calcium phosphate (βTCP or hydroxyapatite) based 
bone void fillers are used to fill defects in bones following trauma or tumor resec-
tion. These materials are supplied as preformed granules, or can be mixed as a paste 
or putty intraoperatively. These materials are replaced by native bone as they 
degrade, but prior to complete remodeling the ceramics are foreign bodies and are 
subject to biofilm mediated infection. Addition of antibiotics to the ceramics during 
mixing can reduce the risk of infection, and several products with pre-mixed antibi-
otics have been commercialized in Europe, including Herafill-G and Cerement G 
with gentamicin, Cerament V with vancomycin, and Osteoset-T with tobramycin. 
Antibiotic loaded bone void fillers are most commonly used to treat active bone 
infection, or in revision arthroplasty, with little clinical literature on their use in 
primary surgeries. In one clinical case series of 26 patients, calcium sulfate beads 
loaded with vancomycin effectively prevented infection in open long bone frac-
tures, with no inhibition of bone healing. However, two patients experienced wound 
drainage related to the calcium sulfate resorption, which is the most commonly 
reported adverse event [75].

A composite TCP bone void filler with absorbable polymer drug release matrix 
has been developed by the specialty pharmaceutical company PolyPid. TCP gran-
ules are coated with a solution of 75:25 poly (DL-lactide-co-glycolide), cholesterol 
and phospholipid containing the antibiotic doxycycline hyclate. The unique formu-
lation provides a linear release of antibiotic for up to 28 days in 5% FBS solution in 
vitro. The antimicrobial efficacy was evaluated in vivo in a rabbit tibia infection 
model; 0.3 g of composite granules were implanted in a 6 mm drill hole in the proxi-
mal metaphysis and inoculated with 1.5 × 105 CFU of S. aureus. Radiographs at 7, 
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14, and 21 days showed significantly less bone resorption for the doxycycline com-
posite granules than inoculated controls with plain TCP. Microbiological analysis of 
retrieved bone samples at 21 days showed a 2-log reduction in bacterial burden rela-
tive to controls [76].

4.2.4  Antimicrobial Silver Coatings

The antimicrobial properties of the element silver have been known for centuries. 
Silver nitrate formulations have appeared in pharmacopeia dating to ancient Rome, 
and the surgeon Dr. J. Marion Sims pioneered the use of antibacterial silver wire 
sutures in 1852 [77]. More recently, antimicrobial silver coatings have been com-
mercialized for urinary catheters, central venous catheters, endotracheal tubes and 
wound dressings. Silver coated urinary catheters and central venous catheters have 
been shown in some clinical studies to reduce infection rates, however the effects 
are dependent on clinical setting and patient population [78–80]. There are numer-
ous different silver coating technologies varying in chemistry, silver loading, silver 
release rate, and even mechanism of action. The goal of new coating technology 
development has been to control silver ion release rate and achieve therapeutic 
effect without toxic side effects.

Silver Antimicrobial Mechanism of Action

The antimicrobial mechanism of silver ions is to bind sulfydryl (thiol) groups in 
bacterial membrane proteins and metabolic enzymes [81, 82]. Disruption of bacte-
rial respiratory enzymes leads to production of reactive oxygen species (ROS) and 
oxidative damage to cell membranes and proteins, which is also the mechanism of 
toxicity to human cells. In vivo, silver is released from metallic sliver as Ag+ ions in 
solution. Silver ions are bound by physiological anions (such as Cl−, S2−, or −SH), 
removing free Ag+ from solution, and reducing both toxicity and antimicrobial effi-
cacy [83]. Precipitation of metallic silver or silver chloride or selenide salts pro-
duces deposits in tissues which remain stable and relatively inert but can lead to 
argyria, or bluish discoloration of skin. Alan Lansdown of Imperial College, 
London, has published a very thorough review of the use of silver in medical appli-
cations [84].

Current Commercial Products with Antimicrobial Silver

Silver coated external fixation pins were cleared for clinical use in the United States 
by EBI Medical in 1996 (EBI Medical K961433), and in Europe by Orthofix [85]. 
These were coated with elemental silver using the SPI-Argent ion beam assisted 
deposition (IBAD) process from Spire Corp. In vitro studies of these pins showed 
some effect to reduce bacterial adhesion, reducing colonization of S. aureus by 
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80–95%, but complete killing was not observed [86]. In an in-vivo study performed 
in sheep, percutaneous silver coated ex-fix pins and conventional stainless steel pins 
were inoculated with S. aureus. After 2½ weeks, the silver coating reduced pin tip 
infection rate from 84 to 62%, as well as improving the stability of pins in bone 
[87]. In clinical use this relatively small effect did not translate to a clear benefit. In 
one small study of 19 patients, the infection rate with silver coated ex-fix pins was 
21% compared with 30% for stainless steel pins, however there was no effect on 
average clinical scoring of pin sites [88]. In a similar study of 24 patients including 
106 ex-fix pins (50 silver coated, 56 controls), the infection rate was reduced from 
43 to 30%, which was not statistically significant. Concerns over a significant 
increase in silver serum concentrations in patients led to the early termination of this 
study [85].

Recent clinical publications indicate a greater benefit for silver antimicrobial 
coatings on megaprostheses typically used for joint reconstruction in orthopedic 
oncology. Infection rates associated with these implants can be over 20%, and are 
related to patient risk factors and prolonged operating times [89]. Implantcast 
GmbH commercialized a version of their MUTARS® megaprosthesis implant sys-
tem in the EU in 2002 with a galvanically deposited elemental silver coating 
approximately 10–15  μm thick. Multiple clinical studies have shown that this 
implant system is effective to reduce deep infection rates by up to 75% [90–92]. 
However, several publications have reported cases of argyria, or grey-blue discolor-
ation of overlying soft tissue due to silver deposits [93, 94].

Newer silver coating technologies designed to reduce the total amount of silver 
released and avoid local toxicity issues have been commercialized on megaprosthe-
ses by Stanmore (Stryker) and Waldemar Link in the EU. Stanmore’s Agluna® tech-
nology (from Accentus Medical Ltd.) is a silver modification of a titanium surface 
by anodization to give micron scale silver-containing domains, and has been used 
clinically on their METS megaprosthesis implants since 2006. This coating results 
in low milligram levels of silver on each implant, compared with one gram or more 
of silver per implant for the Implantcast product [95]. The Stanmore implant has 
been shown in one clinical case control study of 170 patients to reduce infection 
rates by 47% [96]. Waldemar Link® has modified their Megasystem-C® prosthesis 
system in the EU with the PorAg® coating, which releases silver ions as well as 
electrons through an electrochemical reaction. In a clinical case series, this implant 
resulted in infection rates of 0% for primary implants, and 9.5% for revision surger-
ies [97]. It is important to note that for each of these megaprosthesis implants the 
silver coating is applied only to the soft-tissue contacting portion of the implant, not 
the intramedullary components.

Silver Coating Technologies in Development

The clinical success of these silver based coatings has correlated with an increase in 
silver based technologies evaluated in in vitro and in vivo preclinical studies. A coat-
ing technology developed by Bio-Gate AG, HyProtect™, has been commercialized 
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on tibial plateau leveling osteotomy (TPLO) plates for the canine veterinary market 
in the US, and evaluated on hip implants in a canine preclinical study [98]. This 
technology consists of silver nanoparticles, 5–50 nm in diameter formed by a physi-
cal vapor deposition process. These nanoparticles are embedded in a SiOxCy plasma 
polymer layer formed by chemical vapor deposition. Multiple layers of silver 
nanoparticles may be embedded to increase the silver loading. The plasma polymer 
layer is slowly degraded while the silver is released by oxidation and dissolution 
from the embedded nanoparticles. A single layer composite coating containing 
approximately 1.5 μg/cm2 silver released 73% of the silver content after 28 days in 
vivo in a rabbit soft tissue model [99].

Numerous other researchers have evaluated the antimicrobial activity of silver 
nanoparticles in various matrices, and there are too many preclinical publications to 
review in detail here. The ability to enhance silver ion release rate via the high sur-
face area of nano-scale particles is an attractive capability, however the size depen-
dent cytotoxicity of silver nanoparticles raises concerns for clinical use in the bone 
healing environment [100, 101]. Technologies such as binding silver nanoparticles 
to TiO2 nanotubes on implant surfaces may harness the nano-scale benefits for ion 
release rate while reducing particle related toxicity [102, 103].

Potential for Toxicity of Silver in Orthopedics

The adoption of antimicrobial silver in orthopedics has so far been limited, in part 
due to concerns over both efficacy and safety. Multiple cytotoxicity studies of silver 
nanoparticles and silver salts show cytotoxicity to human mesenchymal stem cells 
(MSCs) above 1 μg/mL silver ion concentration. Cytotoxic effects of silver to MSCs 
include reduced differentiation to osteoblasts [104, 105], decreased cell viability, 
cytokine release and impaired chemotaxis [106, 107]. The in vitro toxicity of silver 
salts to L929 fibroblasts has been demonstrated at 1 ppm, with antimicrobial effec-
tiveness against S. aureus demonstrated at 0.1 ppm [108].

Studies of local toxicity in vivo have also raised concerns. In a unique study of 
soft tissue implant toxicity using a hamster dorsal skinfold chamber, a commer-
cially pure silver implant led to a significant local effect on microvasculature, with 
leukocyte activation and extravasation. This resulted in severe inflammation and 
edema associated with the implant [109]. A canine hip prosthesis model has been 
used to evaluate the effect of coatings on direct bone contact healing. One study was 
performed to evaluate the effect on bone integration of a galvanic metallic silver 
coating on the intramedullary component of the hip implant. After one year of 
implantation, direct bone healing was poor compared to titanium controls, with 
pullout forces significantly reduced relative to controls (average of 24 N vs. 3764 N) 
[110]. A more recent study of a nanoparticulate silver coating on the same canine 
hip stem, but with much lower total silver content, also demonstrated a reduced 
pullout strength at 12 months (average of 440 N), but with greater implant stability 
observed [98]. These studies suggest that silver coatings should be used with  caution 
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on surfaces where direct bone healing is required, such as the intramedullary portions 
of hip or knee implants.

Several clinical reports have identified the risk of local argyria, or skin discolor-
ation, in patients receiving the Implantcast Mutars® silver coated megaprostheses. 
In a single institution case series of 32 patients, 23% developed local argyria after a 
mean of 26 months, but showed no renal, hepatic, or neurological toxicity [94]. 
However, several other clinical case series with the same implant showed no sign of 
argyria. In summary, the preclinical and clinical data indicate that silver can be a 
safe and effective antimicrobial agent in orthopedics, if the application is chosen 
appropriately. Silver ions have been shown in vitro to negatively affect stem cell 
recruitment and differentiation, which are critical events in bone healing, so it’s use 
in  locations where direct bone integration is required should be carefully 
evaluated.

4.2.5  Antimicrobial Iodine Coatings

Iodine has also been evaluated as an antimicrobial coating and has demonstrated 
some clinical efficacy. Professor Hiroyuki Tsuchiya from Kanazawa University and 
his colleagues have published extensively on the use of iodine coated titanium 
implants for infection prevention in orthopedic surgery. Titanium or Ti6Al4V alloy 
implants were anodized in a solution containing povidone-iodine, forming an oxide 
film 5–10 μm thick with approximately 10 μg/cm2 iodine. This coating was applied 
to a variety of orthopedic implants, including hip prostheses, spinal implants, mega-
prostheses, knee prostheses, and trauma implants [111–114]. These implants were 
used in revision surgeries where an active implant related infection was treated, or 
in high risk patients with significant risk factors for infection. The iodine coated 
implants were associated with very low infection rates and good implant biocom-
patibility and stability, however, larger randomized controlled clinical trials are 
needed to fully demonstrate the effectiveness of this iodine coating. Like some other 
surface coatings, this technology is limited in application to titanium or titanium 
alloy surfaces.

4.3  Perioperative Local Antibiotics

4.3.1  Direct Local Application of Antibiotics

Due to local disruption of blood flow and poor vascularity in bone, systemic antibi-
otics administered during orthopedic surgery may not be available at the implant 
surface at sufficient concentration to kill contaminating bacteria. By locally admin-
istering antibiotics, much higher concentrations can be achieved. Direct sprinkling 
of powdered antibiotics such as vancomycin into the surgical site prior to skin clo-
sure has been described clinically in spine and trauma surgery [23, 115, 116].
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Meta-analyses of retrospective cohort clinical studies indicate the technique is 
effective to reduce infection rates in spinal surgery, although the studies are typi-
cally small [117–119]. The limited number of randomized controlled trials do not 
show as strong an effect for locally applied antibiotic powder, indicating the need 
for more high quality clinical trials in this area [120]. Local infusion of vancomycin 
or gentamicin solution to the joint space following single stage revision total hip 
arthroplasty (THA) has shown good efficacy to prevent infection [121] as has local 
administration of liquid aminoglycoside solutions to open fractures during surgical 
fixation [122].

4.3.2  Local Antibiotic Carriers

In order to improve on direct antibiotic application, a number of local drug delivery 
technologies have been developed that are device-independent. The biotechnology 
company Novagenit has commercialized their DAC® gel product in Europe, which 
is a hydrogel coating that can be mixed with the surgeon’s choice of antibiotics in 
an application syringe, and applied to an implant intraoperatively as shown in Fig. 3. 
The gel is composed of low molecular weight hyaluronic acid derivatized with poly- 
D,L-lactic acid. A syringe containing 300 mg of powder is reconstituted with 5 mL 
of sterile water for injection and up to 50 mg/mL of antibiotic. The gel is coated 
onto the orthopedic implant prior to implantation as well as injected into the surgi-
cal site. In vitro studies have shown that 80% of the antibiotic is released at 24 h 
[123]. DAC® gel was used with gentamicin or vancomycin in a randomized con-
trolled study of closed fractures treated with metal plates and screws or with an IM 
nail. In 126 patients, there were no infections in the treatment group, as compared 
to 6 infections in 127 patients in the control group [124].

The generic pharmaceutical company Dr. Reddy’s Laboratories has developed a 
bioabsorbable phospholipid based gel, designated DFA-02 containing 1.88% van-
comycin and 1.68% gentamicin. The gel is formed by combining a water solution 

Fig. 3 DAC® hydrogel 
coating is spread onto a 
plate and a screw for 
osteosynthesis in an ankle 
fracture. Reprinted by 
permission from Springer; 
J Orthop Traumatol; 
Fast-resorbable antibiotic- 
loaded hydrogel coating to 
reduce post-surgical 
infection after internal 
osteosynthesis: a 
multicenter randomized 
controlled trial., Malizos 
K, Blauth M, Danita A, 
et al., 2017
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of the antibiotics with lecithin and sesame oil, then emulsifying with high shear 
mixing. The DFA-02 gel has been tested in a rat femur segmental defect plating 
model, challenged with S. aureus, and compared with PMMA beads containing 
gentamicin and tobramycin. After two weeks in vivo the antibiotic gel resulted in 
significantly fewer animals with culturable bacteria in their wounds [125]. The 
DFA-02 has been evaluated clinically in the US for efficacy in a non-orthopedic 
indication; in a study of 445 patients undergoing abdominal surgery there was no 
significant difference between the treatment group and placebo control [126].

A different novel point of care antibiotic coating formulation also based on phos-
phatidylcholine has been evaluated at the University of Arkansas. This formulation 
is made by kneading antibiotics into pure phosphatidylcholine at 37 °C at concen-
trations up to 25%, and then spreading on an implant surface. An in vivo study of 
this formulation in a rabbit radius intramedullary infection model showed greater 
than 4-log reduction in contaminating S. aureus bacteria seven days after implanta-
tion, as well as improved clinical signs of infection [127, 128].

5  Regulatory and Commercial Considerations

5.1  Preclinical Data

Development of an orthopedic implant-related infection is a battle between the 
human immune system and a bacterial biofilm community, which are both extremely 
complex systems down to the molecular scale. Preclinical evaluation of anti- 
infection technologies for orthopedic implants is complicated, and neither in vitro 
nor in vivo models perfectly predict clinical success. Initial in vitro studies of anti-
microbial efficacy often rely on time tested microbiological assays such as zone of 
inhibition (ZOI) studies or colonization assays performed in bacterial growth agar. 
But bacterial agar was developed in the 1880s to rapidly grow tuberculosis colonies 
in clinical microbiology labs, and in many ways does not represent conditions in the 
surgical wound site or bone healing environment [129]. The use of more complex 
growth media including serum proteins in microbiological culture will significantly 
change bacterial adhesion and biofilm formation on metal or plastic surfaces [130]. 
More advanced in vitro culture conditions such as drip flow biofilm reactors or 
minimum biofilm eradication concentration (MBEC) assays may give more relevant 
information on the effectiveness of a technology to prevent biofilm formation, rather 
than just kill planktonic bacteria [131, 132].

There is a need for improved animal models of implant related infection as well. 
Much-published models such as rabbit intramedullary k-wire implants with bacte-
rial inoculum were developed in the early 1990s [133, 134] and have been extremely 
valuable as a screening tool for anti-infection technologies. However high dose 
inoculum of planktonic bacteria, often at levels of 106 CFU or higher, does not rep-
resent the clinical situation. The large majority of bacteria in our bodies and in the 
environment exist as biofilms, and bacteria contaminating a surgical site are likely 
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in the biofilm phenotype when they arrive at the orthopedic implant, having origi-
nated from commensal skin flora at the surgical incision site or airborne particles 
from the environment. New animal models of orthopedic implant-related infection 
which employ biofilm inoculum or delayed initiation of antibacterial treatment may 
give a more accurate assessment of efficacy for anti-infection technologies [115, 
135, 136].

5.2  Regulatory and Market Hurdles

The biggest hurdles to commercialization of new anti-infection technologies are 
often regulatory approval and the cost of assembling the required preclinical and 
clinical data. Regulatory oversight is of course essential and scrutiny of anti- 
infection technologies, especially drug-device combination products, has increased 
as these technologies have become more common [73]. Unfortunately in orthope-
dics there are two factors working against the commercialization of new technolo-
gies; the fragmentation of the market into different anatomies and implant 
technologies, and the regulatory requirement for indication-specific clearances. In 
other words, if a clinical trial is performed on a new anti-infection coating on a tibial 
nail to support regulatory approval, a second clinical trial will likely be required for 
regulatory approval of the same coating applied to a knee prosthesis or to an ankle 
plating system.

Compounding this dilemma, a clinical trial to demonstrate prevention of infec-
tion requires many more patients than a clinical trial to demonstrate treatment of 
infection, because the lower the underlying infection rate the more patients are 
needed to demonstrate statistical significance. A clinical trial powered to demon-
strate statistically significant infection reduction in primary hip arthroplasty for 
example, where infection rates are 1–2%, would require thousands of patients. For 
these reasons, commercialization of anti-infection technologies in orthopedics may 
be limited to high-volume, high-infection rate indications where the economics can 
support the required investment, or to technologies that are flexible enough to be 
used in multiple different indications or on different implant types.

Finally, the value of a new technology must be estimated relative to the available 
alternatives. For example, a hydrogel carrier for local delivery of antibiotics may 
give better clinical results than direct antibiotic sprinkling, but how much better? 
Does the incremental improvement in outcomes justify the cost of a large random-
ized controlled multi-center clinical trial? Despite the large number of anti-infection 
technologies that have been demonstrated in preclinical testing in recent decades, 
relatively few have been successfully commercialized. The non-technical hurdles to 
clinical development are in many cases more significant than the technical hurdles. 
However, future advances in anti-infection technologies must rely on the expecta-
tion that we can find technological solutions to the non-technical challenges facing 
industry, if these challenges are well understood and factored into the assessment of 
new technologies from the start.
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6  Summary

Implant related bacterial infection is a significant clinical problem in orthopedic 
surgery, and there is clear opportunity for development of new material technolo-
gies to help reduce infection rates. Many anti-infection technologies have been 
evaluated preclinically, however few have been commercialized. Commercially 
successful technologies include implant coatings that release antibiotics or silver 
ions locally in the wound site, to kill bacteria before they can form a biofilm on the 
implant surface. These technologies have been applied only in very limited indica-
tions however, and there is still a significant unmet clinical need. The next genera-
tion of anti-infection technologies must be selected and designed to overcome the 
regulatory and commercial challenges as well as technical challenges if they are to 
make a significant clinical impact.
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1  Introduction

Biological research in the areas of skeletal, cartilaginous, tendinous, and muscular 
tissues has led to the advancement of various products designed to augment healing. 
Platelet-rich plasma (PRP) has been in clinical use and researched since the 1970s 
because of its regenerative properties. In this chapter, we will first define PRP and 
its components and discuss various methods of preparation and isolation. The sec-
ond section will focus on the clinical applications of PRP on tissue specific patholo-
gies including tendinopathy, ligamentous injuries, osteoarthritis, and muscle injuries 
in the field of orthopedic surgery and sports medicine. Lastly, the latest progress in 
PRP research will be briefly listed and some promising future directions will be 
discussed.
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2  Biology of Platelet Rich Plasma

2.1  What is PRP (PRP Definition)?

Despite any solid consensus as to its definition, platelet-rich plasma (PRP) is 
accepted by major scientific communities as the plasma fraction of autologous 
blood which has a platelet concentrate above baseline. The normal range of platelets 
in whole blood in a healthy individual is 150,000–450,000 per μL. The reported 
platelet concentration of PRP in the literature ranges from as low as 200,000 plate-
lets/μL to equal or greater than 1000,000 platelets/μL. Other names by which PRP 
has been known include platelet-enriched plasma (PeRP), platelet-rich concentrate 
(PRC), plasma rich in platelets, preparation rich in growth factors (PRGF), 
platelet- rich fibrin (PRF), autologous platelet concentrate (APC), and autogenous 
platelet gel (APG) [1, 2]. It has been constantly reported that PRP has a greater 
concentration of growth factors, cytokines, and other useful substances which 
have been demonstrated to stimulate and/or aid various healing processes, which 
gained its popularity as to be a great source of autologous growth factors. For 
preparation of PRP, various protocols are used, with an underlying principle of 
concentrating platelets to higher than its physiological level, then injecting this 
concentrate in the tissue where healing is desired. However, a clear consensus over 
the best method of preparation and usage of the PRP is still lacking. Much of the 
confusion is due to the variability in results and interpretations in current basic and 
clinical studies [3, 4].

It is worth mentioning here another autologous blood product named autologous 
conditioned serum (ACS), which could cause confusion sometimes with PRP, as 
both are derived from whole blood and can be used for direct injections to treat 
musculoskeletal conditions in clinic. ACS is generated by incubating venous blood 
in the presence of medical grade glass beads. Peripheral blood leukocytes produce 
elevated amounts of endogenous anti-inflammatory cytokines, including the inhibi-
tor of IL-1, the IL-1 receptor antagonist (IL-ra), which accumulates in the serum 
[5]. Following centrifugation and extraction, ACS can be injected into the affected 
region, especially in osteoarthritic joints [6]. Although also derived from autologous 
blood, the concept and the indications for application are different from PRP [7].

2.2  Principles for PRP Isolation and Classification

The use of PRP to improve healing has been explored considerably during the last 
decade after firstly been described by Whitman et al. [8]. Since then, many different 
PRP isolation techniques have been developed, and many different PRP preparation 
systems were commercially marketed. Table 1 summarizes commonly used PRP 
preparation kits and key characterizations of their final products. It is worth men-
tioning that the design of PRP isolation kits is constantly evolving due to the rapid 

D. LaBaze and H. Li



245

Ta
bl

e 
1 

M
aj

or
 P

R
P 

is
ol

at
io

n 
ki

ts
, p

ro
to

co
ls

, a
nd

 c
ha

ra
ct

er
is

tic
s

Sy
st

em
B

lo
od

 
vo

lu
m

e
A

nt
ic

oa
gu

la
nt

Si
ng

le
 o

r 
do

ub
le

 s
pi

n
Fi

na
l v

ol
um

e 
of

 P
R

P
Fi

na
l p

la
te

le
t 

co
nc

en
tr

at
io

n
L

eu
ko

cy
te

s
A

ct
iv

at
or

A
C

P-
D

S 
(A

rt
hr

ex
)

9 
m

l
A

C
D

-A
Si

ng
le

 s
pi

n
35

0 
g,

 5
 m

in
3 

m
l

X
2-

X
3

N
O

N
/A

Fi
br

in
et

 (
C

as
ca

de
; 

M
us

cu
lo

sk
el

et
al

 T
is

su
e 

Fo
un

da
tio

n)

9–
18

 m
l

N
/A

Si
ng

le
 s

pi
n 

(f
or

 P
R

P)
11

00
 g

, 6
 m

in
; d

ou
bl

e 
sp

in
 (

fo
r 

PR
FM

)
36

00
–4

50
0 

g,
 2

5 
m

in

4–
9 

m
l

X
1-

X
1.

5
N

O
C

aC
l 2

G
PS

 I
II

 (
B

io
m

et
)

27
–1

10
 m

l
A

C
D

-A
Si

ng
le

 s
pi

n,
 3

20
0 

rp
m

, 1
5 

m
in

3–
12

 m
l

X
3-

X
8

Y
es

A
T

/
C

aC
l 2

M
ag

el
la

n 
(M

ed
tr

on
ic

, 
M

in
ne

ap
ol

is
)

30
–6

0 
m

l
A

C
D

-A
D

ou
bl

e 
sp

in
6 

m
l

X
3-

X
7

Y
es

C
aC

l 2

E
nd

or
et

 (
PR

G
F)

 (
B

T
I 

B
io

te
ch

no
lo

gy
 I

ns
tit

ut
e)

9 
m

l
So

di
um

 
ci

tr
at

e
Si

ng
le

 s
pi

n
58

0 
g,

 8
 m

in
4 

m
l

X
2-

X
3

N
O

C
aC

l 2

Sm
ar

t p
re

p 
(H

ar
ve

st
 

Te
ch

no
lo

gi
es

, P
ly

m
ou

th
)

20
–1

20
 m

l
A

C
D

-A
D

ou
bl

e 
sp

in
3–

20
 m

l
X

4-
X

6
Y

es
B

T
/

C
aC

l 2
Se

lp
hy

l s
ys

te
m

 (
Se

lp
hy

l, 
B

et
hl

eh
em

)
8 

m
l

So
di

um
 

ci
tr

at
e

Si
ng

le
 s

pi
n

11
00

 g
, 6

 m
in

4–
5 

m
l

X
2-

X
3

N
o

C
aC

l 2

R
eg

en
K

it-
A

-P
R

P 
(R

eg
an

L
ab

, 
L

e 
M

on
t-

su
r-

L
au

sa
nn

e)
8 

m
l

A
C

D
-A

Si
ng

le
 s

pi
n

15
00

 g
, 8

 m
in

4–
5 

m
l

X
1.

6
N

O
N

/A

Pu
re

 P
R

P 
(E

m
cy

te
 G

en
es

is
 C

S)
50

 m
l

So
di

um
 

ci
tr

at
e

D
ou

bl
e 

sp
in

1s
t s

pi
n 

at
 3

80
0 

rp
m

, 1
.5

 m
in

; 
2n

d 
sp

in
 a

t 3
.8

00
 r

pm
, 5

 m
in

5–
7 

m
l

X
3-

X
5

C
us

to
m

iz
ab

le
N

/A

C
aC

l 2
 C

al
ci

um
 C

hl
or

id
e,

 A
T

 a
ut

ol
og

ou
s 

th
ro

m
bi

n,
 B

T
 b

ov
in

e 
th

ro
m

bi
n,

 A
C

D
-A

 a
nt

ic
oa

gu
la

nt
 c

itr
at

e 
de

xt
ro

se
 s

ol
ut

io
n 

A

Platelet Rich Plasma: Biology and Clinical Usage in Orthopedics



246

progress of PRP basic science research. Readers are advised to refer to the latest 
updated information from the manufacture for the latest development.

Although these systems differ widely in their general procedures, choices of 
anti-coagulants, abilities to collect and concentrate platelets, centrifugation forces 
and time durations, and even the cellular composition of their final products, they all 
share some common principles. All protocols follow a generic sequence that con-
sists of whole blood collection, and an initial centrifugation to separate red blood 
cells (RBCs) from the rest of the blood, with or without the second centrifugation to 
further concentrate platelets and other components.

2.2.1  Principle for PRP Isolation

Generally, PRP is prepared by a process known as “differential centrifugation”. In 
differential centrifugation, acceleration force and centrifugation duration are 
adjusted to sediment certain cellular constituents in whole blood based on their dif-
ferent specific gravities. At 37°, the specific gravity of whole blood is 1.050–1.060; 
plasma’s specific gravity is 1.025–1.029; RBC’s specific gravity is approximately 
1.095, which is higher than white blood cells (WBCs) (1.063–1.085) and platelets 
(approximately 1.030). Platelets in normal human have a skewed distribution of 
densities, which overlapped with other cellular components (mainly with WBCs). 
Due to the overlapping of specific gravities, double centrifugation process is usually 
used to obtain high concentration of platelets. In the double centrifugation method, 
an initial centrifugation to separate RBC from the rest of the blood is followed by a 
second centrifugation to further pellet platelets, which is then re-suspended in the 
smaller plasma volume to obtain a relatively higher concentrated platelets [9]. Fig. 1 
describes a double centrifugation process of PRP isolation. Whole blood is col-
lected with anticoagulant and is immediately processed for centrifugation. The first 
centrifugation step is designed to separate RBCs from the remaining whole blood 
volume. After centrifugation, the whole blood separates into three layers: a bottom 
layer that consists mostly of RBCs; an upper layer that contains mostly platelets and 
plasma; and a thin intermediate layer that is known as the buffy coat which is rich 
in WBCs and platelets. The part that will be collected and processed to the second 
centrifugation depends on the desired final product. To produce pure PRP (P-PRP), 
the upper layer and superficial buffy coat are transferred to an empty sterile tube 
leaving behind the rest of the buffy coat which contains concentrated WBCs. To 
produce leukocyte rich PRP (L-PRP), the entire layer of buffy coat and few RBCs 
are transferred. To further concentrate the final PRP product, the second centrifuga-
tion step can be applied. This centrifugation step is to soft pellet platelets without 
rupture the cell membrane. After centrifuge, the upper portion of the volume, which 
is composed mostly of PPP (platelet-poor plasma), is removed. The soft platelet 
pellets are then re-suspended in the remaining plasma (usually 1/3–½ of the total 
plasma volume) to create more concentrated PRP. Finally, the obtained platelet con-
centrate is applied to the surgical site with a syringe, with or without platelet activa-
tors to trigger platelet activation and fibrin polymerization.
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As demonstrated in Table 1 and discussed in many reviews [10, 11], PRP is pre-
pared by centrifugation varying the relative centrifugal forces, temperature and 
time. Although there are numerous protocols in the current literature that described 
the optimal conditions for centrifugation [10], no solid consensus has been reached 
due to the lack of a clear golden standard for PRP compositions, such as the inclu-
sion of leukocytes, the optimal concentration of platelets, the optimal volume for 
injection etc. Nevertheless, the readers and researchers should be familiar with the 
basic principles of PRP isolation and understand the variations among different 
protocols in the current literature.

2.2.2  PRP Classification

As evidenced and discussed, there are many forms of PRP; and there is much to 
learn about its preparation, application, concentration, and timing for application, to 
name a few variables. With many variations in PRP preparation, classification meth-
ods have been created to assist in categorizing different PRPs and comparing 

Fig. 1 Schematic drawing of PRP isolation process by differential centrifugation. Abbreviations: 
RBC: red blood cells; L-PRP: Leukocyte rich platelet-rich plasma; P-PRP: Pure platelet-rich 
plasma
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different studies. Just as the rapid progress of our understanding about PRP, the 
classification methods also keep evolving as our understanding deepens.

The first classification system was proposed by Dohan et al. in [12], and is now 
widely accepted as a milestone in the unification of the terminology for different 
PRP products. This classification system separated the PRP products by two key 
parameters: the presence of leukocytes and the fibrin architecture. Four main cate-
gories can be generally defined (Table 2):

The first PRP classification specific for sports medicine was proposed by Mishra 
et al. at 2012 (Table 3) [13]. This classification system separated PRP products into 
four types based on leukocytes and platelets concentrations, and activation. Two 
subtypes were proposed based on platelet concentrations. Sub-type A PRP is 5× or 
more the blood concentration of platelets, and sub-type B PRP being less than 5 
times the blood concentration of platelets. The 5 times cutoff is debatable, as the 
effective concentration of platelets in the final PRP product were largely unclear; 
and there was no clear scientific evidence to show the optimal platelet concentration 
for multiple clinical conditions. Also, the relative concentration to the baseline is 
more meaningful to evaluate the ability of concentrating platelets by different PRP 
preparation protocols rather than to predict its effectiveness. Absolute platelet con-
centration and final volume are more accurate parameters to predict the amount of 
growth factors that could be delivered based on the fact that the concentration of 

Table 2 Platelet-rich plasma classification proposed by Dohan et al. [12]

Categories Description

Pure platelet- 
rich plasma
(P-PRP)

Also known as Leukocyte-Poor Platelet-Rich Plasma. Products are prepared 
without leukocytes and with a low-density fibrin network after activation.

Pure platelet- 
rich fibrin
(P-PRF):

Also known as Leukocyte-Poor Platelet-Rich Fibrin. Products are prepared 
without leukocytes and with a high-density fibrin network. These products 
presented in a strongly activated gel form, and cannot be injected as a solution 
or used like traditional fibrin glues. However, because of their strong fibrin 
matrix, they can be handled like a real solid material which can hold sutures.

Leukocyte and 
platelet-rich 
plasma
(L-PRP)

These products are prepared with leukocytes and with a low-density fibrin 
network after activation. It is in this category that the majority of commercial 
systems belongs.

Leukocyte- and 
platelet-rich 
fibrin
(L-PRF)

Products are prepared with leukocytes and with a high-density fibrin network.

Table 3 Platelet-rich plasma classification proposed by Mishra et al. [13]

White blood cells Activation? Platelet concentration

Type 1 Increased over baseline No activation A: 5× or>; B: <5×
Type 2 Increased over baseline Activated A: 5× or>; B: <5×
Type 3 Minimal or no WBCs No activation A: 5× or>; B: <5×
Type 4 Minimal or no WBCs Activated A: 5× or>; B: <5×
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growth factors are positively related to the platelet concentration. In 2012, DeLong 
et  al. published the PAW (Platelets, Activation, White blood cells) classification 
system which is based on those three major components, and is very similar to the 
proposal of Mishra et al. [13], but focused more on the platelet quantity (absolute 
number) (Fig. 2) [14].

The 2009 terminology and classification system is a crucial step [12], which laid 
down foundation for PRP classification. The following developed classification sys-
tems added more detailed parameters to fine tune this very complicated product. 
Without a doubt, PRP classification systems will keep evolving with new develop-
ments in PRP preparation and application.

2.3  Biologics of PRP

PRP is a part of concentrated autologous blood, which has a higher concentration of 
platelets than whole blood. While platelets have been the primary focus when study-
ing PRP in the past, other important constituents have been identified that can con-
tribute to the overall function of PRP to the healing process, which include WBCs, 
RBCs, and other components in the plasma (Table 4). In this part, we will focus on 
platelets and its released factors, leukocyte poll, red blood cells, and extracellular 
vesicles; the current understanding of their roles in tissue healing will be discussed 
as well.

Fig. 2 The PAW classification system proposed by DeLong et al. [14]
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2.3.1  Platelet and Platelet Released Factors

Platelets are the major component of PRP. Platelets are small enucleate cytoplasmic 
fragments of multinucleated megakaryocytes in bone marrow; it ranges from 2 to 
3 μm in size. The concentration of platelets in healthy human is 150,000–450,000/
μL. Inactive platelets have a discoid shape with an open canalicular system. Many 
native and exogenous molecules can activate platelets, including collagen, platelet- 
activating factor, serotonin, calcium, thromboxane A2 (TXA2), and thrombin etc. 
[15]. The activated platelet undergoes cytoskeleton restructuring to develop multi-
ple filopodia from the location of the canaliculi to initiate exocytosis and degranula-
tion process [16]. Numerous active substances can be released from its intracellular 
granules. The secretome of platelets consist the core for the clinical application of 
PRP on tissue healing and regeneration. Proteomic studies have shown that platelets 
contain over 800 proteins with numerous post-translational modifications, such as 
phosphorylation, resulting in over 1500 protein-based bioactive factors [17, 18]. 
Only a portion of these proteins’ physiologic actions have been studied so far, 
including growth factors (GFs) and peptide hormones. In this section, we will go 

Table 4 Summary of cellular and molecular components of PRP relevant to musculoskeletal 
tissue healing

Component

Plasma
  Proteins Albumin, globulins, fibrinogen, complement, and clotting factors
  Electrolytes Chloride, sodium, potassium, and calcium
  Hormones IGF1, estrogens, progesterone, androgens, ACTH, and HGH
  Biomarkers COMP, CD11b, protein C, microRNA, osteocalcin, and osteonectin
Platelets
  Alpha granules Adhesive proteins, clotting factors, and GFs (PDGF, TGF-β, VEGF, FGF, 

EGF, and HGF)
  Dense granules Calcium, magnesium, ADP, ATP, histamine and neurotransmitters 

(serotonin)
  Lysosomes Lysosomal enzymes
Leukocytes
  Neutrophils
  Primary granules Myeloperoxidase, acid hydrolases, defensins, and serine proteases
  Secondary 

granules
Collagenase, lactoferrin, cathelicidin, bactericidal phagocytins, and 
lysoyme

  Tertiary granules Gelatinase and proteases
  Monocytes Platelet-activating factor, TGF- β, VEGF, FGF, and EGF
Erythrocytes ATP, S-nitrosothiols, nitric oxide, hydrogen sulfide, hemoglobin, and free 

radicals.

Abbreviations: ACTH adrenocorticotrophic hormone, ATP adenosine triphosphate, COMP carti-
lage oligomeric matrix protein, EGF epidermal growth factor, FGF fibroblastic growth factor, 
HGF hepatocyte growth factor, HGH human growth hormone, VEGF vascular endothelial growth 
factor.
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through the basics of platelet secretion and discuss mainly the substances that are 
relevant or important for tissue healing.

Platelet Alpha Granules

α-granules are 300- to 500-nm micro-vesicles with a proteome count of approxi-
mately 284 [19]. These include bioactive molecules such as adhesive proteins 
(fibrinogen, von Willebrand factor) and receptors (aIIbB3 and GPVI receptors), 
clotting factors (V, XI, XIII, and prothrombin), anticoagulation cargos (tissue factor 
pathway inhibitor-TFPI, protein S, protease nexin-2), fibrinolytic factors (anti-
thrombin, plasmin, and plasminogen), other basic proteins, membrane glycopro-
teins, and many GFs [20]. The GFs stored in α-granules drawn most of the attentions 
as they formed the scientific basis of the clinical applications of PRP to healing 
tissue injuries [21, 22]. Table 5 summarizes the key growth factors that are released 
from platelet and their biological functions, including platelet-derived growth factor 
(PDGF), transforming growth factor-β1 (TGF-β1), vascular endothelial growth fac-
tor (VEGF), epidermal growth factor (EGF), basic fibroblast growth factor (bFGF), 
and insulin-like growth factor-1 (IGF-1).

Dense Granules

Dense granules, also known as delta granules, are vesicles 250–300  nm in size. 
They contain primarily substances that promote blood clotting, such as calcium 
(clotting factor IV), magnesium, polyphosphate, ADP, ATP, GDP, adenosine, and 

Table 5 Key regenerative growth factors stored in alpha-granules and their functions

Growth 
factors Function

PDGF Stimulates cell proliferation, chemotaxis, and differentiation. Stimulates 
angiogenesis

TGF-β Stimulates production of collagen type I and type III, angiogenesis, 
re-epithelialization, and synthesis of protease inhibitors to inhibit collagen 
breakdown.

VEGF Stimulates angiogenesis by regulating endothelial cell proliferation and migration.
EGF Influences cell proliferation and cyto-protection

Accelerates re-epithelialization
Increases tensile strength in wounds
Facilitates organization of granulation tissue

bFGF Stimulates angiogenesis
Promotes stem cell proliferation and differentiation
Promotes collagen production and tissue repair

IGF-1 Regulates cell proliferation and differentiation
Influences matrix secretion from osteoblasts and production of proteoglycan, 
collagen, and other non-collagen proteins.
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histamine [23]. A deficiency of delta granules results in mild bleeding disorders. 
Serotonin, a neurotransmitter, was also found abundant in dense granules [23]. 
When released, serotonin promotes hemostasis by constricting vascular tone and 
permeability. Besides its role in hemostasis, it is known that serotonin acts as either 
a hormone or neurotransmitter and can both positively and negatively regulate bone 
mass [24]. The release of substances from dense granules was described as “fast” 
after platelet activation. It has been shown that the release of [3H]-serotonin occurred 
more rapidly than PF-4 from alpha-granules or beta-hexosaminidase from lyso-
somes (lambda granules), regardless of the agonist used to stimulate platelets [25].

The Lambda Granules

Lambda granules are lysosomal-type organelles, which contains several hydrolytic 
enzymes to aid clot resorption. As healing progresses, tissue plasminogen activator 
secreted by the endothelium activates lysosomal enzymes, which convert plasmino-
gen to plasmin and lyse the clot. Besides, it was reported that plasminogen activa-
tors also play a role in homeostasis of muscle fibers and the adjoining extracellular 
matrix, including fracture repair [26, 27].

Regulation of Platelet Secretion

As evidenced by accumulating evidences, the roles of platelets extend far beyond 
initial platelet adhesion and aggregation at the site of injury. In addition to coagula-
tion, platelets are essential to many other biological/pathological processes such as 
inflammation, antimicrobial responses, and wound healing [28]. As the secretome 
studies have shown, platelets secrete more than 800 molecules during its degranula-
tion process. It is still not clear how platelets keep balance among all the potent 
mitogenic, pro-angiogenic, anti-angiogenic, pro-inflammatory, anti-inflammatory 
and adhesive factors released from granules under certain activation conditions. It 
was believed that the degranulation process is finely controlled [28], simply because 
if all the contents of the intracellular stores were released in an uncontrolled man-
ner, the thrombus formation and all the following events would be similarly uncoor-
dinated. To explain this, two hypotheses were proposed. One is that platelet granules 
are not uniform, especially alpha-granule cargos, and that certain factors may be 
differentially packaged and thus released “selectively”. Ma et  al. observed that 
platelet stimulation with specific protease-activated receptor (PAR) 1 or PAR4 ago-
nist resulted in the preferential release of VEGF (a pro-angiogenic factor) or end-
ostatin (anti-angiogenic factor) [29]. Indeed, distinct localization of fibrinogen and 
vWF (two of the main alpha-granule cargos) have been clearly documented by 
spinning-disk confocal microscopy [30]. Immuno-gold labeling also showed alpha- 
granule populations containing either endostatin or VEGF but not both [31].

As discussed, it is clear that the release of factors from platelets is somehow 
regulated depends on the agonist used. In the current clinical practices, an activation 
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step before PRP injection is applied. In most protocols, thrombin and/or calcium 
chloride (CaCl2) is used to activate the platelets, but some physicians prefer to inject 
PRP in its resting form, relying on the spontaneous platelet activation occurring 
after exposure to the native collagen present in the injured tissues. Currently, there 
is a lack of evidence on the most suitable method for PRP activation, and the choice 
of strategy for activation is mainly empirically based on clinical practice rather than 
supported by well-designed studies on the final platelet releasate and under the vari-
ous clinical indications. How to control the release of certain growth factors that are 
desired for the targeted tissue is still a holy grail for the PRP research. Studies have 
demonstrated that CaCl2, thrombin, and collagen type I all can stimulate immediate 
initial release of GFs which is sustained over 10 days from a PRP clot [32, 33]. 
Collagen type I as an activator produces an overall less GF release and more sus-
tained manner than CaCl2, thrombin or combined [32]. Further studies should aim 
at further investigating the effect of the different activation strategy on platelet con-
centrates according to the targeted tissue and injury mechanisms, in order to opti-
mize the in vivo effect of the released bioactive molecules and therefore increase 
PRP healing potentials.

2.3.2  Leukocytes

Depends on different isolation protocol, PRP products are available as PRP contain-
ing Leukocytes (L-PRP) or without (P-PRP). Leukocytes include neutrophils, 
monocytes, macrophages, and lymphocytes which play a central role in immune 
response to pathogens, inflammations, and wound healing. The presence of leuko-
cytes in PRP is very controversial and continues to be a focus of investigation to 
establish indications or contraindications for its use. Several studies have supported 
the use of leukocyte-rich PRP, arguing that the leukocytes potentiate the release of 
cytokines from platelets to improve healing, and confers antimicrobial properties to 
reduce infection rates, as demonstrated in vitro [34, 35]. Others argue that the 
release of these cytokines causes a highly inflammatory reaction, predisposing to 
fibrosis and structurally weaker tissue, [36, 37]. As to intra-articular usage, 
leukocyte- rich PRP has been shown to cause increased post-injection pain, cell 
death, and excessive activation of synoviocyte than leukocyte-poor PRP [38]. At 
present, no clear consensus exists regarding the utility of leukocytes in PRP and 
further study is warranted.

2.3.3  Red Blood Cells

As described in PRP preparation part, a thin layer of RBCs might be included in 
some final PRP products to obtain more concentrated platelet. The role of RBCs in 
PRP injections is also largely unknown, with little data on the specific effects of this 
component within PRP. There has been evidence to suggest that RBCs might be 
deleterious to cartilage, as they may be harmful to synoviocytes [38], resulting in 
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the release of catabolic mediators that may worsen cartilage damage and contribute 
to joint degeneration. Caution should be exercised when utilizing PRP preparations 
that contain considerable amount of RBC. Further study is necessary to determine 
the clinical effect of RBC within PRP for the treatment of other musculoskeletal 
tissue pathologies.

2.3.4  Extracellular Vehicles (EVs)

Extracellular vesicles (EVs) are plasma membrane-derived vesicles, released from 
cells during stress conditions, including activation and apoptosis, which contains 
specific proteins, RNA, miRNA, and IncRNA [39]. EVs are present in peripheral 
blood and body fluids and constitute a heterogeneous population of particles highly 
variable in size, composition, concentration, cellular origin, and functional proper-
ties [40]. EVs are released by various cells and play a vital role in cell communica-
tion by transferring their contents from the host cells to the recipient cells [41–43]. 
Many diverse names have been used to refer to these vesicles released by healthy 
cells including ectosomes, microparticles, and shedding micro-vesicles, just to 
name a few. Researchers are now encouraged to use the term EVs as a generic term 
for all secreted vesicles. EVs may be broadly classified into exosomes, micro- 
vesicles (MVs, also known as microparticles or ectosomes), and apoptotic bodies 
according to their size and to cellular origin as summarized in Table 6. Exosomes 
and MVs are both released by healthy cells, although they differ in several aspects. 
Exosomes are nanometer-sized (40–120 nm) vesicles of endocytic origin that form 
by inward budding of the limiting membrane of multi-vesicular endosomes (MVEs). 
However, MVs bud from the cell surface and their size may vary between 50 nm and 
1000 nm. Due to their difference origins, they also differed from their contents and 
corresponding surface markers (Table 6). For more detailed and in-depth info on 
this part, please refer the reviews [44, 45] .

In the plasma, EVs are continuously released from variety of cell types, includ-
ing RBCs, WBCs, endothelial cells, and platelets [46]. Seventy to ninety percent of 
circulating EVs are derived from platelets [47, 48]. Platelets generate EVs in 
response to agonists, complement activation, shear forces, senescence, and 

Table 6 Characteristics of different extracellular vesicles

Exosomes Micro-vesicles Apoptotic bodies

Origin Endocytic pathway Plasma membrane Plasma membrane
Size 40–120 nm 50–1000 nm 500–2000 nm
Function Intercellular communication Intercellular communication Facilitate 

phagocytosis
Markers Alix, Tsg101, tetraspanins 

(CD81, CD63, CD9), flotillin
Integrins, selectins, CD40 Annexin V, 

phosphatidylserine
Contents Proteins and nucleic acids 

(mRNA, miRNA and other 
non-coding RNAs)

Proteins and nucleic acids 
(mRNA, miRNA and other 
non-coding RNAs)

Nuclear fractions, cell 
organelles.
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 cytoskeletal abnormalities [49]. Recent studies demonstrated that platelet-derived 
EVs participate in a variety of important biological and pathological processes via 
intracellular communication, including but not limited to clotting, angiogenesis, 
inflammation, immunoregulation, and tumor progression. As a result, platelet-
derived EVs represent another important regulating pathway other than traditional 
communicating pathways such as growth factors, cytokines etc. EVs, especially 
exosome, have been extensively studied for their role in stimulating tissue regenera-
tion, in many in vitro and in vivo models, demonstrating that they can confer proan-
giogenic, proliferative, anti-apoptotic and anti-inflammatory actions through 
transporting RNA and protein cargos. However, the platelet-derived EVs contents 
and their functions in the context of regenerative properties of PRP remains largely 
unknown. The possibility that an important or even a major effect of PRP may 
derive from EVs should be considered for future investigations. Moreover, platelet-
derived EVs may also contribute to the overall variations observed in PRP. Indeed, 
the MVs in blood from normal healthy transfusion donors is highly variable and 
affected by diet and exercise. This observation raises the question that if PRPs pre-
pared from different donors (healthy or disease/injury status) also differ from each 
other regarding EVs. Clearly, more studies are needed to understand or elucidate 
potential functions or usages of EVs from PRP in the context of regenerative 
medicine.

3  Clinical Applications of Platelet-Rich Plasma 
in Orthopedics Surgery

PRP is increasingly used in a variety of tissue injuries, and the usage of PRP in 
orthopedics field mainly focused on the soft tissue injuries and sports medicine 
related indications. However, a large number of variables, including method of 
preparation, composition, medical conditions, injury mechanisms etc. influence the 
clinical outcomes. The wild-spread variations preclude interpretation of the effec-
tiveness of PRP, and prevents comparison between studies and makes replication by 
others impossible. The effectiveness and potential adverse effects of this treatment 
require high quality studies prior to widespread clinical applications. In this part, 
instead of discussing the variations and the inconsistency or controversial clinical 
results, we will summarize the current scientific evidence that supports the usage of 
PRP and present only the results of high level (mainly level-one) randomized clini-
cal trials (RCTs) with the focus on tendon, ligament, cartilage, and muscle 
injuries.
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3.1  Tendons

Tendons are connective tissues that transmit forces from muscle to bone. Physiology 
permits tendons to have unique properties; tendons have tensile strength that is 
equal to bone and per unit area stronger than muscle while still being flexible. The 
properties of tendons are a result of the parallel arrangement of collagen which 
allow the preservation of contractile energy transfer from muscle to bone. The col-
lagen in tendons are made from fibroblast-like cells called Tenocytes, these cells are 
the predominant cell type of this tissue. The other roughly 5% of cells are tendon 
stem cells (TSCs). Injury can occur when tendons approach, reach, or exceed maxi-
mum transmittable forces [50].

PRP has demonstrated benefit to tendon healing in Vitro. PRP has a dose- 
dependent benefit to the proliferation of tenocytes [51] and TSCs [52]. Though dose 
dependent effects are observed, higher concentrations can be deleterious. Benefits 
to proliferation are observed up to a concertation of 0.5 × 106 plt/𝜇L, a concentra-
tion exceeding 3.0 × 106 plt/𝜇L in media started to cause poor proliferation [53]. A 
rabbit in vitro study had similar findings with benefit observed up to a concentration 
of 10% culture media being PRP with waning effects when PRP exceeded 20% 
[54].

Different PRP preparation methods may differently affect tendon healing. A 
study by Zhou et al. evaluated effects L-PRP and P-PRP on the proliferation and 
differentiation of TSCs [54]. L-PRP was more effective at promoting proliferation 
and significantly increased gene expression of collagen type III. P-PRP had higher 
collagen type I/ collagen type III ratio, catabolic markers such as matrix metallopro-
teinase- 1 (MMP-1), MMP-13 and increased inflammatory markers [54]. PRP gel 
prepared with calcium and thrombin had better results than non-activated PRP and 
PRP activated with calcium only [55]. Those findings still need to be tested and 
confirmed in clinical trials or at least in larger clinically relevant animal models.

The clinical trials of PRP on tendon are mainly focused on tendinopathies. Only 
level-one RCTs that use PRP as a treatment for tendinopathies focusing on the 
patellar tendon, Achilles tendon, rotator cuff tendons, and lateral elbow tendons 
were presented and analyzed.

For the Patellar tendon, 6 level one RCTs were published (Table 7). Two studies 
described the intra-operative PRP application to heal patellar tendon gap after graft 
harvesting during ACL reconstruction [56, 57]. Both studies reported supercity of 
PRP groups over controls in terms of pain control and tissue healing. Four other 
studies evaluated the efficacy of PRP as a conservative treatment for tendinopathies 
[58–61]. The literature showed overall superior results when compared to controls, 
but heterogeneous preparation and therapeutic protocols, differing in terms of num-
ber of injections performed and time interval between administrations. In most of 
the published studies, the injective treatment was followed by a standard rehabilita-
tion program.

For the Achilles tendon, five RCTs were published (Table 8). Four of them dealt 
with chronic Achilles tendinopathy [62–66] and one with acute tendon rupture [67]. 
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Looking at PRP application to manage chronic Achilles pathology, three RCTs 
documented no-better clinical outcomes when PRP was used alone as a treatment 
when compared with traditional therapies, which showed a huge discrepancy with 
other lower level case series studies. Most recent RCT published by Boesen et al. 
showed effectiveness when PRP was used as an augmentation along with eccentric 
training; however, no better than high volume injection (HVI) [66]. For what regards 
PRP application for acute Achilles tendon rupture, the study authored by Schepull 
et al. [67] even revealed that PRP addition could be detrimental in tissue healing 
since no biomechanical advantages were found, and lower performance were 
reported in PRP groups when compared to the “suture-alone” group.

For lateral elbow tendons, 14 level one RCTs were published (Table 9), and all 
of them focused on lateral elbow tendinopathy. By far, a single PRP injection is the 
most preferred protocol, with some authors performing a second or more injections 
in case of poor clinical response. In addition to the sham or saline controls, PRP 
therapy was also compared with other therapeutic approaches including autologous 
whole blood, corticosteroids, local anesthetic, or laser therapy. The comparison 
between PRP and corticosteroids injections demonstrated overall superior results 
for PRP treatment: Perbooms et al. [68] were the first group documented superior 
clinical outcomes after PRP treatment at 1-year follow-up, and Gosens et al. [69] 
confirmed the better outcome at 2-years follow-up. The authors pointed out that 
comparing to corticosteroid therapy, PRP therapy is more durable and requires 
much less re-intervention. Also the RCTs authored by Yadav et al. [70], Lebiedzinski 
et al. [71] and Khaliq et al. [72] confirmed superior results for a single injection of 
PRP compared to corticosteroids. On the other hand, there are also three well 
designed level one trials which failed to reveal beneficial effects of PRP injections 
when compared with corticosteroids [73–75]. Two trials compared PRP with local 
anesthetic injections. Mishra et al. [76] reported a better clinical outcome of PRP 
injection both at 12 and 24 weeks compared to bupivacaine injection based on a 
large multicenter RCT including 230 patients. Behera et  al. [77] in a RCT on a 
smaller group of patients confirmed the beneficial effects of PRP. Interestingly, con-
troversial results have also been found in 4 RCT trials compared with autologous 
whole-blood injections [78–81]. The overall response after intra-tendinous injection 
of whole blood was consistently satisfactory in all the published studies; and PRP 
did not show a clear advantage over autologous whole blood in terms of pain relief 
and functional recovery. These findings raised the debate about the necessity of 
further PRP isolation from blood as autologous whole blood itself seems to provide 
satisfactory and comparable clinical benefit in the treatment of lateral elbow 
tendinopathy.

For the rotator cuff injuries (Table 10), PRP was used either as conservative treat-
ment for the management of chronic tendinopathy that was not responsive to previ-
ous therapeutic attempts, or used as an augmentation during or immediately after 
surgical arthroscopic cuff repair. In the case of PRP application as a conservative 
option, the 2 level-one RCTs [83, 84] showed no better outcomes when compared 
with placebo controls in terms of clinical scores and other objective measurements, 
which is quite contrasting with other lower level clinical trials. Conversely, Rha 
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et  al. [85] reported that 2 PRP injections could yield improved symptoms and 
restored shoulder motility at 6 months follow-up when compared to dry needling 
alone.

With respect to the application as an augmentation during surgery, 10 studies 
[86–95] failed to show any beneficial effects of PRP augmentation compared to the 
surgical procedure alone. Contrarily, 5 RCTs clearly demonstrated beneficial effects 
after PRP administration. In particular, Jo [96], Malavolta [97], Zhang [98], and 
Pandey [99] reported significant lower re-tear rate when PRP was used as an aug-
mentation, while Randelli [100] and Pandey [99] documented better pain relief in 
PRP group and also superior clinical scores at various follow-up evaluations.

3.2  ligament

The application of PRP on ligament healing is mainly focused on anterior cruciate 
ligament (ACL) ruptures or tears, due to the fact that ACL injuries are among the 
most common sport-related injuries and ACL reconstruction is one of the most fre-
quently performed procedures in sports medicine. Despite overall “good” clinical 
outcomes reported at mid/long-term follow-up, ACL reconstruction is still not a 
“100%-success” procedure; and the rate for full recovery (back to sports) is <60%, 
with a high re-injury rate in professional sport players. A clear demanding exist 
especially from professionals who need to return to the field as soon as possible 
[105]. Researchers is therefore investigating novel strategies to enhance ACL heal-
ing with the intension to further accelerate recovery time, and to reduce the failure 
rate. PRP administration is one of the few options that aim for enhancing ACL 
reconstruction. So far, In vitro and pre-clinical animal studies have demonstrated 
overall promising results: PRP administration increases the gene and protein expres-
sions of collagen, and also contributes to the reduced apoptosis and stimulated 
fibroblast metabolic activity; it was observed in animal models that PRP application 
was able to produce stronger graft which has superior biomechanical properties. 
Despite the encouraging results from animal studies, the results from clinical trials 
are still inconclusive. Figueroa et al. [105] systematically reviewed PRP usage in 
ACL surgery. Among 11 prospective comparative or randomized controlled trials 
included, only 4 were level-one RCTs [106–109] which were summarized in 
Table  11. In 2009, Nin et  al. [108] published a controlled study of 100 patients 
undergoing ACL bone-tendon-bone reconstruction with or without PRP. The PRP 
was placed on the graft and in the tibial tunnel. This study presented blinded MRI 
assessment and clinical evaluation at 24 months as endpoints. Their results did not 
show any statistically significant differences between the groups for inflammatory 
parameters (perimeters of the knee and C-reactive protein level), MRI appearance 
of the graft (although there was an improvement consistent with 20%–25% based 
on platelet use), and clinical evaluation scores (visual analog scale, IKDC, and 
KT-1000 arthrometer). In 2010, Vogrin et al. [107] compared ACL hamstring recon-
struction without PRP and ACL reconstruction with PRP on the graft and in both 
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tunnels in a randomized controlled, double-blind study. Outcome was assessed by 
MRI at 3 months postoperatively. In the same year, Vogrin et al. published another 
article [109] in which anteroposterior knee stability with the KT-2000 arthrometer 
(MEDmetric) was evaluated before surgery and at 3 and 6 months after surgery in 
ACL reconstructed patients with and without PRP. Their study focused on vascular-
ization in their MRI analysis but found no differences in the intra-articular portion 
of ACL grafts with PRP treatment and without such treatment at 12 weeks. They 
also assessed vascularization at the bone-ligament interface and found a signifi-
cantly better score for the group treated with PRP (P < .001). In addition, Vogrin 
et al. noted significantly better anteroposterior knee stability in patients treated with 
PRP than in patients in the control group. In 2013, Mirzatolooei et al. [106] reported 
a study comparing ACL reconstructions by hamstring graft with or without PRP 
administration into the bone tunnels. The width of the bone tunnels was measured 
by CT scans of the knees (right after surgery and at 3 months postoperatively). Their 
data revealed that despite slightly less tunnel widening in the PRP group, there was 
no significant difference between the groups at the femoral opening or the mid- 
femoral tunnel or at the tibial opening or mid-tibial tunnel. Clinical results were also 
similar between groups.

Based on the limited clinical evidence available so far, it seems there is some 
promising evidence that the addition of PRP to the graft or tunnels could be a syn-
ergic factor in acquiring maturity more quickly than grafts with no PRP, which the 
clinical implication of this remaining unclear. Considering tunnel healing and tun-
nel widening, it seems that PRP offers little or no benefit. Besides the common 
variations for PRP research, such as different PRP preparations, the dose, interval, 
and methods of application etc., clinically, there are also an infinite number of con-
founding variables.

3.3  Cartilage

The articular cartilage has very poor regenerative capacity due to its avascular 
nature. Clinical and laboratory attempts using biological approaches including 
growth factors provides promise for the treatment of disabling articular cartilage 
injuries and diseases. Many anabolic growth factors have been intensively tested to 
promote articular cartilage growth including TGF-β1, IGF-1, FGF-2, VEGF, and 
PDGF.  Those factors can also be found in high concentration in PRP products, 
which set up a scientific promise that PRP could be beneficial to the cartilage inju-
ries. Besides abundant anabolic growth factors, anti-inflammatory properties of 
platelet concentrates may help lower the inflammation in the synovial tissue which 
would lead to a reduction of matrix-metalloproteinases, known as cartilage-matrix 
degrading enzymes, which is a well-known pathological and progressive factor for 
OA.

In vitro studies using porcine, bovine, and human chondrocytes demonstrate that 
PRP can promote the proliferation of chondrocytes. Culture of porcine chondro-
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cytes for 72 h in 10% PRP had significantly more DNA content than cells cultured 
in 10% PPP and 10% FBS [110]. PRP promotes the proliferation of primary chon-
drocytes isolated from patients whom had a total joint replacement for up to 12 days 
in both a monolayer and three-dimensional setting [111]. The proliferative benefit 
to human chondrocytes can be observed for up to 20 days in both monolayer and 3D 
when co-cultured with Platelet releasates (PRPr) [112]. Though there are clear ben-
efits to proliferation, there is no consensus on the effects regarding differentiation. 
Porcine and human chondrocyte in both monolayer and 3D environments had 
increased mRNA transcription and protein synthesis of aggrecan and type II colla-
gen when cultured with PRP and PRPr [110–112]. One study observed reduced 
expression levels of aggrecan, type II collagen, and bone morphogenetic protein-2 
were in human chondrocytes co-cultured with PRP.  Though they also reported 
increased proliferation in PRP, chondrocytes dedifferentiated towards a fibroblast- 
like phenotype [113]. Another study also demonstrated increased proliferation in 
PRP however primary chondrocytes in Fetal Calf serum were clearly differentiated 
with matrix deposition and was not observed in the PRP groups [114]. This lack of 
consistency among the published reports may be attributable to the heterogeneity of 
study designs, variations in PRP preparations, and differences in PRP delivery.

Apart from its beneficial effects on the chondrocytes proliferation, PRP has also 
been demonstrated to have anti-inflammation potential in an osteoarthritic milieu. It 
was observed that PRP releasate completely reversed IL-1β induced inflammatory 
response of chrondrocytes isolated from patients with OA [115]. Further study sug-
gested that PRP exerts its anti-inflammatory effects via inhibition of NF-κB activa-
tion through increasing gene expression of hepatocyte growth factor (HGF) and 
TNF-α [116]. These findings provide preclinical support for the concept that PRP 
application could reduce chondrocyte inflammatory responses and restoring ana-
bolic activity via deactivation of NF-κB. However, due to the presence of concen-
trated leukocytes, PRP was originally thought to be pro-inflammatory [117]. Further 
investigation revealed that the most represented pro-inflammatory cytokines, IL-1β, 
only showed a slight increase after platelet activation, whereas the anti- inflammatory 
molecules, including IL-4 and IL-10, increased more than 5 times [116]. With more 
refined PRP isolation protocol, the anti-inflammatory effect is likely to predominate 
in PRP formulations in which the presence of leukocytes is substantially reduced.

For clinical data (Table 12), PRP was mainly tested on OA patients with pure- 
PRP as the main formula. Overall, more positive effects of PRP injections were 
reported. The first positive level one RCT compared PRP with placebo for the treat-
ment of knee OA was reported by Patel et al. [118], who compared the efficacy of 
PRP injections (single injection and two injections of P-PRP 3 eeks apart) with 
single saline injection. Their data demonstrated significantly improved WOMAC 
scores in all PRP groups, but worsened in saline group. A more recent FDA- 
sanctioned RCT study confirmed that P-PRP is effective for the pain relief and 
functional improvement with regards to knee OA [119]. The efficacy of PRP in 
the treatment of OA was also compared with HA administration. Cerza et  al. 
[120] reported that the improvement of WOMAC scores was more significant in 
the P-PRP-treated group than the HA group at each time point and in all grades 
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Table 12 Summary of the clinical trials dealing with PRP application for the treatment of OA

Publication
N of 
patients Protocol PRP characteristics F-up Main findings

[125] 102 
patients in 
total: 
n = 33 
PRP 
group; 
n = 34 HA 
group; 
n = 35 
Ozon 
group

Three groups: 
PRP group: 2 
injections of 
PRP (1-month 
interval); HA 
group: single 
injection of 
HA; Ozone 
group: 4 
injections of 
Ozone

PLT: 9–13× 
baseline.
L: n/a
ACT: No

12 months PRP was more 
effective than HA 
and ozone 
injections. Two 
applications can 
provide at least 
1-year 
improvement than 
HA injection.

[126] 162 
patients in 
total: 
n = 39 
three PRP 
injection 
group; 
n = 44 
single PRP 
injection; 
n = 39 HA 
group; 
n = 40 
saline 
control

Four groups 
receiving 3 
intra-articular 
injections of 
PRP, one 
injection of 
PRP, one 
injection of 
HA, and a 
saline control

PLT: around 5× 
baseline
L: n/a
ACT: CaCl2, and 
PRP were freeze- 
thawed once before 
injection

6 months Significant 
improvement were 
observed in PRP 
and HA groups 
when compared 
with control. Three 
PRP injections 
showed 
significantly better 
results can single 
injection and HA 
groups. No 
difference between 
single PRP 
injection and HA 
groups. The PRP 
effects is clearer in 
the early OA 
subgroup but not 
in advanced OA 
group.

[119] 30 patients 
in total: 
n = 15 
PRP 
group; 
n = 15 
saline 
group

3 injections of 
PRP or HA in 
a weekly basis

PLT: 2−3× baseline
L: No
ACT: CaCl2

12 months P-PRP showed 
beneficial effects 
in terms of pain 
relief and 
functional 
improvement with 
regards to knee 
OA. No adverse 
events were 
reported.

(continued)
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Table 12 (continued)

Publication
N of 
patients Protocol PRP characteristics F-up Main findings

[124] 192 
patients in 
total:
n = 94 
PRP 
group; 
n = 89 HA 
group

3 injections of 
PRP or HA in 
a weekly basis

PLT: 
4.6 ± 1.4 × baseline.
L: 
1.1 ± 0.5 × baseline.
ACT: CaCl2, and 
PRP were freeze- 
thawed once before 
injection

12 months Both treatments 
proved to be 
effective in 
improving knee 
functional status 
and reducing 
symptoms, but no 
significant 
intergroup 
difference at any 
follow-up in any of 
the clinical scores.

[118] 78 patients 
(156 
knees) in 
total: 
n = 52 
single 
injection 
of PRP; 
n = 50 two 
injections 
of PRP; 
n = 46 
single 
saline 
injection 
control

Three groups: 
Single or 
twice PRP 
injection 
(3 weeks 
apart), or 
single saline 
injection

PLT: 310.14 × 103/ul 
(3× baseline)
L: No
ACT: CaCl2

6 months WOMAC 
parameters 
improved after 
PRP injections 
(both single and 
twice injections), 
whereas worsened 
after saline 
infiltration. 
However, no 
significantly 
differences were 
found between 
PRP groups; and 
the improvement 
of PRP groups can 
only last for 
6 months.

[122] 96 patients 
in total: 
n = 48 
PRP 
group; 
n = 48 HA 
group

3 injections of 
CaCl2- 
activated 
P-PRP every 
two weeks, or 
single HA 
injection

PLT: n/a
L: No
ACT: CaCl2 
(activated in glass 
container before 
injection)
PRGF-Endoret (BTI 
Biotechnology 
Institute, Spain)

48 weeks PRP injection is 
significantly more 
efficient in 
reducing pain, 
stiffness and 
improving physical 
function than HA.

(continued)
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of OA.  Comparable results were also observed in a multicenter, double-blind 
RCT [121]. Besides WOMAC scores, PRP also yielded better results than HA in 
terms of the secondary outcome measures assessing pain, stiffness and physical 
function [122].

On the other hand, a single-center, double blind RCT including 109 matched 
patients demonstrated that PRP treatment did not lead to statistically significant dif-
ferences in all scores evaluated with respect to HA injections at 12-month follow-up 
[123]. The same group published another similarly designed RCT with a higher n 
number and concluded the same [124]. However, unlike the aforementioned RCTs, 
which used fresh P-PRP, these trials prepared PRP by double-spinning technique 
which include high concentration of leukocytes, and the PRP was freeze-thawed 
once before injection. Although no definitive comparative study was performed to 
address the adverse effects of leucocytes in PRP, the current clinical data suggest 
P-PRP should be the better choice for the treatment of OA.

In summary, PRP intra-articular knee injections may be an effective alternative 
treatment for knee OA for patients who do not adequately symptomatically response 

Table 12 (continued)

Publication
N of 
patients Protocol PRP characteristics F-up Main findings

[120] 120 
patients in 
total: 
n = 60 
PRP 
group; 
n = 60 HA 
group

4 intra- 
articular 
injections of 
PRP (5.5 ml) 
or HA 
(20 mg/2 ml) 
in a one-week 
interval

PLT: n/a
L: No
ACT: n/a

6 months Treatment with 
PRP showed a 
significantly better 
clinical outcome 
than did with 
HA. Treatment 
with HA did not 
seem to be 
effective in the 
patients with grade 
III knee OA.

[121] 176 
patients in 
total: 
n = 80 
PRP 
group; 
n = 87 HA 
group

3 intra- 
articular 
injections of 
PRP or HA in 
a one-week 
interval

PLT: n/a
L: No
ACT: CaCl2 
(activated in glass 
container before 
injection)
PRGF-Endoret (BTI 
Biotechnology 
Institute, Spain)

6 months PRP injection 
showed superior 
short-term 
beneficial results 
when compared 
with HA.

[123] 109 
patients in 
total: 
n = 54 
PRP 
group; 
n = 55 HA 
group

3 injections of 
PRP or HA in 
a one-week 
interval

PLT: 5× baseline.
L: 1.2 x baseline
ACT: No. the PRPs 
were freeze-thawed 
once before 
injection

12 months No significant 
difference in all 
scores. Only a 
trend favoring PRP 
in patients with 
early OA.
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to more traditional treatments. However, current studies are, at best, inconclusive 
regarding the efficacy of PRP treatment. Significant variations in administration 
schedule likely make it difficult to draw definitive conclusions about PRP in gen-
eral. Future studies need to evaluate the impact of WBCs and RBCs for OA 
treatment.

3.4  Muscle

Every year recreational and professional sports cause thousands of lesions to mus-
cle, ligament and tendons. Muscle strains are among the top 10 sports injuries, they 
comprise about 35% of all sports injuries. The goal of PRP treatment for various 
muscle injuries is to reduce the time needed to resume training and competition and 
to avoid relapses. Compare to other sports related injuries, only three high quality 
level-one RCTs were published (Table 13). The scarcity of clinical trials in muscle 
injuries compared with other injuries is attributable to the fact that this treatment on 
athletics was banned by the WADA [127] until 2011 because of the suspicion that 
PRP could enhance athletic performance in base of its content in ergogenic factors 
included in the WADA list, that is, IGF-1, IGF-BP3, growth hormone, VEGF, 
PDGF-BB, bFGF and HGF [127]. Thus, the possibility that PRP injection could 
alter the systemic levels of these substances has been examined [128–130]. Because 
PDGF-BB and TGF-β1 do not show circadian variations [128], any increase in the 
circulating levels could be attributed to systemic effects of PRP injections. However, 
intramuscular injections of pure PRP (2.5 ml) did not alter the circulating levels of 
IGF-1, PDGF-AB, PDGF-BB, TGF-β1, TGF-β2, VEGF, EGF and FGF up to 24 h 
after injection [129, 130].

Only three level-one RCTs (Table 13) were published [131–134], two of them 
reported negative outcomes, which demonstrated no beneficial effects of PRP injec-
tions on the acute hamstring injuries in terms of time until patients could resume 
sports activities. One recent RCT analyzed acute muscle injuries including ham-
strings, gastrocnemius and quadriceps, with time to return to play as the primary 
outcome [134]. The authors reported significantly shortened time return to sports in 
PRP group when compared with control group. Similar as most of the other studies, 
the results from those RCTs on acute muscle injuries are contradictory. It is too 
early to draw a conclusion based on this extremely limited clinical information. 
Besides, there are also concerns about the fibrosis were posted by researchers 
regarding the use of PRP for muscle injury.

Skeletal muscle repair after injury includes a complex and well-coordinated 
regenerative response [135]. Muscle healing occurs in a series of overlapping 
phases, including inflammation, regeneration, and fibrosis [136]. It has been 
observed that the natural healing process is often inefficient and hindered by the 
formation of scar tissue (fibrosis), which causes the tendency for muscle injury to 
recur [136, 137]. The optimal strategy to improve muscle healing should be enhanc-
ing muscle regeneration while reducing fibrosis. TGF-β1 is a key factor in the devel-
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opment of fibrosis in the kidneys, liver, lungs, and skeletal muscle [138]. TGF-β1 is 
an anti-apoptotic agent for myo-fibroblasts and may trigger trans-differentiation of 
fibroblasts to activated myo-fibroblasts [139–141]. Additionally, TGF-β1 stimulates 
M2-like macrophages, which have pro-fibrotic activity [142, 143]. Recent studies 
also describe phenotypic transitions of endothelial cells into pro-fibrotic mesenchy-
mal cells under the effects of TGF-β1 [144, 145]. It was reasoned that TGF-β1 in 
PRP could induce muscle fibrosis because of its ability to stimulate collagen 
 synthesis and fibroblast proliferation [146]. PRP contains high levels of TGF-β1 
which is a key factor responsible for the development of fibrosis [138, 147–149]. 
Concerns remain that PRP injection may lead to elevated fibrosis, and therefore 
hinder optimal muscle healing [150].

PRPs actions on fibrosis are paradoxical because they also contain anti-fibrotic 
molecules, such as HGF and serum amyloid protein, which showed inhibition of 
fibrosis in different models, in part by regulating macrophage function [151]. 
Although it is still not clear, several in vivo studies indicate that PRP injection may 
promote the formation of fibrosis in muscle [152–154]. In a recently published rat 
study [153], the PRP treated group tended to have more fibrotic tissue compared 
with the control group. In a rat gastrocnemius contusion model, co-treatment with 
PRP and losartan, an indirect TGF-β1 inhibitor, significantly reduced fibrosis and 
improved function compared to PRP alone [154]. These initial studies suggest that 
blocking the function of pro-fibrotic factor(s) in PRP, such as TGF-β1, could 
improve the beneficial effects of PRP on muscle healing by reducing fibrosis. As a 
proof-of-concept, a neutralizing Ab against TGF-β1 was utilized with the idea of 
blocking the function of TGF-β1 within PRP while keeping the functions of benefi-
cial factors for more optimized muscle recovery. Data demonstrated that neutraliz-
ing TGF-β1 within PRP significantly promotes muscle regeneration while 
significantly decreasing collagen deposition in a cardiotoxin induced skeletal mus-
cle injury model [155]. Not only did the neutralization reduce fibrosis, it enhanced 
angiogenesis, prolonged satellite cell activation, and recruited a great number of M2 
macrophages to the injury site, which also contributed to the efficacy that the TGF- 
β1 minus PRP had on muscle healing [155]. This work supports the notion that 
eliminating “negative/deleterious” factor(s) could improve the beneficial effect 
imparted by PRP on muscle injury, which will lead to optimized muscle healing.

3.5  Minimum Information for Studies Evaluating Biologics 
in Orthopedics (MIBO)

Despite the vast number of scientific literature on the PRP topic, many authors 
noticed that the published experimental results are difficult to sort and interpret. The 
clinical results are mixed or at least controversial and finally the relevance of use is 
debatable. The reason of this regrettable result was highlighted in nearly every 
debate and conference: (1) many different techniques for the production of platelet 
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concentrates for surgical use are available, which leads to very different final prod-
ucts; (2) no proper or at least standard terminology to classify and describe the dif-
ferent platelet concentrates; (3) a lack of accurate or at least standardized 
characterization criteria of the tested platelet concentrate in most articles, leading to 
a huge literature of thousands of articles constituting a “blind library of knowledge” 
[12]. As an ongoing effort to reduce the variations and confusion in the expanding 
literatures, an expert consensus on a minimum reporting requirements for studies 
evaluating the efficacy of PRP were reached at the American Academy of Orthopedic 
Surgeons/Orthopedic Reserch Society (AAOS/ORS) Biologic Treatments for 
Orthopedic Injuries Symposium in 2015 and the American Orthopedic Society for 
Sports Medicine (AOSSM) Biologic Treatments for Sports Injuries II Think Tank in 
2015 [156]. This minimum checklist (Table 14) could be used as a guide for authors, 
reviewers, and editors for sufficient report of experimental details.

3.6  In Summary

Although many animal and basic science studies assessed the use and the effective-
ness of PRP, the beneficial effects of PRP for augmenting tissue healing are still 
theoretical. Evidence-based literature suggests that success varies depending on its 
preparation method and composition, medical condition of the patient, anatomic 
location and severity of the lesion, technique of administration, tissue type, and 
peri-procedural care. In response to a growing interest among patients and surgeons 
in PRP, recent studies report outcomes for a variety of conditions. Further critical 
review and rigorous clinical studies are required to formulate a cost effective, effica-
cious algorithm for the use of PRP in patients with varying musculoskeletal condi-
tions. To quote Fu et  al., clinical knowledge, clinical evidence, and clinical 
applications “remain in their infancy” [157].
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1  Introduction

A material capable of serving a purpose and then disappearing within the human 
body is no magic folklore but based on years of rigorous scientific evidence, proven 
clinical data, and wide commercial use. With over five decades of clinical use as 
materials for orthopedic applications, these types of materials, known as bioresorb-
able materials, continue to find use in novel applications such as sutures, screws, 
stents, scaffolds, and even synthetic skin. Their continued development can be 
attributed to advancements in novel synthesis techniques, processing technologies, 
implant design development, and innovative surgical techniques. This has resulted 
in growing interest for use of these materials in regenerative medicine and patient- 
specific treatments in the orthopedic space. With increasing life expectancy, more 
active lifestyles, younger patient demographics, faster healing, advanced robotic 
surgical techniques, and reduced hospitalization costs, the need for ‘biologically 
smart materials’ is continually on the rise. Strategic selection and optimization of a 
bioresorbable material for a specific application meets this needs leading to the 
implant effectively serving its purpose in vivo and being able to smartly remove 
itself without incurring any extraneous effort from the native biological system. 
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Among this class of materials, those that are based on lactide and glycolide have 
seen the most expansive development and subsequent clinical use.

Bioresorbable materials are able to be degraded in physiological environments 
into products that are either metabolized into non-toxic degradation products or 
thoroughly bio-absorbed. These materials are unique in this aspect compared to 
commonly used biostable implants, such as metallic devices, which require a sec-
ondary surgery for removal. Typical metallic implants have mechanical properties 
much higher than the native tissue system resulting in stress-shielding where the 
bone is unable to regenerate to a pre-implant state due to the lack of a mechanical 
load. A benefit of bioresorbable materials is their ability to gradually transfer 
increasing mechanical loads to the surrounding new tissue system as they degrade 
thereby allowing the body to heal naturally. In addition, bioresorbable materials 
offer clinicians the advantage of enhanced post-operative imaging diagnostics as 
they are transparent to X-rays and therefore allow for observation of tissue system 
regeneration more so than metallic implants. Further, these bioresorbable materials 
can be fabricated into implants through a number of processing methods which 
allow manufacturers to create complex geometries that can even be designed on a 
patient-to-patient basis. For an implant to be successful, a detailed understanding of 
the material properties, processing, part performance, and biological response is 
critical (Fig. 1). A basic outline of the considerations for a successful bioresorbable 
implant material was offered more than 20 years ago, that bioresorbable implant 
materials should [1]:

• Not provoke negative responses in vivo
• Fully resorb after serving its purpose
• Be processable into three-dimensional structures
• Degrade at the rate of local tissue regeneration
• Have a surface permitting cellular adhesion
• Have a design to allow cell growth & diffusion

Although a number of materials have been investigated for potential use as bio-
resorbable orthopedic implants, the lactide and glycolide based polymer materials 

Material

Processing 
& Performance

Biological
Response

Implant 
Design

Fig. 1 Typical factors 
governing implant success
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previously mentioned have a long history of proven biocompatibility and clinical 
efficacy. The first research on low-molecular weight poly(glycolic acid) (PGA) was 
conducted nearly 125 years ago by Bischoff and Walden [2]. From those begin-
nings, the first biodegradable suture was developed in the early 1960s by the 
American Cyanamid Company in an attempt to avoid batch variation from com-
monly used materials such as regenerated collagens [3]. Since this first use, the 
application of these glycolide and lactide based material has seen an increase in 
development and acceptance as biocompatible, bioresorbable materials. The wide-
spread use of bioresorbable materials in surgery started in the 1970s with the first 
marketed suture (DEXON®) opening a new era in biomaterials in clinical settings. 
As the manufacturing technology developed, utilization of bioresorbable materials 
has expanded to various medical applications such as interference screws and car-
diovascular scaffolds. A brief overview of this history is shown in Fig. 2.

By definition, bioresorbable materials degrade when implanted with by-products 
being eliminated from the body by biological processes under physiological condi-
tions [4]. Obviously, both the implant in its initial state as well as the by-products 
produced during implant degradation must be biocompatible, that is, they must not 
cause any adverse biological or immunological reactions if the material is to be 
accepted as suitable for the application. Bioresorbable materials must also be able 
to provide sufficient mechanical properties comparable to the native bone at the 
implant site but also maintain their properties long enough to offer the advancing 
bone structure time to fully regrow. To this point, they are ideal for orthopedic 
implants due to their slowly changing mechanical properties which allow the 
implant to provide the initial mechanical strength required to carry the applied load 
after which it begins to degrade, slowly transferring the applied load to the sur-
rounding bone. During this phase, the ideal degradation rate of the bioresorbable 
implant would match the rate at which the bone is able to regenerate. This matched 
rate will allow for an increasing load to be transferred from the implant to the bone 
thus transmitting mechanical signals to the resident cells encouraging tissue remod-
eling in accordance with Wolff’s law [5, 6].

Fig. 2 A historical overview in the development of bioresorbable materials for orthopedic and 
cardiovascular applications
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2  Bioresorbable Polymers

Polymers are large molecules that are composed of monomer repeating units which 
are connected with chemical covalent bonds. Polymers cover a broad range of mate-
rials in our daily life including natural polymers, such as cellulose and proteins, as 
well as the synthetic polymers, such as poly(lactic acid) (PLA), poly(glycolic acid) 
PGA, and poly(lactic-co-glycolic acid) (PLGA). According to the component het-
erogeneity, polymers can be divided into two major categories: homopolymers and 
copolymers. Homopolymers contain only one type of repeating monomer unit, such 
as PLA, whereas copolymers are composed of more than one species of monomers, 
such as PLGA. Both of these type of polymers are essential in material science as 
they provide a variety of choices for various applications. Homopolymers, such as 
PLA and PGA, exhibit different properties with altered molecular characteristics, 
including molecular weight and synthetic routines while copolymers, such as 
PLGA, can broaden the application window with advanced controlling techniques 
in the polymer composition and structure. The ratio of monomers as well as the 
organization order of the repeating units allow the modification of their perfor-
mances to meet diverse requirements which offers tremendous benefit for biore-
sorbable materials as the capability to adjust the mechanical, biological, and 
degradation characteristics of a given material can be easily adjusted to meet the 
requirements of various applications. The ease in adjustement of these type of poly-
mers is due in large part to them belonging to a larger group of polymers known as 
poly(α-hydroxy) acids (PAHAs). These PAHAs are repeating chains of hydroxyl 
acid monomers covalently linked by an ester group (-COO-) formed by the hydroxyl 
group (-OH) and the carboxylic acid group (-COOH) on adjacent carbon atoms [7, 
8]. The repeating units of the previously mentioned PLA, PGA, and PLGA are most 
commonly used and their structures are shown in Fig. 3.

2.1  Poly(glycolic acid) (PGA)

PGA is the simplest linear PAHA made from the glycolide monomer and can be 
synthesized through several different processes such as polycondensation, ring- 
opening, and solid-state polycondensation. Since the first marketed PGA product, 
DEXON®, was produced by Davis and Geck in 1960s from ring opening polymer-
ization, numerous efforts have been made to investigate ways of advancing the 
properties of PGA by modulating its synthetic routines. Factors including reaction 
temperature, catalyst content, and monomer and solvent amount are modulated in 
order to achieve PGA products with high monomer conversion, elevated reaction 
yield, and desired molecular weight.

Structurally, PGA is highly crystalline resulting in relatively high mechanical 
properties and poor solubility in most organic solvents. The glass transition tem-
perature (Tg) of PGA, above which temperature polymers exhibit soft and rubbery 
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properties and below which polymers are hard and stiff, is highly dependent on 
molecular weight and can be modulated within the physiological window from 35 
to 40°C with the melting temperature (Tm) being 220–225 °C. Due to the control-
lable mechanical and degradation properties along with the biocompatibility, PGA 
has been widely applied in biomedical applications such as suture and fibers [9].

2.2  Poly(lactic acid) (PLA)

PLA is polymerized from a lactic acid monomer (2-hydroxy propionic acid) which 
can be obtained via chemical methods or fermentation from natural renewable 
resources, such as corn, potato starch, and sugar. The asymmetric property of the 
lactic acid monomer results in the stereoisomerism for the PLA polymer. Lactic 
acid has two stereoisomeric configurations, dextrorotatory (D) and levorotatory (L), 
as shown in Fig. 4.

The stereoisomerism is important to note since the diversified space arrange-
ments of lactide determine what stereoisomer the PLA homopolymers result in: 

Fig. 3 Structures of lactide and glycolide polymers

Fig. 4 The stereoisomers 
of lactide
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PLLA, PDLA, or PDLLA [10]. The properties of these polymers are highly depen-
dent on the crystallinity, molecular weight and tacticity. PLLA and PDLA are both 
optically active, semi-crystalline polymers and can be obtained from polymeriza-
tion of L-lactide and D-lactide monomers, respectively. Particularly, PLLA is bioac-
tive and exhibits a similar modulus and tensile strength to PGA due to its crystalline 
structure whereas PDLLA has lower tensile strength and higher elongation because 
of the more amorphous structure arising from the random distribution of lactide 
(LA) monomers [11]. Compared to PGA, the presence of pendant methyl group in 
LA monomers increases the hydrophobicity resulting in an extended degradation 
time as well as a higher Tg. PLA can be synthesized from similar methods used to 
produce PGA including ring opening polymerization and polycondensation meth-
ods. PLA is extensively used in the orthopedic devices with typical commercialized 
PLA polymers, such as RESOMER® polymers shown in Table 1, exhibiting various 
properties for biomedical purposes and are synthesized from both ring-opening 
polymerizationand polycondensation methods. For example, by controlling the 
molecular weight of PLLA, RESOMER® L 206 S, L 207 S, L 209 S, and L 210 S 
exhibit resorption period greater than 3  years whereas the inherent viscosity is 

Table 1 Overview of commercially available RESOMER® bioresorbable material with varying 
compositions, degradation times, and general applications

Polymer 
name Composition Resorption Crystallinity

Inherent 
viscosity Application

RESOMER® 
L 206 S

Poly(L-lactide) >3 years Semi- 
Crystalline

0.8–1.2 Orthopedic, sports 
medicine, plates, 
screws, nails, stentsRESOMER® 

L 207 S
Poly(L-lactide) >3 years Semi- 

Crystalline
1.5–2.0

RESOMER® 
L 209 S

Poly(L-lactide) >3 years Semi- 
Crystalline

2.6–3.2

RESOMER® 
L 210 S

Poly(L-lactide) >3 years Semi- 
Crystalline

3.3–4.3

RESOMER® 
LR 704 S

Poly(L-lactide-co- 
D,L-lactide) 70:30

2–3 years Amorphous 2.0–2.8 Orthopedic, sports 
medicine, screws, 
nails fixation 
devices, screws, 
pins

RESOMER® 
LR 706 S

Poly(L-lactide-co- 
D,L-lactide) 70:30

2–3 years Amorphous 3.3–4.2

RESOMER® 
LR 708

Poly(L-lactide-co- 
D,L-lactide) 70:30

2–3 years Amorphous 5.7–6.5

RESOMER® 
LG 855 S

Poly(L-lactide-co- 
glycolide) 85:15

1–2 years Amorphous 2.5–3.5

RESOMER® 
R 207 S

Poly(D, L-lactide) 1–2 years Amorphous 1.3–1.7 Soft tissue, meshes

RESOMER® 
X 206 S

Polydioxanone <6 months Semi- 
Crystalline

1.5–2.2 Sutures

RESOMER® 
C 209

Polycaprolactone >2 years Semi- 
Crystalline

0.8–1.2 Sutures, wound 
dressing, tissue 
engineering scaffoldRESOMER® 

C 212
Polycaprolactone >2 years Semi- 

Crystalline
1.13–1.38

Data provided by Evonik Industries
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 different from each other providing various application options, such as orthopedic, 
sports medicine, screws, and nails. In addition, the amorphous PDLLA products, 
such as RESOMER® LR 704 S, LR 706 S, and LR 708 show faster degradation 
which is within 2–3 years due to the absence of crystallinity. Along with other bio-
degradable homopolymers, such as RESOMER® X 206 S (polydioxanone) which 
can degrade within 6 months or RESOMER® C 209 (polycaprolactone) which can 
survive in vivo for more than 2 years, bioresorbable materials provide a complete 
platform for biomedical applications.

2.3  Poly(lactic-co-glycolic acid) (PLGA)

A copolymer is a polymer that is formed by polymerizing more than one type of 
monomer and have properties that fall within the range of their individual constitu-
ent homopolymers. PLGA is such a copolymer composed of PGA and PLA. A ben-
efit of copolymers like PLGA is that their properties can be easily adjusted by 
varying the ratios of the individual components. PLGA is normally preferred where 
precise control over degradability and necessary mechanical properties are required. 
It offers various parameters in adjusting the degradation rate, such as the ratio 
between components, chain length, hydrophobicity/hydrophilicity balance, and 
crystallinity. As the content of PGA increases, the hydrophilicity of the polymer 
increases and the crystallinity of PLA is increased which result in the faster degra-
dation. RESOMER® LG 855 S has similar inherent viscosity with homopolymer 
RESOMER® L 209 S whereas the degradation rate is almost twofold faster.

2.4  Polycaprolactone (PCL)

As one of the earliest synthetic polymers for biomedical applications, polycaprolac-
tone (PCL) has attracted attention since the 1930s. PCL can be synthesized by vari-
ous methods such as anionic or cationic catalyst involved ring-opening 
polymerization from caprolactone monomer, as shown in Fig. 5, or through a free- 
radical polymerization method from 2-methylene-1-3-dioxepane monomer [12]. 
The thermal properties of PCL are dictated by the crystallinity of the polymer with 
the Tg occurring at −60 °C and melting point range of 59–64 °C which allows for 

Fig. 5 Synthesis routine of polycaprolactone via ring-opening polymerization
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easy formability or processability into highly structured forms such as foams at 
relatively low temperatures. Due to these exceptional thermal properties, PCL is 
applicable for most of the currently used processing methods for materials fabrica-
tion, such as particulate leaching, electrospinning, and additive manufacturing [13]. 
During recent decades, PCL-based medical devices, such as sutures (Monocryl®, 
Ethicon, Inc), wound dressings, contraceptive devices, fixation devices, dental canal 
filling material (Resilon™, Parker), have been widely investigated [14–18].

Degradation of PCL is possible within the body due to the ester bonds chemical 
lability towards hydrolysis, but the rate of ester hydrolysis under physiological con-
ditions declines sharply as the number of chain carbon atoms increases [13, 19, 20]. 
Studies have investigated two steps of degradation for PCL polymers, hydrolysis of 
ester group and intracellular degradation of small PCL fragments [21]. While PCL’s 
slow rate of degradation in the body can take between 2 and 4 years for a total deg-
radation depending on the starting molecular weight, it should be noted that the 
degradation time of PCL is also dependent on the compositional makeup of the 
polymer. By adding hydrophilic polymers the time can be adjusted to a shorter term. 
For instance, by copolymerization with lactides or glycolides, the degradation rate 
of PCL can be altered [18].

PCL has particular properties that are attractive for the design of tunable bioma-
terials such as slow crystallization kinetics and low melting temperatures in the 
physiological range. Slow degradation rates, with relatively minimal acid genera-
tion, can be valuable for prolonged drug release or implants which require longer- 
term stability [22]. Despite its long term degradation rate, PCL has been found 
extensively in use as drug delivery vehicles, cell cultivation, and in implants for 
regenerative medicine and drug release. In the fields of tissue engineering and drug 
delivery, PCL-based formulations as copolymers or as blends with synthetic or bio-
polymers have received particular attention, such as wound dressings [23–25], root 
canal filling material in dentistry [15], and tissue regenerative systems [26].

2.5  Polydioxanone (PDO)

Polydioxanone is a representative poly(ester ether) polymer that can be synthesized 
by ring-opening polymerization from monomer, p-dioxanone, as shown in Fig. 6, 
resulting in a semi-crystalline structure. The Tg of the material is dependent on the 
molecular weight and can be adjusted between −10 and 0 °C. Homopolymer PDO 
has been utilized for surgical sutures for 30 years due to the specific properties such 

Fig. 6 Synthesis routine of polydioxanone via ring-opening mechanism
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as exceptional flexibility and low modulus attributable to the ether bond and addi-
tional methylene bonds in PDO repeating unit. Due to the ester-based backbone 
structure, PDO can be hydrolytically degraded in physiological environment [27, 
28]. During the degradation process, the elastic modulus and morphology both 
change in a time-dependent manner. The degradation of PDO can be modulated 
within 6–12 months with different molecular weight. PDO was also the first biore-
sorbable polymer used for bioresorbable blood vessel ligating clips as alternatives 
to metallic clips with other applications including fixation devices and fasteners 
[29].

In contrast to other bioresorbable materials, such as PLA or PLGA, PDO can be 
processed into materials at a relatively lower temperature due to its lower Tg. For the 
production of sutures, PDO is generally extruded into fibers, however care should 
be taken to process the polymer to the lowest possible temperature in order to avoid 
its spontaneous depolymerization back to the monomer, paradioxanone [30]. Other 
processes such as electrospinning PDO have also been utilized to fabricate sutures 
and scaffold for tissue engineering as well as vascular grafts [31].

3  Bioresorbable Degradation

The degradation of lactide and glycolide based materials, such as RESOMER® 
polymers, follows the brief degradation process as described above with degrada-
tion initially eroding the polymer after which point hydrolytic scission of the hydro-
philic moieties breaks the polymer into smaller section that are expelled through 
physiological pathways. At the initial stage, water hydrates the polymer from sur-
face to the interior structure by diffusion. The diffusion and wetting rate are highly 
dependent on the polymer size, porosity, and hydrophilicity. The ester groups, 
which covalently link monomers, are hydrolyzed and cleaved when water is in the 
surrounding environment, resulting in the conversion of the long chains into short 
chains and even small segments the degradation process continues. It should be 
noted that the initial degradation occurs in amorphous regions with a reduction of 
local molecular weight and this process would not result in significant loss in 
mechanic properties as the material still holds integrity due to crystalline portions. 
Produced small molecules and monomers, such as lactic acid and glycolic acid from 
RESOMER®, are eliminated through biochemical degradative pathways. As shown 
in Fig. 7, lactic acid can be directly metabolized through the Krebs cycle/tricarbox-
ylic acid cycle resulting in the carbon dioxide and water as the final product. 
Glycolic acid can be either directly cleared out as urine through kidney or partici-
pate in the Krebs cycle as pyruvate with the same excretion pathway as lactic acid.

In order to achieve optimal biomedical outcomes, the degradation and ultimate 
resorption of bioresorbable materials must be designed to survive implantation long 
enough to allow for healing at the implant site. The largest determining factor in the 
degradation of these implants is the rate and mechanism which erodes the polymer 
on a macro-scale, depicted in Fig. 8: surface erosion and bulk degradation [32, 33]. 
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The type of erosion that may be desired is different for each application. For instance 
in a drug delivery application, the active therapeutics are not hydrolytically stable 
and therefore the drug delivery vehicle must be formulated to undergo surface ero-
sion in order to protect the therapeutics from premature hydrolysis. This type of 
degradation results in an exponential decrease of polymer mass whereas the  polymer 

Fig. 7 Biological and physiological pathways for the degradation of PLA, PGA, and PLGA in 
vivo

Fig. 8 Effects of surface 
and bulk erosion on the 
bioresorbable implant
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molecular weight remains constant within the bulk of the material. In contrast, 
orthopedic implant materials should maintain their mechanical properties until the 
newly regenerating bone is formed. This requires that the implant lose integrity 
homogeneously through the bulk degradation mechanism in which the molecular 
weight and material’s mass decrease simultaneously. In general, bulk degradation 
starts with the long polymeric chain being broken down into smaller segments 
through unspecific hydrolytic attack. During this reaction, the water contained in 
the surrounding biological fluid hydrolyzes the polymer and breaks the chain down 
into smaller segments. As the water attacks the hydrophilic regions of the polymer, 
the resulting smaller segments of the polymer now continue the degradation of the 
polymer into smaller and smaller chains through the autocatalysis process [34].

The ability to match the rate of degradation to the rate of new tissue regeneration 
is one of the most advantageous characteristics of bioresorbable materials because 
it not only facilitates a complete healing of the implant site but also eliminates the 
need for a removal surgery. As these implants degrade, they are also able to release 
any additives that have been introduced to the material that can help further facili-
tate tissue regeneration. Since the rate of degradation can be tightly controlled, the 
rate of this release of bioactive components can be adjusted so that the regenerating 
tissue system is continually promoted by biochemical cues in the surrounding 
environment.

3.1  Factors Affecting Degradation

Factors that can affect the rate of material degradation are numerous and can be 
divided into four major categories according to the trigger resources, including 
inherent polymer properties, (e.g., polymer composition, molecular weight, crystal-
linity, stereoisomerization) secondary ingredients (e.g., additives), material process-
ing and manufacturing methods (e.g., extrusion, injection molding and compression 
molding), and post-processing techniques (e.g., sterilization or annealing) [35, 36] 
as shown in Fig. 9.

3.1.1  Inherent Polymer Factors

Naturally the material degradation rate is highly determined by the composition 
which regulates the hydrophilicity of the polymer [18]. As described above, PLGA 
is one type of copolymer which has a significant advantage of adjustable degrad-
ability resulting from the various compositions that can be achieved. For example, 
PLGA (50/50, LA/GA) exhibits faster chain scission compared with PLGA (85/15) 
since the more hydrophilic gycolic acid segment accelerates the degradation of the 
copolymer when its compositional ratio is increased.

The polymer composition also determines the crystallinity which can also play a 
role in affecting the degradation rate of the material. According to the degradation 

Bioresorbable Materials for Orthopedic Applications (Lactide and Glycolide Based)



298

dynamics, copolymer PLGA polymers initiate the degradation from the amorphous 
regions while the crystalline regions requires longer time for the ester bond cleav-
age. Similar phenomena have been reported for PLLA and PDLLA polymers where 
a faster degradation occurred in amorphous PDLLA polymer whereas the semi- 
crystalline PLLA degraded in a slower manner. According to this concept, Evonik 
produced RESOMER® L series polymers (L 206 S, L 207 S, etc.) exhibiting longer 
duration in vivo compared with LR polymer (LR 704 S, LR 706 S, etc.).

Besides the influence from chemical factors, the degradation is also significantly 
dependent on the initial molecular weight. A higher polymer molecular weight typi-
cally results in a longer time required to degrade the materials. For example, studies 
have shown high molecular weight PDLLA particles exhibit much longer degrada-
tion time compared with spheres made from lower molecular weight. Similar stud-
ies have also reported that degradation rate constant of PLGA polymer with large 
molecular weight is larger than that of lower molecular weight [37]. A possible 
explanation is that large polymer chains have more free volume and repeating units 
that can be hydrolytically attacked. In addition, for PLLA polymers, reports have 
also demonstrated that decreasing the molecular weight of PLLA can expedite the 
degradation [35]. This is normally explained by the inverse proportion relationship 
between PLLA molecular weight and degree of crystallinity.

Considering the factor that the stereochemistry of PLA would affect crystallinity, 
the content of PLLA in PDLLA and PLGA copolymers has been demonstrated to 
be able to adjust the degradation rate. For example, studies have investigated the 
affect that the content of PLA has on the enzymatic biodegradation of PLDA copo-
lymers and found that 92% PLA was the critical content amount that resulted in 
significant acceleration of the degradation [38, 39].

Fig. 9 Factors influencing the degradation of bioresorbable materials
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3.1.2  Secondary Ingredients

In order to enhance the functionality and mechanical properties of the material, it is 
not unusual to find that additives included in orthopedic composite materials are 
also biologically active [40]. Due to the mechanism of degradation, the pattern 
could also be altered by the existence of additives, such as therapeutics, salts, plas-
ticizers, and catalyst residues. On one hand, chemical compounds, such as acids and 
bases, could catalyze the ester-bond degradation in hydrolysis and therefore elevate 
the degradation kinetics. On the other hand, these active ingredients can also neu-
tralize the acidic groups produced in the degradation and prohibit the further 
degradation.

One specific additive category that has been widely used in bioresorbable ortho-
pedic implants is calcium phosphate based salts, such as hydroxyapatite, tricalcium 
phosphate and biphasic calcium phosphate. These types of salts enhance the bioac-
tivity and osteo-conductivity for implants by providing biocompatible scaffold and 
surface to adsorb proteins, construct bone matrix and support osteoblasts cells pro-
liferation. Great benefits can be achieved from additive-included composites upon 
implantation and degradation. The duration of the implants can be modulated by 
adjusting the content of additives. More importantly, the degradation of calcium 
phosphate salts, such as hydroxyapatite, can trigger the release of calcium and phos-
phate ions in the biological environment and initiate bone formation. It should be 
noted that the presence of additives could not only modulate the properties of mate-
rial but also provide a novel solution in adjusting the degradation profiles of ortho-
pedic implant materials.

4  Mechanical Performance

The benefits of bioresorbable implant materials in their ability to serve a functional 
purpose for an allotted period of time after which point they disappear from the 
body is highly advantageous over typical biostable implants. The implant must offer 
adequate mechanical properties for the affected site and maintain those properties 
for a specific amount of time before degrading. With bioresorbable materials, once 
degradation begins to occur, a subsequent loss in mechanical properties is initiated. 
As the polymeric chains are hydrolytically attacked, the polymer chains become 
smaller thus the mechanical properties are reduced. This process continues until the 
implant is dissolved entirely at which point, if the implant has been designed appro-
priately, the native bone should have fully regenerated and overtaken the implant 
site. This rate of degradation and tissue growth should be synergistic, as shown in 
Fig. 10, in order to achieve the optimal success in treatment outcomes. These biore-
sorbable implants also promote regeneration of pre-implant condition tissue system 
due to their gradual degradation. For example, a bioresorbable orthopedic implant 
can be designed to remove the issue of stress-shielding commonly found with typi-
cal metallic implants. These metallic implants have mechanical properties much 
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higher than those of the surrounding bone therefore the bone mineral density at the 
implant size decreases drastically over time. When a secondary procedure is carried 
out to remove the metallic implant, re-fracture of the bone at the implant site is a 
common occurrence as the bone itself has become more cancellous in morphology 
without having to carry a sustained load. This gradual load transfer provided by 
bioresorbable materials allows for the regenerating bone to increase in density thus 
promoting optimal healing with no need for revisionary procedures.

4.1  Factors Affecting Mechanical Performance

Similar to degradation, a number of factors can influence the resultant mechanical 
properties of the implant including material type and processing methods along 
with the implant design and environment. At the time of implantation, the biore-
sorbable implant, either as a virgin material or a composite, must be capable of 
carrying the initial loads that are placed on it through normal physiological occur-
rences. Compared to widely available metallic and biostable implant materials, bio-
resorbable materials have a wide range of mechanical properties depending on the 
polymer matrix and fillers. By selecting both the appropriate polymer species as 
well as the processing conditions and implant design, the mechanical properties can 
typically be selected so that they are capable of serving their structural purpose in 
vivo. Bioresorbable implant materials must also be evaluated for their mechanical 
properties as the material breaks down, a factor that does not need to be analyzed for 
non-bioresorbable implants [41]. In vitro studies of the effect of degradation on 
mechanical properties of bioresorbable composites have been carried out by a 

Fig. 10 An ideal bioresorbable material would match the rate of tissue regeneration with rate of 
implant degradation leading to the implant degrading completely once the tissue was fully 
regenerated
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number of groups, with the consensus being that increasing the concentration of 
bioactive ceramic within the polymer matrix rapidly increased the rate of dissolu-
tion and resultant decline of mechanical properties due to the decreased amount of 
polymer material existing in the free space between ceramic particles [42]. 
Evaluation of the elastic modulus decline for a PLA/HA composite revealed that 
over the course of twenty days of submersion, the modulus decreased 8–17% 
depending on the concentration of HA within the composite with higher rates of 
mechanical decline being attributed to greater HA concentrations. Further studies 
corroborate with this decline in mechanical properties in vivo with one particular 
results showing that PLLA/HA composites decreased in bending strength and bend-
ing modulus over 36 weeks of 78.6% and 73.2%, respectively [43, 44].

The added consideration of implant site must be taken into account as the envi-
ronment surrounding the implant will have a direct impact on the degradation prop-
erties of the device. In regions with high vascularity and a subsequent large volume 
of biological fluid diffusion, the rate of degradation is accelerated as the fluids both 
attack and break down the implant as well as rapidly carry away any fragmented 
sections of the polymer to be further broken down [45]. In a highly vascularized 
region, a porous implant design will facilitate more fluid flow throughout the implant 
and therefore expose an increased amount of surface area to the surrounding bio-
logical fluid flow and therefore the rate of degradation will accelerate proportion-
ally. A non-porous implant on the other hand will not allow for this diffusion of 
biological fluid into the bulk of the device but these type of implants are more prone 
to self-catalyzed degradation where the acidic end groups of the broken polymer 
chain act to increase the localized pH level leading to increased degradation from 
the interior to the exterior of the implant [46–48].

4.2  Mechanical Enhancement via Additives.

While the mechanical properties of a virgin implant are dependent on the type of 
material and its method of processing, when a composite material is used, microme-
chanical effects must also be taken into consideration. As the concentration of addi-
tive increases, a saturation point is typically reached in which the mechanical 
properties rapidly decline as the additive goes from being a reinforcing member to 
the majority component in the composite, as depicted graphically in Fig. 11. Before 
this saturation point, which tends to occur near an additive concentration of 
30–40%wt., the additives are able to act as hindrances to crack propagation within 
the material. Methods of reinforcement of bioresorbable material have been under-
taken in an effort to increase the properties of the virgin materials by adding rein-
forcing materials or modifying the processing conditions and implant design. The 
inclusion of additive species for reinforcement must be understood fully as while 
the additives may increase the mechanical properties, they also have an effect on the 
biological response as well as the degradation profile of the composite.
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4.3  Effect of Implant Design on Mechanical Performance

As is the case for any implant, the mechanical factors of the material and the implant 
design need to be matched to those of the localized tissue near the treatment site. 
For instance, the design of interference screws has changed overtime with different 
variables in the design being changed and optimized to find a screw that can with-
stand the torque applied upon insertion as well as maintain stability within the bone 
by having appropriate pull-out resistance. The varied designs are typically tested 
through computational methods as an initial step after which point experimental 
validation of the design is undertaken to evaluate the potential advantages of each 
design iteration [49]. The thread profile as well as the geometry of an interference 
screw has a direct correlation to the load required to insert the screw and pull-out 
strength [50]. By increasing the thread pitch (the distance between individual 
threads), the amount of axial force required to insert the screw was dramatically 
decreased by approximately 83% along with an increase in fixation strength of 
nearly 50% for the most extreme cases. A similar study reported that the additional 
design factor of the screw head plays an important role in the failure of the screw 
upon insertion [51]. By changing the driver/interface design to a Torx design instead 
of a hex or a Tri-Lobe design, the amount of stress concentrations were decreased 
and the maximum torsional strength of the screw was increased. Once the screw 
design is optimized, the implementation of bioresorbable interference screws has 
been shown to also offer fixation strength comparable to that of titanium interfer-
ence screws [52].

Recently, further developments in the design and implementation of various 
screw types and screw designs have sought to enhance the fixation strength through 
innovative engineering methods. SonicWeld Rx® is one such implant is a pin pro-
duced by KLS Martin and is able to achieve increased fixation strength and bone 
response through its ability to instantly shape its design to the porous nature of the 
bone at the implant site [53, 54]. As the pin is inserted into a pilot hole, it is exposed 

Fig. 11 As the additive 
concentration increases, an 
increase in modulus can be 
expected while a 
proportional decrease in 
strength may also occur. 
This example is 
particularly true of the 
inorganic ceramic fillers 
commonly used in 
composite orthopedic 
implants
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to ultrasonic waves which cause the pin to vibrate. The vibration of the pin against 
the native bone structure along with the ultrasound waves produce a small amount 
of heat allowing the pin to form itself to the interior bone porosity as shown in 
Fig. 12.

5  Bioactivity

The furthering of bioresorbable materials has been focused on developing more 
biologically responsive materials with the capability to promote tissue system 
regeneration for materials in an effort to, for example, avoid the use of autografts 
and allografts in bone regeneration applications [55]. Specific to bone regeneration 
applications, autografts are bone grafts which are taken from a separate anatomic 
site of the patient and have consistently offered the most positive response at the 
implant site among all materials used. Allografts are bone grafts which are taken 
from a separate subject (such as a cadaver) and are the second most commonly used 
method for bone repair, substitution, or augmentation. Although these types of 
implants have been successful in the past, newly developed materials with the abil-
ity to promote positive responses in vivo are able to avoid the costs, donor-site 
morbidity, availability, and the potential viral transfer that can be encountered when 
using autografts and allografts.

Synthetic materials used for bone repair can be classified based on their response 
in vivo as being either bioinert or bioactive [56]. Bioinert materials are those which 
are unable to elicit a positive cellular response and tend to result in the formation of 
fibrous tissue on the surface of the materials. Bioactive materials, however, are 
capable of promoting bone tissue formation, for example, and therefore directly 
bone with the surrounding bone-material interface. Further, bioresorbable materi-
als, such as lactide and glycolide based implants, have been consistently used in 
orthopedic applications due to the positive cellular response and clinical advantages 
with their implementation significantly increasing over the last four decades. They 
include cylinder rods, plates, screws, tacks, suture anchors, mesh, plugs, wires, 
arrows, and drug delivery devices. Lactide and glycolide based materials offer a lot 
of advantages over metallic implants such as an appropriate amount of mechanical 
strength when necessary, the ability to reach a degradation rate similar to the rate of 

Fig. 12 Pre-drilling, insertion, fusion, and the resultant fixture when the SonicWeld Rx® is used. 
Image courtesy of KLS Martin
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new tissue formation, and the elimination of the need for an additional operation for 
implant removal.

5.1  Inorganic Additives

Calcium phosphate (CaP) based materials are widely used in development of bioac-
tive materials for orthopedics. These materials promote bone formation due to their 
compositional similarity to bone mineral along with their bioresorption, bioactivity, 
and osteoconductivity [57]. Osteoconductivity is the ability of the material to serve 
as a scaffold or template to guide formation of the newly forming bone along their 
surfaces. CaP ceramics adsorb circulating proteins (from the biologic environment) 
on their surfaces followed by the attachment, proliferation, and differentiation of 
bone cells such as osteoblasts, osteoclasts, osteocytes, and bone-lining cells leading 
to matrix production. For the sake of bioactive implants, the ability for a material to 
promote the attachment, proliferation, and differentiation of the cells are critical for 
the success of the implant. In particular, the osteoblasts are the main targeted cell as 
they are those that are responsible for the production and mineralization of the bone 
matrix. Once these osteoblasts have attached, the further functions of bone matrix 
maintenance and bone resorption can be carried out by the osteocytes and osteo-
clasts, respectively. The addition of bioactive additives such as CaP ceramics can 
enhance this osteoblast adhesion and are therefore commonly used to promote bio-
activity in typically biostable materials [58].

Following are CaP materials that are known to be osteoconductive and used in 
medical orthopedic implant applications.

5.1.1  Calcium Phosphate Based

In order to increase the bioactivity of a typically bioinert material, additives must 
match the mechanical and/or biochemical cues in vivo in order to promote an ideal 
response. Among the potential additives, three inorganic minerals have seen the 
most use in bioresorbable materials as they are synthetically manufactured minerals 
salient to those naturally found in hard tissue systems. Hydroxyapatite (HA), trical-
cium phosphate (TCP), and biphasic calcium phosphate (BCP) are all various forms 
of calcium phosphate, a mineral constituting approximately 70% of calcified bone 
[57, 59, 60].

Hydroxyapatite (HA)

When compared to other calcium phosphate based minerals for bone regeneration, 
HA is the most stable form under physiological temperatures, pH, and chemical 
environments [61]. Upon implantation and degradation, HA, as well as other 
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calcium phosphate minerals, release both calcium and phosphate ions into the sur-
rounding biological fluid which initiate bone formation [62–65]. For example, com-
bining HA with PLA has been shown to not only offer a method to adjust the rate of 
implant degradation, but also increase formation of a biological apatite surface and 
bone cell activity for the promotion of osteogenesis in vivo.

Tricalcium Phosphate (TCP)

Tricalcium phosphate (TCP), another type of calcium phosphate mineral, is both 
resorbable and bioactive [66]. Structurally, TCP exists in two forms known as 
α-TCP and β-TCP with the latter being most commonly used in orthopedic applica-
tions due to its strength in promoting bone regeneration [66–68]. Further, β-TCP 
has been shown in some instances to dissolve in vivo and therefore release bone 
formation promoting calcium and phosphate minerals more effectively than HA 
[69]. Studies show that after coating PLGA scaffolds with β-TCP, an increased rate 
of cellular adhesion, proliferation, and spreading can be achieved [67].

Biphasic Calcium Phosphate (BCP)

With the advantages of HA and β-TCP being well-studied and documented, the 
selection of biphasic calcium phosphate (BCP) was a natural evolution. By combin-
ing HA and β-TCP in various ratios, BCP is formed and offers the advantages of 
each component. For application in bioresorbable implants, tailoring of the ratio of 
HA/β-TCP in BCP allows control of biological response, degradation rate, and 
mechanical properties making it a highly desirable additive for a range of orthope-
dic implant applications [59, 68, 70]. Compared to only using HA as an additive, 
composite scaffolds consisting of PLGA and BCP (15%wt. HA: 85%wt. β-TCP), 
showed improved osteogenesis and bone formation [71]. This benefits of this addi-
tive have led to a number of market offerings of polymers containing it as a bioactiv-
ity enhancing ingredient such as the BioComposite™ material from Arthrex.

Calcium Sulfate

Being used as a bone graft substitute material, calcium sulfate provides the same 
osteoconductivity and biodegradability as common calcium phosphate based mate-
rials, but also has shown to have specific advantages for some applications [72]. 
While calcium phosphate additives such as β-TCP may take up to 18 months to be 
fully resorbed, the absorption of calcium sulfate occurs between 4 and 12 weeks 
allowing for enhanced bone growth during the early stages of post-treatment. Smith 
& Nephew, Inc.’s REGENESORB Interference Screw has taken the advantages of 
each of these types of additives and combined them in a PLGA matrix [73]. This 
mixture of a slowly degradation calcium phosphate additive along with the more 
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quickly degrading calcium sulfate additive offers an implant which promotes rapid 
bone ingrowth as well as sustained bone regeneration through the addition of both a 
rapidly absorbed calcium sulfate additive and slowly absorbed β-TCP to a PLGA 
matrix.

5.2  Other Additives

Other non-typical additives such as graphene oxide, fullerene derivatives, fumaric 
acid monoethyl ester, and even bone growth factor have also been investigated with 
bioglass being widely researched for use in orthopedic medical devices [74–77]. 
Bioactive glass, commonly shortened to bioglass, is found in more recent studies as 
a potential additive for bioresorbable polymeric implants. Bioactive glasses are a 
family of amorphous ceramic materials discovered in 1969 and are capable of 
achieving remarkable high integration into surrounding bone upon implantation. 
More recently, the effects of bioactive glass additives to resorbable materials has 
been investigated to understand their impact on the degradation, osseointegration, 
and bone reconstruction for orthopedic implants. Study shows that a PLDLA matrix 
with a 30 wt.% 45S5 bioglass additive was recently found to display significantly 
accelerated degradation in in vitro studies when compared to virgin PLDLA. While 
the virgin PLDLA material remained stable for the entire 6 month immersion, the 
bioglass composite lost 35% of its initial weight during that time. The composite 
had already lost 15% of its weight in just the first 15 days. An in vivo study of this 
composite in rabbits revealed that the bioglass triggered osseointegration, most 
prominently within the first month after implantation [78]. This bioactive glass 
additive was shown to hold strong potential for orthopedic fixation applications.

Although promising in their in vivo response, further studies are required to 
determine how these materials function when used in conjunction with bioresorb-
able materials, as the addition of bioglass typically increases the rate of degradation 
of the matrix material in the composite system [79]. When comparing four PLGA 
matrices with CaCO3, HA, 45S5 bioglass, and ICIE4 bioglass additives, both bio-
glass composites caused the matrix to degrade prematurely whereas the other two 
fillers possessed good degradation properties and also increased the thermo- 
mechanical properties of the polymer. A study of S53P4 bioglass added to a PCL/
PDLLA matrix showed similar results of premature degradation through molar 
mass reduction [80]. Therefore, while rapid degradation may be beneficial for some 
applications, such as fixation devices, the mechanisms underlying this response 
must be understood fully and remedied if these compositions are to be used in long- 
term bone reconstruction implants. Study also showed that the bioactivity of another 
bioglass, coating electrospun PLGA with nanoparticles of the bioceramic willemite 
(Zn2SiO4) to improve bone reconstruction, as tested in a rat model. The results of in 
vivo experiments showed good bone reconstruction with no inflammation or other 
adverse effects, demonstrating this bioglass’ potential for bone engineering implant 
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applications [81]. Several reviews have been recently published which further 
characterize the benefits, challenges, and advances in using these additives in biore-
sorbable orthopedic implants [14, 82–85].

6  Biocompatibility

For bioresorbable materials, biocompatibility can be viewed as the ability for the 
material to serve its functional role in the regeneration of the tissue system being 
treated and not provoke negative cellular or system reactions such as infection, 
inflammation, or rejection. Specific to bioresorbable materials, the initial composi-
tion of the material is not the only factor that must be considered – the by-products 
released upon degradation must also be considered. Two types of biocompatibility 
evaluation methods are normally conducted for any material that is being screened 
as a potentially implantable composition, including in vitro and in vivo tests. For the 
in vitro evaluation, implanted materials and degradation by-products are examined 
by cellular toxicity assessment experiments, such as agar diffusion test and filter test 
[86]. These tests are generally based on the health performance and viability of cells 
after culturing them with either implanted materials or extracted degradation by- 
products for certain time. Due to the sensitivity of temperature, extracts of PLGA 
implanted materials are normally achieved after culturing in phosphate-buffered 
solution (PBS) at 37 °C and 70 °C which mimics the short-term and long-term tox-
icity evaluations. The in vivo evaluations of bioresorbable materials include tests 
such as physical examination, histology, radiography, and biomechanical testing in 
animal models. Specifically, radiography is utilized to locate the implants and the 
histology is utilized to evaluate the inflammatory response and osteolytic reactions 
of local tissues. Moreover, bone and soft tissues growth are also critical in determin-
ing the implants biocompatibility.

It is worth mentioning that the rate at which the implant degrades and the subse-
quent biological response occurs is highly dependent on the implant geometry. 
Fibrous scaffolds, for example, degrade more rapidly than the same material in its 
bulk form due to the increased surface area of the fiber which exposes more of the 
material to enzymatic or hydrolytic degradation. With this in mind, it is thus crucial 
to know the by-products of such degradation pathways and to understand their 
potential for acute and chronic affects in vivo. The lactide and glycolide based poly-
mer implants have repeatedly shown that the initial composition as well as the deg-
radation by-products result in no significant finding of negative effects with the 
average level of incidence being less than 5% for most cases of implantation [86, 
87]. Great tissue receptivity of PLGA implants have been reported in femurs of rats 
and rabbits as well as mandibular of monkeys [88–90]. Moreover studies have dem-
onstrated the accelerated healing of bones and tissues in rabbit and rat femoral oste-
otomies models when biodegradable, synthetic polymers are used [91]. Specifically, 
composite interference screws composed of PLGA/β-TCP have been shown to pro-
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mote osteoconductivity values of 63% and a degradation of 88% original mass in a 
clinical review of nearly 700 patients who underwent knee or shoulder treatment 
procedures with less than 5% showing any adverse effects [92].

7  Processing and Fabrication

The need for improved implant devices with advanced designs and superior mechan-
ical and biological properties has driven the development of novel techniques for 
processing these bioresorbable materials. Historically, the most common methods 
of processing these bioresorbable polymers employed melting followed by an extru-
sion or molding technique. However, recent years have seen an increase in novel 
techniques such as textile processing technologies and three-dimensional (3D) 
printing technologies which offer numerous advantages compared to typical pro-
cessing. With the introduction of additive species to polymeric materials, re- 
optimization of conventional processing methods has been investigated as the 
introduction of additive species into the material offers increased mechanical and 
biological properties, but changes the processing parameters. The thermoplastic 
nature of lactide and glycolide based materials allow these bioresorbable polymers 
to be processed into various orthopedic implants, examples of which are shown in 
Fig. 13, through the use of a range of both conventional and novel techniques as will 
be outlined in the following sections.

Fig. 13 Examples of 
RESOMER® based 
orthopedic implants 
fabricated through 
conventional processing 
methods. Image courtesy 
of KLS Martin
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7.1  Material Effect on Pre-Processing and Processing

Besides the intrinsic properties of PLA-based polymer, environmental factors, such 
as temperature, humidity and pressure, are essential variables to consider in the 
degradation of the material. It is preferred to minimize the product degradation dur-
ing the processing in order to achieve the superior mechanical properties and desired 
product degradation performance. According to the mechanism of PLA polymer 
degradation, moisture and humidity should be kept at optimal levels in all the pro-
cessing procedures in order to attenuate the hydrolysis of the polymers. High mois-
ture contents lead to vapor entrapment in the processed samples while low moisture 
contents result in high processing temperature, which is detrimental to material deg-
radation. Semi-crystalline material’s drying temperature is preferred to be above the 
Tg for a certain time. Drying methods can be vacuum drying, low temperature oven 
drying, nitrogen hopper drying, and compressed air hopper drying. On the other 
hand, amorphous biodegradable material’s optimal drying temperature should be 
below the Tg for typically a longer time compared with semi-crystalline material 
using equipment such as vacuum oven drying, nitrogen hopper drying, and com-
pressed air hopper drying. In order to achieve the optimal physical and mechanical 
properties of biodegradable materials, processing conditions of extrusion, injection 
molding, compression molding, and additive manufacturing are extremely 
important.

Due to different intrinsic properties of the polymer, the processing temperature 
needs to be adjusted accordingly. High processing temperature could lead to degra-
dation of the polymer and generate monomers which play an important role in 
determining the material mechanical properties as well as material degradations 
[93]. It is important to have tight control of the process parameters. Monomers, such 
as lactic acid (LA) and glycolic acid (GA), can work as catalyst in the hydrolysis 
process and change the materials degradation performance.

The degradation rate of implants in vivo can also be altered by the material type, 
shape, size and porosity, to name a few. In theory, smaller particles with high pore 
density as well as large pore size would accelerate the degradation due to the 
enhanced surface-to-volume ratio and provides extensive surface for water to attack. 
However, while a highly porous implant would allow for more biological fluid to 
enter the inner bulk of the material, the segments of the polymer that have been 
attacked hydrolytically are more easily able to be expelled from the implant. With a 
low porosity implant, these chain segments reside within the implant for longer 
amounts of time before being removed and therefore the autocatalysis mechanism 
is accelerated within the implant.
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7.2  Conventional Processing Methods

Typical fabrication methods implemented in bioresorbable materials include extru-
sion, injection molding, and compression molding. These methods have a long past 
and have been optimized for most application needs. The recent need to enhance the 
biological activity as well as the mechanical properties of these materials however 
has required manufacturers to again optimize a process that now contains both a 
polymer matrix as well as the inorganic filler [79, 94]. Extrusion and molding pro-
cess are typical conventional methods to make PLA-based implants/products and 
the temperature of these methods must be optimized as the temperature directly 
affect polymer degradation [46].

7.2.1  Extrusion

Extrusion is a continuous process, as shown in Fig. 14, which forces polymer melt 
through a die with an opening. Polymer materials in the form of pellets or flakes are 
fed into a hopper which serves to hold the material and can also be set up to keep 
the material dry. If additives are to be introduced to the material they can be added 
to the hopper at this point or they can be added downstream in the process once the 
polymer has melted. The materials are then conveyed forward from the hopper by a 
feeding screw and forced through a die which shapes the polymer melt into a con-
tinuous polymer product such as a rod, filament, or tube. A pelletizer can also be 
added to the extrusion line which segments the rod or filament extrudate into small 
granules able to be processed with subsequent fabrication methods. To form pellet-
ized material, a single-screw extruder is typically used. If the desired material is a 
composite material, the use of a twin-screw extruder will commonly be chosen for 
compounding.

The process of extrusion is typically implemented as a pre-fabrication technique 
while the final parts will be processed through other methods. Some instances of 
extrusion occur where the final part is produced through this method, such as car-
diovascular scaffolds (stents), balloons, catheters, or wires, but the majority of 
industrial use of extrusion is carried out to produce rods, filaments, or granules for 

Fig. 14 An illustrative view of the extrusion process depicting the hopper for supplying material, 
the heating zones where the material melts and is moved forward by screws, the die which shapes 
the extrudate, a drawing zone which serves to pull the extrudate from the die, and the final stock- 
shape collection. Image courtesy of Evonik Industries
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secondary processing techniques. Orthopedic implants such as screw and pins can 
also be machined into desirable shapes or geometries from the extruded rods nor-
mally fabricated through single-screw extrusion. For composites, the effect of the 
additive on melt viscosity, thermal profiles, and solidifying times must be taken into 
account and optimized. Specifically, when particulate additives are introduced into 
a virgin material during compounding on a twin-screw extruder, the design of the 
screw as well as the melt profile, moisture content, and additive properties of the 
composite must be optimized [95]. Commonly, additive particles are prone to 
agglomerations within the polymer matrix which cause poor mechanical properties 
as well as non-uniform biological responses for the composite material [96, 97].

Neat resorbable polymers resins such as PLLA, PGA, or PLGA typically require 
the introduction of such additive species to enhance the mechanical and biological 
response of implants made from these materials. In these resorbable polymer com-
posites, while rigid inorganic fillers, such as calcium phosphates, contribute to 
enhanced stiffness of the material, the strength and toughness of the composite 
material is largely dependent on filler type, filler morphology, particle size, filler 
dispersion quality, filler concentration, and the interfacial interaction between filler 
and the polymer phase. Excessive amounts of fillers may generate voids between 
the resin matrix and unwetted filler surface which causes a deterioration in the com-
posite’s properties. For example, the incorporation of bioglass spheres has been 
shown to have a direct effect on the mechanical properties of a PLLA composite 
with increasing concentration decreasing the mechanical properties [98]. Inorganic 
fillers with larger aspect ratios normally give composites improved tensile and flex-
ural strength compared to composites which incorporate particulate fillers. The 
alignment of such high aspect ratio fillers through optimized processing techniques 
contributes to even higher mechanical properties along the alignment axis than in 
the transverse direction. By decreasing the size of the filler to the nano- or micro- 
scale, the fillers have larger surface area that is able to interact with more polymer 
chains thus further enhancing the composite’s mechanical properties through 
improved interfacial interactions. This optimization of additive dispersion is par-
ticularly important in the application of resorbable materials for orthopedic implants 
as these additives are commonly introduced to the virgin polymer species in order 
to enhance the mechanical and biological properties. The reinforcement effect in 
resorbable polymer composites is largely dependent on filler dispersion throughout 
the polymer matrix, the size and geometry of the filler, and the interfacial interaction 
between filler and the polymer phase. Through optimization of processing condi-
tions, better dispersion of filler particles, as seen in the SEM image in Fig. 15, can 
improve mechanical properties as well as enable bioactive functions, such as osteo-
integration. Optimization of extrusion when implementing additive species into the 
polymeric matrix is a process which must be tightly controlled in order to create 
materials with reproducible characteristics.

Through the implementation of additives, such as those listed above, the final 
implant can initiate positive cellular response leading to an effective implant. 
Incorporation of bioglass spheres has also been shown to have a direct effect on the 
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Fig. 15 A SEM image 
showing the effects of 
optimizing the processing 
parameters of extrusion. 
The result is a homogenous 
microstructure without 
defects, such as porosity 
and agglomerations, 
typically found in 
composite materials. Image 
courtesy of Evonik 
Industries

Nozzle Zone 3 Zone 2 Zone 1 Hopper

Fig. 16 The injection molding process consisting of a hopper, a single-screw, sequential heating 
zones, and the mold where the melt is shaped to the final part. Image courtesy of Evonik Industries
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mechanical properties of a PLLA composite with increasing concentration decreas-
ing the mechanical properties [98].

7.2.2  Injection Molding

Injection molding is one of the most widely used manufacturing methods to process 
thermoplastic polymers into a wide range of orthopedic implants. Products such as 
interference screws, pins, and suture anchors all require dimensional precision with-
out sacrificing the mechanical and biological properties of the material therefore the 
processing must be optimized. A typical injection molding process, shown in 
Fig. 16, uses a reciprocating screw that functions like an extruder’s screw for deliv-
ering the polymer melt to the mold. The screw action generates sufficient injection 
pressure to fill mold cavities and produce functional parts. During the injection 
molding cycle, a measured amount of polymer is gradually melted and metered to 
the end of the barrel through the action of the revolving screw. Once the melt flow 
is at the nozzle section of the barrel, it is at its optimal temperature and viscosity to 
be injected into the mold when the screw pushes forward. The screw must stay in 
the forward position long enough to maintain mold cavity packing pressure while 
the parts begin to solidify. Once packing pressure is released the screw retracts and 
plasticizes material for the next injection molding cycle. Most injection molding 
machines used for resorbable biopolymers and composites are reciprocating screw 
type machines. Temperature control of the mold is also critical. If the melted poly-
mer cools quickly it can lead to the formation of a frozen, amorphous layer of skin 
on the part. The interior of the part cools more slowly and is therefore more crystal-
line than this frozen surface. Post-processing steps such as annealing can create 
homogenous crystallinity throughout the part.

The injection molding process is capable of producing parts, such as interference 
screws, from virgin bioresorbable polymeric materials as well as composite biore-
sorbable materials. When processing materials using this technique, a number of 
critical parameters must be considered. First, the material being used must have 
good flowability in order to adequately fill the mold cavity which may contain high- 
precision geometric features, such as thin walls. By first understanding the rheologi-
cal properties of the material to be processed, molds can be designed that allow this 
mold filling repeatedly. Secondly, the thermal stability of the material must be 
understood. This consideration is different from the flowability in that thermal sta-
bility encompasses a material’s ability to withstand processing temperatures with-
out forming crosslinks (chemical or physical) as well as avoid thermal degradation. 
Third, the moisture level of the material must be closely monitored throughout the 
injection molding process. Not only can an increase in moisture content affect the 
process itself, bioresorbable materials may decrease in molecular weight upon 
exposure to increasing moisture content due to their potential for hydrolytic scis-
sion. Lastly, the injection, packing, and holding pressure of the process must be 
considered. Melt flow and pressure dependence of viscosity are dependent on poly-
mer molecular structure, chain architecture, filler type, filler shape, filler concentra-
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tion, interfacial adhesion between filler and polymer matrix, to name a few. Since 
the flowability of the polymeric material as well as their composites are an exponen-
tial function of pressure, the pressure must be optimized to not only allow for infill 
into the mold but also be high enough to hold the melt in the mold cavity. Degradation 
of resorbable polymers and composites during injection molding mainly occurs in 
the plasticizing zone where heat exposure is at its highest. Plasticizing time depen-
dents on the amount of polymer or composites to be injected to the mold. Analysis 
of the injection molded parts for their molecular weight, mechanical properties, and 
microstructure can help fine tune injection molding parameters to control part qual-
ity. An example of a common bioresorbable orthopedic medical implant, an inter-
ference screw, fabricated through injection molding are shown in Fig. 17.

Although injection molding is a complicated process requiring an good overall 
understanding of the a number of variables, such as rheological properties, thermal 
properties, structural properties, injection pressure, holding pressure, mold cooling 
temperature and cooling rate, runner and gate design, it has been used widely to 
produce orthopedic implant devices with complex designs. For instance, injection 
molding a PLLA-based interference screw displayed the effect of cooling rate on 
the resulting crystallinity of the implant, dropping to nearly half the pre-injection 
value [99]. The degradation and biological characteristics of the screw remained 
unchanged even with the change in crystallinity with cell viability remaining above 
95% for the duration of the study.

Innovations in developing new materials suitable for the injection molding pro-
cess have driven the development of new products based on resorbable biopolymers 
and their composites [100]. Advances in injection molding technology play another 
important role to produce innovative products. Some examples of these types of 
technology are the use of gas (mainly nitrogen) assist injection molding which 
reduces the overall weight of the fabricated product, micro-injection molding tech-
niques that enable fabrication of miniaturized products with maximum accuracy 
and precision, and multi-component injection molding that can combine various 
materials together producing products that cannot be achieved by conventional 
extrusion compounding [101].

Fig. 17 An example of 
injection molded screws 
for orthopedic implants 
using RESOMER®. Image 
courtesy of Evonik 
Industries
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7.2.3  Compression Molding

Compression molding is a fabrication method which can be used to create a wide 
range of geometries for implant devices such as trauma fracture repair plates and 
acetabular liners for hip replacement systems. This relatively inexpensive process, 
compared to injection molding, consists of two hot plates which serve to melt the 
material to be molded into final geometry of the part. The bottom plate holds the 
base of the mold, which typically contains a hole in the shape of the desired part. 
The top of the mold contains a plunger-like protrusion in the same shape, which 
presses the material into the mold during the compression process. The pellets or 
granules are poured into the bottom half being sure to add enough material to the 
mold so that it overflows with material once molten thus ensuring a fill of the mold. 
After adding the material, the top plate is pressed the top of the mold into the bottom 
of the mold and bottom plate, and both plates are heated to the same temperature to 
ensure even heat distribution. The continuous supply of pressure to the material 
melt promotes the removal of internal porosity as well as allows the appropriate 
melt time to remove residual stresses. Once the dwell time for the melt has been 
reached, the compression mold is generally slowly cooled if elevated mechanical 
properties are required as quenching the mold results in a lower degree of crystal-
linity and thus decreased mechanical properties. While the mechanical properties of 
an implant device fabricated through compression molding are generally higher 
than those found with injection molding, the long dwell time of the material within 
the heated mold is a cause for concern specific to bioresorbable materials. Materials 
such as those that are lactide and glycolide based are prone to premature degrada-
tion if they are exposed to levels of intense thermal processes for prolonged periods 
of time and must therefore be considered when selecting an appropriate processing 
method.

A particular advantage of compression molding compared to injection molding 
is that the requirement of the material to flow is not as critical of a consideration. 
While injection molding requires good flow properties of the polymer or compos-
ites in order for the material to pass through mold runners, gates, and fill cavity, 
compression molding does not require this level of material flow. Compression 
molding is therefore beneficial when processing composites materials which can 
become problematic with the incorporation of fillers or other reinforcing agents, 
such as fibers, which typically increase polymer melt viscosity dramatically. Further, 
compression molded parts usually do not contain residual stresses and therefore can 
have higher crystallinity and better uniformity. While this can be beneficial, it comes 
at the cost of longer processing time as the thermal cycling time for the mold to heat 
and cool is much longer than for injection molding. Further processing factors to be 
considered include compression pressure, holding pressure, mold temperature, pre-
heating temperature and time, molding temperature, hold time, size of the polymer 
or composite pellets, cooling rate, and size of the part. Another contrast to injection 
molding is that compression molding is a slower process and is generally reserved 
for low-volume production or for proof-of-concept designs for which an investment 
in expensive injection mold tooling is not feasible [79, 102].
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For application in orthopedic implants, compression molding is most commonly 
used to make fixation plates such as those used in craniomaxillofacial (CMF) pro-
cedures or the treatment of distal radius fractures. These compression molding tech-
nologies provide an alternative method for combining such resorbable polymers, 
composites or biologically active agents into products to enhance structural and 
mechanical properties as well as biological response functions [103]. Recently, 
high-pressure compression molding was implemented to fabricate a porous com-
posite scaffold for cranial bone regeneration by combining HA with a PLLA poly-
mer matrix. The mechanical properties were elevated and the interconnected porous 
structure of the plate enhanced cell proliferation resulting in the healing of a cal-
varial defect in vivo [104].

7.3  Novel Methods (Additive Manufacturing)

Additive manufacturing has recently been gaining interest as a method of process-
ing and fabricating implants from bioresorbable materials. Additive manufacturing 
encompasses a range of manufacturing techniques that involve generating three- 
dimensional parts by distributing layers of material on top of each other and joining 
them through heat or other methods from a precursor powder or filament. Among 
techniques implemented under additive manufacturing, several specialized tech-
niques, such as selective laser sintering (SLS) and fused deposition modeling 
(FDM), have seen the most use and implementation in the manufacturing of 
implants. For orthopedic implant applications, additive manufacturing allows for 
the fabrication of high precision parts, rapid production times, patient specificity, 
and is able to be used with a wide range of desirable materials. One of the largest 
advantages of additive manufacturing is its ability to tightly control the geometric 
specificities of the implant design. For example, by controlling the exterior and 
interior porosity of the fabricated implant, highly advantageous results in regards to 
the cellular interaction in vivo can be achieved as the porosity not only allows for 
diffusion of by-products of degradation but also serves to guide the distribution and 
proliferation of the native cells [105]. The considerations to take into account when 
using additive manufacturing techniques are different than those of the typical pro-
cessing methods. Below is outlined an overview of these methods with their recent 
advancements and future directions in regards to bioresorbable materials for ortho-
pedic applications [106].

7.3.1  Fused Deposition Modelling (FDM)

The process of fused deposition modeling (FDM) is similar to the above mentioned 
process of extrusion principle. The desired implant material is melted in a chamber 
(typically a syringe) and then forced through a die in the form of a rapidly cooling 
filament, as outlined in the schematic process in Fig. 18. The ability of the FDM to 
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translate a computer assisted drawing (CAD) model into a complex, three- 
dimensional physical product advances the process of typical melt extrusion. The 
position of the nozzle where the extrudate exits is controlled by a computer that 
allows for the polymer to be placed at tightly controlled locations as a layer-by-layer 
product is formed. The starting material is a filament, shown in Fig. 19, and is gen-
erally a virgin material although a composite material can also be used as long as the 
additive species can exit the extrusion die port without causing adverse processing 
conditions, e.g., clogging. The low start-up cost and the ability to control the direc-
tional layering on the resulting parts and its effect on the resultant mechanical 
response are advantages provided by FDM) technologies that are not typically 
achievable with conventional methods.

Fig. 18 A schematic view 
of the FDM process where 
a heated head serves to 
melt the filament material 
and then deposit the melt 
onto the print platform as 
directed by the controlling 
computer. Image provided 
by BMC Musculoskeletal 
Disorders, 2012, S. Tefler 
et al.

Fig. 19 Representative image of RESOMER® filaments used in the FDM process. Image courtesy 
of Evonik Industries
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Recent studies have shown cellular response to FDM implants is comparable and 
in some cases superior to those manufactured using typical processing methods. A 
PLGA scaffold fabricated via FDM was able to provide the interior porosity and 
mechanical properties to act as synthetic articular cartilage allowing for a high 
degree of distribution and growth of chondrocyte cells [107]. Further, the 
 above- mentioned ability to control the directionality of the deposited filaments 
within the scaffold has shown the ability to guide cells along a proliferation path as 
they tend to grow along the central axis of the fiber [107, 108]. Additionally, the use 
of hydrogels laden with living cells has been advanced rapidly in recent years and 
shows potential in fabricating implants which allow for the rapid production of 
patient- specific implants as well as alleviate the potential for host-rejection [109].

The advantages offered by FDM show promise for the industrial manufacturing 
of implants but a more interesting insight is the potential for the fabrication of 
implantable devices in the operating room. With the relatively low-cost associated 
with FDM techniques, the possibility for clinicians to conduct a scan of the implant 
site, create a CAD model of the region of implant, and fabricate an implant design 
with parameters for a particular patient are becoming closer to a reality.

7.3.2  Selective Laser Sintering (SLS)

Selective laser sintering (SLS) is a newer technology introduced by Carl Deckard 
and DTM Corporation in 1992 and offers multiple advantages compared to FDM 
[110, 111]. Whereas FDM creates a product through a controlled geometry melt 
extrusion process, SLS fuses particulates of material together in the layer-by-layer 
fashion outlined in Fig. 20 [112]. Specifically, a thin layer of the material in powder 

Fig. 20 A schematic view of the SLS (and SLSS) process. A computer-directed laser scans over a 
layer of particle material. After these particles have been sintered together, a new layer or particles is 
spread across the print bed and the process begins again. Image provided by the International Polymer 
Processing Journal of the Polymer Processing Society, 26(4), 416–423 (2011), C.Y. Hao et al.
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form is placed onto a print-bed at which point a laser, typically a CO2 type, fuses 
select particles together following the geometry constraints of a CAD model. In 
contrast to FDM methods, SLS offers much higher resolution and dimensional con-
trol of the part geometry as well as a higher quality of the surface properties of the 
finished product. In terms of economic feasibility, when the SLS technique is used 
it is often for the production of a finished implant as it is much more expensive than 
FDM techniques [113].

When selecting to use the SLS technique to fabricate implants, some of the most 
dominant variables are those relating to the interaction of the laser and the particles. 
These variables are typically grouped into two umbrella categories: (1) laser related 
and (2) material related [114]. Since the thermal input in SLS-based techniques 
occurs through the interaction of the material with a laser, the laser power, as well 
as scanning size (a variable that can be grouped together with laser power in a term 
known as laser energy density), is a major controlling parameter. As the laser scans 
over a section of material, an increase in laser power has been shown to increase the 
resulting mechanical properties of the implant [114–117]. The same result has also 
been shown to be brought on by increasing the scan speed of the laser—that is, how 
long the laser rest on one position before moving to the next. Both of these occur-
ances can be understood by analyzing the localized heating effect on the material as 
it interacts with the laser. With increasing the laser power, the localized melting of 
the material is increased. This induces a flowing effect on the material powder and 
results in a more efficient melt and subsequent fusion of the powders. By not allow-
ing the laser to irradiate the powder for prolonged periods of time, the breakdown of 
the material structure is reduced allowing for, in the case of polymeric powders, the 
molecular weight to remain nearly constant and resultant mechanical property to 
remain largely unchanged. Control of the cooling rate of the powder bed allows the 
crystallinity of the final part to be controlled and therefore the mechanical and deg-
radation properties adjusted.

The consideration for powder material, the second umbrella group, must also be 
taken into account. First and foremost, the material must be able to interact with the 
irradiation source (it must be capable of being melted by the laser). Further, the 
powder size must be tightly controlled as the larger the powder diameter becomes, 
the lower the resulting mechanical properties will be [114, 117–119]. Additionally, 
the material must not degrade prematurely when interacting with the laser—a con-
sideration that has required advanced techniques to be developed for the processing 
of bioresorbable materials via SLS methods). Examples of SLS printed samples is 
shown in Fig. 21.

Since the localized heating encountered when using SLS methods results in an 
instant exposure to highly elevated temperatures, the most commonly used implant- 
grade materials processed through this method are those which have excellent ther-
mal stability. Included in this group are metallic materials and high degradation 
temperature polymers such as polyamides and polyaryl ether ketones [103, 120–124]. 
Regarding bioresorbable polymers, the use of PLA has been investigated as a poten-
tial material for SLS fabricated implantable devices [125–128]. Of particular inter-
est in the field of bone tissue engineering, the incorporation of calcium phosphate 
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particles into the SLS fabricated implants has shown the ability to provide for 
improved cell viability which leads to increased new bone growth as well as cell 
migration and proliferation [129, 130]. PLLA and PLLA/HA composites have been 
successfully printed using the SLS technique with promising results.

Although the thermal exposure time of the material used in SLS is minimal, the 
risk of premature degradation of bioresorbable polymers exists when any type of 
thermal processing method is used for these materials. In order to eliminate this 
risk, the development of an improved SLS method known as surface-selective laser 
sintering (SSLS) was developed. This process is identical to SLS with only the 
composition of the material to be processed varying. With SSLS, a thin, biocompat-
ible coating is applied to the surface of the powders which absorbs irradiation. 
When the laser interacts with the material, only localized surface heating results 
allowing the part to be fused together without damaging the bioactive interior mate-
rial [131]. Although the up-front costs associated with SSLS (and SLS) printers 
limits their potential use in clinical applications, manufacturers of medical implant 
devices can implement this technique in order to rapidly produce limitless designs 
and commercial volumes of implant from a wide range of materials in order to meet 
the growing needs of regenerative medicine applications.

7.4  Other Methods

Spinning polymer fibers is another approach to generate bioresorbable scaffolds. 
Spinning itself is not necessarily a novel bioresorbable processing technique. 
Sutures and textile reinforcement patches are often made from PLA, PGA, and 
PLGA copolymer fibers and make up one of the most widely-used and high-volume 
forms for these materials in clinical applications [100, 132]. Traditional spinning 
methods include solution-spinning (also called wet-spinning), dry-spinning, and 

Fig. 21 Example of printed samples via SLS using RESOMER® material. Image courtesy of 
Evonik Industries
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melt-spinning can be used to create composites with unique mechanical, thermal, 
and degradation properties. Solution spinning involves dissolving a polymer in a 
solvent and spinning the solution in a chemical bath. The fiber precipitates and 
solidifies as it is lifted out of the bath. Dry-spinning follows a similar process, but 
once the polymer is dissolved in a solvent, the fiber forms through the evaporation 
of the solvent while spinning by subjection to an air stream or stream of inert gas. 
Finally, melt-spinning occurs when a polymer is melted and spun with the fibers 
solidifying by a cooling process after spinning. This method is most often used to 
create fibers used for sutures, as surgical reinforcement textiles, and to fabricate 3D 
scaffolds with their final properties depending largely on the initial molecular 
weight of the polymer [9, 100, 132, 133].

7.4.1  Electrospinning

Electrospinning is a novel method of creating bioresorbable polymers fibers. 
Although electrospinning was first developed over one-hundred years ago, its use 
has only gained popularity for biomedical applications within the last 15  years 
[100]. In the electrospinning process, a polymer solution is extruded from a needle 
into an electrostatic field. A positive electrical charge is applied to the needle tip 
from a high voltage power supply thus charging the exiting polymer solution. The 
solution is then drawn through the electrostatic field to a grounded collecting sub-
strate. The resulting fibers can be micro- or nano-scale with controlled orientation 
based on the method of collection. If aligned fibers are desired, a rotating collection 
substrate is employed, otherwise a stationary collection substrate is used. The fiber 
diameter is controlled by multiple processing variables including solution viscosity, 
rate of the solution exiting the needle, the amount of electrical charge applied to the 
solution, and the distance to the collection substrate [100]. Electrospinning has 
quickly become a leading processing technique for developing bioresorbable poly-
mer fibers for scaffolds largely due to the low start-up costs as well as its versatility 
in producing nano- and micro-sized fibers from various polymer materials.

PLGA scaffolds containing Santa Barbara Amorphous 15 (SBA15), a type of 
silica nanoparticle, were fabricated and subsequently crosslinked through the intro-
duction of glutaraldehyde vapor [134]. Human MSCs were then seeded onto the 
membranes. The resultant membranes successfully achieved a porous structure with 
even SBA15 distribution facilitating good cell proliferation and adhesion with 
excellent biocompatibility. These electrospun membranes were determined to hold 
promise in bone repair and regeneration applications. A similar study seeded hMSCs 
onto PLGA scaffolds containing a graphene oxide (GO) additive [74]. They found 
that GO-PLGA scaffolds could be easily and repeatedly produced with electrospin-
ning, which possessed a smooth surface and porous structures that promoted cell 
proliferation and adhesion.

As stated previously, the effect of the implant geometry has an appreciable effect 
on the biological response. In the electrospinning technique, the geometry is typically 
varied by changing the fiber diameter, amount of fiber deposited, or the orientation 

Bioresorbable Materials for Orthopedic Applications (Lactide and Glycolide Based)



322

of the fibers. Variation of the solvent used during processing can also have an effect 
as a more volatile solvent will vaporize more rapidly and can result in the presence 
of pores. Electrospun meshes of aligned polycaprolactone (PCL) fibers and ran-
domly-oriented PLGA fibers resulted in randomly-oriented cell proliferation on the 
PLGA regions and higher alignment on the PCL regions, demonstrating a typical 
trend in this type of scaffold fabrication. Cells will proliferate along the long axis of 
the fibers and can be controlled by varying the collecting apparatus [135]. 3D com-
posite scaffolds with aligned PCL fibers and randomly oriented PLGA and PLGA/
PCL fibers were also fabricated and showed promise in cell-proliferation but failed 
mechanically due to the stress concentrations in the aligned PCL regions. Additional 
studies have focused on electrospinning composite material scaffolds using a novel 
approach for combining the two polymers. In this case, PLLA scaffolds seeded with 
bone tissue were compared to PLLA/PEO scaffolds for their ability to enhance bone 
formation. The PLLA/PEO scaffolds were created by simultaneously electrospin-
ning PLLA and PEO using a custom-made, dual- electrospinning apparatus. The 
final PLLA/PEO bone-tissue scaffolds possessed a mineralized surface with 
enhanced porosity and pore size, which demonstrated potential for this scaffold 
design in bone formation applications [136]. Further studies on fabricating compos-
ite scaffolds through electrospinning coated PLGA nanofibers with Willemite 
(Zn2SiO4) powder, seeded cells demonstrated the potential for using ceramic bio-
glass to support bone regeneration and reconstruction in orthopedic applications 
[81]. Another study investigated the biologic activity of electrospun composite scaf-
folds containing β-TCP, siloxane-containing vaterite (SiV), and PLLA. Histological 
studies on the composite materials, after seeding with rhBMP- 2, indicated success-
ful promotion of new bone growth and effective delivery of the rhBMP-2 protein 
[137]. Electrospinning has already demonstrated vast potential in the processing of 
bioresorbable polymers for orthopedic applications. Newer refinements to the elec-
trospinning process show additional great potential for future development and 
commercialization of this process.

7.5  Effect of Post-Processing

After products have been fabricated from bioresorbable polymers, they often go 
through post-processing steps prior to commercial release. These post processing 
steps may include annealing and/or sterilization.

7.5.1  Annealing

An annealing treatment is frequently utilized for implant materials, such as PLGA 
polymers and HA/PLGA composites, in order to increase the crystallinity and 
therefore the mechanical [138–140]. Theoretically, energy is required as driving 
force to help crystalline region grow. Further, the growing rate of crystallinity is 
dependent on the addition and packing of other polymer chains and is governed by 
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thermal energy. On one hand, annealing temperature should be above Tg which pro-
vides sufficient energy for polymer chains to form crystalline regions. On the other 
hand, neither the dwell time nor temperature should cause degradation of polymers 
in the annealing process. Significantly different degradation performances of PLGA 
materials after annealing at 115 °C for 60 min have been seen [138]. Annealing can 
increase the crystallinity and retard degradation, to a certain extent, which is rele-
vant during radiation as well as the hydrolytic degradation processes [140].

7.5.2  Sterilization

Since bioresorbable implants are used for long-term implantation, it is required to 
sterilize them before application. Currently, there are three sterilization methods 
that are frequently used in biomedical field:

Radiation sterilization: Gamma (γ) radiation is preferred for sterilizing ortho-
pedic implants since it can penetrate into the materials and eliminate bacterial spe-
cies via local elevated temperatures without leaving any residues. Considering its 
cost effectiveness, this method is regarded as the standard sterilization method. 
However, due to the high energy from gamma sterilization, the risk of decreasing 
the molecular weight always rises concerns with further applications. Shoichet and 
colleagues found 50% decrease of molecular weight after treating PLGA materials 
at a dose of 2.5 Mrad [141]. Even though dry ice bags are usually applied couple 
with gamma irradiation to avoid the high temperature, the potential degradation is 
still addressed as a disadvantage for this method.

E-beam: Compared with gamma radiation, accelerated electron irradiation has 
also been investigated. As a novel method, e-beam appears to be more practical for 
bioresorbable materials due to its lower energy since the loss of molecular weight is 
not as significant as γ-irradiation. However, due to the high density of the materials, 
electron radiation can be easily absorbed before penetrating throughout the material 
and therefore may result in incomplete irradiation. Even though the energy of 
e-beam is lower than γ-irradiation, a slight decrease in the polymeric molecular 
weight can still be observed for the molecular weight leading to a slight drop in 
mechanical properties. For example, the utilization of e-beam to irradiate PLGA 
and PLLA polymers at the intensity of 50 Mrad exhibited thermal and morphologi-
cal changes, such as a decrease in crystallinity [142]. In order to avoid these types 
of morphological changes, most irradiative treatments are done with doses ranging 
from 25 to 33 kGy.

Gas (ethylene oxide) sterilization: The use of ethylene oxide provides more 
mild conditions for sterilization and is widely used for lactide and glycolide based 
materials. However, this process requires long term degassing after sterilization to 
remove ethylene oxide residuals from the implant. In addition, the ethylene oxide 
can react as a plasticizer in the polymer which can affect the materials property and 
structure. Even though the molecular weight is not significantly affected in this 
method, the deformation of the material structure is influenced. Up to 60% shrink-
age was reported earlier after ethylene oxide sterilization for 2 h followed by 15 h 
degassing [141].
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8  Current Applications

Bioresorbable lactide and glycolide based implants have shown proven efficacy and 
performance over the years and have been widely used in orthopedic applications 
and sports medicine. Applications of these materials can be found from head-to-toe 
throughout the human body as seen in Fig. 22 and further outlined in Table 2. 

Fig. 22 Overview of typical bioresorbable implants used from head to toe. Images courtesy of 
respective companies outlined in the table below
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Table 2 An overview of some commercially available bioresorbable implants

Company Product Composition Resorption Ref.

A Depuy Synthes RAPIDSORB® Preshaped Orbital 
Floor Plate

85:15 PLGA 12 months [143]

B KLS Martin 
Group

Resorb x® and Resorb xG Plates PDLLA, 85:15 
PLLA/PGA

12–
30 months

[145]

C Stryker® Delta System Plates 85:5:10 PLLA/
PDLA/PGA

8–13 months [144]

D Depuy Synthes RAPIDSORB® Contourable Mesh 85:15 PLGA 12 months [143]
E KLS Martin Resorb x® Alveolar Protector PDLLA 12–

24 months
[145]

F ACUTE 
Innovations®

BioBridge® Resorbable Chest Wall 
Stabilization Plate

70:30 PLDLA 18–
24 months

[146]

G Smith & 
Nephew, Inc.

TWINFIX® Ultra HA Suture 
Anchor

PLLA/HA – [147]

H KLS Martin 
Group

Resorb x® Membrane PDLLA 12–
24 months

[145]

I Arthrex BioComposite™ SwiveLock® 
Tenodesis

85:15 
PLLA/β-TCP

– [148]

J Depuy Synthes Biocryl Rapide® Suture Anchors 70:30 
PLGA/β-TCP

24 months [37, 
194]

K Inion Inc. S-2™ Biodegradable Anterior 
Thoraco-Lumbar Fusion System

PLLA and 
PDLA

24–
48 months

[149]

L Arthrex BioComposite™ Distal Biceps 
Implant System

85:15 
PLLA/β-TCP

– [148]

M Abbott Absorb GT1™ Vascular Stent PLLA/HA 36 months [150]
N Arthrex BioComposite™ Tenodesis Screw 

Master Set
85:15 
PLLA/β-TCP

– [151]

O Smith & 
Nephew, Inc.

OSTEORAPTOR® Suture 
Anchors

PLLA/HA – [152]

P Depuy Synthes Resorbable Sleeve for Screws 
Stabilizing Intramedullary Nails

70:30 PLDLA 18–
24 months

[153]

Q Arthrex Micro-Compression FT Screws PLLA – [148]
R Arthrex BioComposite™ Pushlock Suture 

Anchor for Patellofemoral 
Dysfunction

85:15 
PLLA/β-TCP

>24 months [67]

S Depuy Synthes MILAGRO® Advance Interference 
Screw

70:30 
PLGA/β-TCP

24 months [154]

T ConMed SmartNail® 96:4 PLDLA – [155]
U Arthrex BioComposite™ SwiveLock® for 

Medial Patellofemoral Ligament 
Procedures

85:15 
PLLA/β-TCP

>24 months [156]

V Wright 
Medical

RFS™ Pins and Solid/Cannulated 
Screws

85:15 PLGA 24 months [157]

W Medtronic Polysorb™ 2 mm Soft Tissue 
Anchor System

18:82 PGA/PLA 12–
15 months

[158]

(continued)
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With advancements in composite bioresorbable materials due to the introduction of 
calcium- based inorganic additives, the osteoconductivity of these materials has 
been improved along with the added benefit of imparting a bone-like modulus to the 
material both of which promote faster healing times and better patient outcomes.

8.1  Craniomaxillofacial (CMF)

The term craniomaxillofacial (CMF) is an umbrella term that encompasses any tis-
sue system located in the head. While the procedures performed for this specialty 
are varied, they can be grouped into those arising from two sources: (1) Anomalies 
resulting from genetic mutations or vitamin deficiencies (particularly folic acid) in 
the mother during pregnancy and (2) trauma induced defects. Among the treatable 
conditions occurring at birth, cleft lip, craniosynostosis, and deformational plagio-
cephaly are some of the more commonly occurring abnormalities [162]. These 
applications as well as those occurring from trauma are applications in which biore-
sorbable materials are highly advantageous. Since most of these applications do not 
require the implant to be placed under an elevated mechanical load, bioresorbable 
materials used for these treatments have focused on enhancing the biological 
response and ability to promote healthy bone regeneration without causing any 
adverse side effects upon degradation. The implants available for these types of 
applications include those such as screws, plates, and meshes with an example of 
commercially available PLLA based fixation plates shown in Fig. 23. The particular 
implants shown are not only bioresorbable also offer a unique advantage in that they 
are also capable of being shaped before implantation in the operating room by form-
ing the plate to a desired geometry in hot water to ensure an ideal fit with the patient.

Among the most common applications for which a bioresorbable plate or mesh 
is used in CMF treatments is in the remediation of mandibular or orbital bone 
defects. For instance, the implantation of a resorbable mesh in the reconstruction of 
the orbital floor was shown to be a safe and effective method for reconstruction with 
full resorption occurring by the time of the two year follow-up period [163]. Another 
particular application in which a bioresorbable, custom-fitted mesh plate was used 
to treat enophthalmos (posterior displacement of the eye—the affected eye “sinks” 
posteriorly due to a loss of bone volume) which further shows the promise of these 

Table 2 (continued)

Company Product Composition Resorption Ref.

X Arthrex BioComposite™ SwiveLock® for 
Achilles SpeedBridge®

85:15 
PLLA/β-TCP

>24 months [159]

Y Arthrex BioComposite™ Interference 
Screw

70:30 PLDLA/
BCP

>24 months [160]

Z Arthrex BioComposite™ SwiveLock® & 
BioComposite™ SutureTak 
Anchors

85:15 PLDLA/
BCP

>24 months [161]
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materials compared to typical metallic implants [164]. In this case, a PLGA based 
fixation system (RAPIDSORB®, DePuy Synthes) was compared to a titanium mesh 
on the effectiveness of repairing the defect in 78 patients with approximately 50% 
of the patients receiving the bioresorbable plate. The follow-up time for patients 
with a resorbable implant ranged from 3  months to 4  years with an average of 
2 years while the follow-up time for those who received a titanium implant ranged 
from 7 months to 5.6 years. The study revealed no statistical difference between the 
patients who received the bioresorbable plate compared to those who received the 
titanium plate. A smaller study of ten patients requiring treatment and fixation of 
maxillofacial fractures was undertaken to analyze the efficiency of bioresorbable 
plates in this application showed similar results with all patients having fracture 
reduction and full degradation of the implant [165]. Building on the advances in 
processing technologies, one investigation of a 3D printed composite scaffold mesh 
of PCL/PLGA/β-TCP (20%:60%:20%) analyzed its efficiency in bone regeneration 
and osseointegration compared to a non-resorbable titanium mesh [166]. The 
8-week histological sections of the control group which received no implant, the 
bioresorbable implant, and the titanium implant are shown in Fig.  24. After 
8 weeks, the bioresorbable composite mesh was shown to perform comparably to 
the titanium mesh—even surpassing it in the formation of new bone area by 
approximately 50%.

8.2  Sutures and Suture Anchors

Recently, implant developments in the repair of large upper body joints, such as the 
treatment of torn rotator cuffs, have advanced to offer more ideal healing and 
increase patient satisfaction. One such device is an inflatable, bioresorbable balloon, 
shown in Fig. 25, which can be implanted above the torn rotator cuff during the 

Fig. 23 Plates and meshes 
such as the ones pictured 
above from DePuy 
Synthes—A Johnson & 
Johnson Company, are 
used extensively in 
craniomaxillofacial 
regeneration treatments. 
Image courtesy of DePuy 
Synthes
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healing process [167]. This balloon is placed in order to allow for smooth, friction-
less gliding of the humeral head against the acromion thereby lowering patient dis-
comfort. This reduction in pain during the healing process allows the patient to 
undergo the physiotherapy required to restore shoulder balance as well as range of 
motion. While this balloon implant has its benefits, in place in order to heal, the torn 
tissues must be held together for an extended amount of time. Sutures are com-
monly used to achieve this by serving as a tether to hold to soft tissue in place. An 
ideal suture material must be able to hold to regenerating tissue system in place long 
enough to allow for full healing at which point the suture would dissolve away and 
be resorbed by the body. These types of sutures have been produced by Ethicon 
since the early 1970’s with absorption times ranging from 21 to 238 days offering a 
wide-range of timeframes for various applications.

Holding these sutures in place, suture anchors are used when an affected soft 
tissue such as a tendon or muscle, needs to be kept stable and in contact to allow for 

Fig. 24 A comparison of a 3D printed PLGA mesh to a typically used titanium mesh showed that 
the bioresorbable mesh was able to promote bone growth more effectively than the titanium mesh 
and the control sample which received no mesh. Image provided by Polymers, 7(10) 1500 (2015), 
J.H. Shim et al.

Fig. 25 The OrthoSpace 
InSpace™ inflatable, 
bioresorbable balloon for 
use in torn rotator cuff 
repair. Image courtesy of 
OrthoSpace
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healing. In the instance of rotator cuff repair, these suture anchors are embedded 
into the local bone while the sutures are placed on each side of the torn ligament or 
muscle. Generally, a suture anchor will be placed in the bone near the torn tissue 
with suture material already within the anchor system. After placement, the sutures 
will be passed through each side of the torn tissue and then tightened so that each 
face of the torn tissue is in contact. The presence of the suture anchor not only 
makes the procedure more efficient and stable, it also aids in the healing of the torn 
tissue since the torn sections are continuously held in place near one another. 
Figure 26 shows a typical setup for the use of suture anchors in arthroscopic shoul-
der repair.

Although biocompatibility is an important factor to consider with all implant 
materials, in the case of suture anchor implants, an added factor of anchor stability 
must also be considered. This stability insures that the sutures remain in the local 
area of the torn tissue allowing for full regeneration. If the anchor does not have 
adequate stability at the implant site, the torn tissue could be subjected to tensile or 
shear forces before it is fully healed resulting in a failed procedure and requiring a 
secondary, revision procedure to reinitiate the healing process for the tissue. Since 
the stability of the anchor in the bone near the torn tissue is critical for achieving 
desired patient outcomes, companies such as Smith & Nephew, Inc. have fabricated 
PLLA/HA composite suture anchors such as the TWINFIX® Ultra HA Suture 
Anchor with improved bone response and a tailored degradation rate [168]. As 
stated previously in this chapter, by addition of calcium-phosphate based materials 
to polymer matrices, the bioactivity of the resulting composite is enhanced com-
pared to the virgin polymer. Due to the addition of HA to the PLLA matrix, bone 
was able to infiltrate the suture anchor and ultimately overtake the screw space after 
full resorption of the screw. Further development of this controlled resorption with 
bone ingrowth has also been found in Smith & Nephew, Inc.’s REGENESORB™ 

Fig. 26 An illustrative 
example of a Smith & 
Nephew, Inc. suture anchor 
used in the repair of rotator 
cuff trauma. Image 
courtesy of Smith & 
Nephew, Inc.
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suture anchor. This particular suture anchor is able to promote long-term and short- 
term osteoconductivity due to the addition of calcium sulfate, the benefits which 
were outlined in above sections. Further, this suture anchor has an open-architecture 
allowing for the regenerating bone to grow into the inner section of the screw 
(known as the screw tunnel) as it is resorbed without sacrificing mechanical perfor-
mance (e.g., pull-out or insertion strength). The resorption of the screw and accom-
panying bone ingrowth is shown in Fig. 27.

8.3  Interference Screw

One particular application that has seen wide clinical acceptance and thus acceler-
ated market growth for bioresorbable materials is the use of bioresorbable interfer-
ence screws in reconstructive surgery of the anterior cruciate ligament (ACL). 
Typically, this procedure is required when the ACL has been torn after being exposed 
to rapidly changing shear forces that can occur during physical activity. After taking 
an autograft from the patient (typically the semitendinosous tendon from the ham-
string) the interference screw is used to hold the transplanted tendon in place to 
allow for full patient recovery. Previous materials that were used were either metal-
lic or biostable materials, but the choice of bioresorbable materials as interference 
screws is becoming widely popular for more active patients. For this particular 
application, the advancements in both the ability to increase the mechanical proper-
ties of bioresorbable materials as well as the ability to prolong their degradation 
time is required positioning PLA a particularly advantageous choice [169–171]. 
With an ACL surgery being performed every five minutes in the United States alone, 
the need for implant success and post-procedure patient quality of life is evident. 
The advantage of bioresorbable screws however remains to be the lack of need for 

Fig. 27 The bioresorption and osteoconductivity of Smith & Nephew Inc.’s HEALICOIL™ 
REGENESORB suture anchor resulted in new bone growth at the implant site leading to enhanced 
fixation. Image courtesy of Smith & Nephew, Inc.
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a secondary surgery, the reduction of stress-shielding, and recent advancements to 
increase osteointegration.

Studies have shown that bioresorbable interference screws have potential to meet or 
surpass the characteristics of commonly used metallic implant in regards to range of 
motion, knee stability, and knee functional outcome scores [172]. The results from 
comprehensive studies on this topic have concluded that the patient outcomes from the 
use of a bioresorbable screw are not statistically different from those with a metallic 
screw. Further studies have agreed with this finding indicating that the advantages 
found in bioresorbable implants and their biological response are an added benefit to 
both patient and clinician in the application for ACL reconstruction [173].

To further understand the degradation of such implants, an accelerated, in vitro 
study was carried out on the BioComposite Interference Screw from Arthrex, a 
PLA-based screw with including 30%wt. BCP [174]. The BioComposite screw was 
able to retain a majority of its initial mass until week 12, at which point approxi-
mately 35% of its mass was lost confirming results from a follow up biological 
study where the BioComposite screw was able to last long enough to promote bone 
tissue formation with little to no inflammatory response at which point expected 
degradation was shown to occur [160]. The degradation characteristics, timeline, 
and the in vivo response at 52 weeks for the BioComposite™ Interference Screw is 
shown Fig. 28 showing new bone formation (black arrow) within the screw site. 

Fig. 28 The Arthrex BioComposite™ screw was able to maintain mechanical properties long 
enough for new bone growth to overtake the implant site due to the addition of calcium-phosphate 
based additives. Image courtesy of Arthrex, Inc.
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This controlled degradation is highly beneficial in this application as the ingrowth 
of bone tissue into the interference screw region allows for the native fixation of the 
implanted tendon to occur resulting in effective patient outcomes once the biore-
sorbable screw is completely degraded. The selection of polymer as well as the 
inclusion of osteoconductive calcium-phosphate based additives was shown to 
increase the osteoconductivity of the implant as well as lead to a highly adjustable 
rate of degradation.

8.4  Distal Radius Plate

Distal radius fractures are among the most commonly occurring musculoskeletal 
injuries with nearly 600,000 occurring annually in the United States alone increas-
ing the need for treatment methods and implants which offer quality patient out-
comes with improved patient satisfaction [175]. These fractures are occasionally 
referred to as wrist fractures due to their close proximity to the wrist joint, but are 
in fact a break in the radial bone of the lower arm and are often treated by immo-
bilization of the fracture. Although this immobilization can be treated without 
surgery, more complex cases require intraoperative placement of a plate to stabi-
lize the bone and allow regeneration of the broken sections. Typical implants are 
metallic and have shown to have sufficient efficacy in the treatment of such frac-
tures, but do require a second surgery for removal with patients occasionally 
reporting a sensation of foreign body or irritation at the implant site and wrist 
joint, respectively.

In order to show bioresorbable materials as being able to meet the same regen-
erative efficacy as metallic implants while adding the advantage of no secondary 
surgery, a direct comparison of distal radius fracture fixation and regeneration was 
made between a commonly used metallic plate and a PLLA-based resorbable 
implant to measure effectiveness and patient satisfaction from each implant [176]. 
Not only were no post-healing complications such as infection or carpal tunnel 
reported, the patients were overall more satisfied with the bioresorbable implants 
over the metallic implants. Representative images of the treated sites before and 
after implantation of both types of implants are shown in Fig. 29. The PLLA implant 
was resorbed by the body at the follow-up time of 2.5 months over which period it 
was able to steadily increase the transmission of mechanical loads required during 
healing thus allowing the healed bone to be restored to its original functionality and 
density. This result of natively healthy and dense bone regrowth is not always 
achievable when metallic implants are used for orthopedic implant devices, a result 
of stress-shielding which has been highlighted earlier in the chapter. Further inves-
tigations into the use of bioresorbable plates and fixation devices have shown simi-
lar results indicating promise for their use in future treatment of defects such as 
these [177, 178].
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9  Regenerative Medicine

Regenerative engineering is a multi-disciplinary field that falls at the crossroads of 
stem cell research, materials science, molecular biology, and tissue engineering 
with the overall goal to regenerate damaged tissues as complex as entire organs and 
limbs [100, 179, 180]. Orthopedic regenerative engineering, specifically, focuses on 
the regeneration of bones, ligaments, and cartilage through the use of biomaterials 
that are naturally bioactive or through composite materials, such as the above high-
lighted PLA/PGA/PLGA and inorganic additive materials that stimulate a positive 
response from native tissue and therefore promote tissue regeneration. These lactide 
and glycolide based materials are ideal implant materials in terms of biocompatibil-
ity and resorbability and are becoming more efficient in their biological response 
and mechanical properties as researchers develop novel approaches to modifying 
these polymers in order to promote tissue and bone regeneration once implanted 
[23, 74, 77–79, 81, 94, 129, 131, 134, 136, 137, 181–184].

Fig. 29 The PLLA 
fixation plate was able to 
achieve comparable results 
to the metallic plate in the 
treatment of distal radius 
fractures. Image provided 
by the Journal of Dental 
Sciences, 8, 44–52 (2013), 
I.L. Chang et al.
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Bone remodeling is a critical healing process within the human body, yet adult 
tissue often does not regenerate to full health and thus often require the use of bio-
material scaffolds to improve initial cell adhesion and proliferation resulting in 
enhanced bone regeneration. The degradation rates of these materials also provides 
a benefit in that adult bone cells tend to proliferate and grow at a much lower rate 
than young cells. As the degradation of the material can be controlled to match the 
rate of bone formation, the probability of success for full restoration of natural func-
tion with these materials is greatly improved when compared to other, non- 
bioresorbable implants.

Lactide and glycolide based materials not only offer benefits in the regeneration 
of damaged bone tissue, they also provide a potential platform for ligament regen-
eration, requiring scaffolds that differ from bone regeneration scaffolds and also 
vary based on the intended ligament in need of repair. Specific ligaments undergo 
different loads in different regions and at different points along the ligament. For 
example, the ACL has three different stress-strain regions, so scaffolds designed for 
ACL repair must have adequate biomechanical properties to withstand the stress in 
these three regions. The osteochondral ligament lacks these distinct phases and con-
nects bone to cartilage, requiring simpler scaffolds than ACL [100, 180, 185]. 
Laurencin and coworkers created PLLA/fibronectin scaffolds that had higher cell 
adhesion, proliferation, and mechanical properties that made this material better 
suited for ACL regeneration than regular PLLA [186]. Sarukawa et al., [187] coated 
PLA scaffolds with chitosan and found that these scaffolds showed improved cell 
adhesion and proliferation as well as ECM matrix production, further indicating the 
benefit of PLA for ACL regeneration.

PLA, PGA, and PLGA-based polymer materials also show further promise in 
cartilage regeneration, especially for knee articular cartilage and knee meniscus 
regeneration [100, 188]. As long ago as 1993, studies on cartilaginous cell-poly-
mer constructs with bovine articular chondrocytes on PGA meshes and PLLA 
sponges have shown that the PGA meshes induced higher cell growth rates and 
GAG deposition compared to PLLA [1, 189]. The mechanical properties of the 
scaffold not only provide adequate initial support of the tissue at the implant site, 
but these mechanical properties have also been shown to promote the regeneration 
of tissue systems with increased mechanical properties compared to those regener-
ated from weaker scaffold systems [190]. These types of studies reiterate and 
solidify the potential for PLA, PGA, and PLGA-based materials in the field of 
regenerative medicine ranging from applications in orthopedic regeneration to car-
tilage and meniscus repair.

While the advancement of materials has consistently shown that the future direc-
tions of regenerative medicine are promising, the development of the novel tech-
niques highlighted in this chapter also offer advantages for future clinical 
applications. Specifically, the development of additive manufacturing as an opti-
mized process for bioresorbable materials has shown the ability to rapidly produce 
the patient-to-patient specific requirements for ideal treatment. For instance, PCL is 
commonly used as a material for additive manufacturing due to its relative thermal 
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stability and ease of processing. The applications which can be impacted by the 
implementation of these types of processing methods are numerous with scaffolds 
being fabricated in any conceivable implant design as shown in the cervical inter-
body fusion cage, the lateral gutter implant, and the tracheal implants from DePuy 
Synthes shown in Fig. 30 [191, 192]. The transition from laboratory to clinical 
settings is already taking place with the application as in the last few years, multiple 
lives have been saved using this same type of processing technology [193].

Although we have briefly covered current novel methods of additive manufactur-
ing, a number of medical device manufacturers are pressing the envelope even more 
in an effort to create more geometrically controlled implants as well as reduce the 
time taken to produce the implant. The recent and continued advancements in addi-
tive manufacturing indicate that the future of regenerative medicine and the ability 
to create patient-specific treatment will require materials capable of being processed 
with these methods, such as those highlighted in this chapter.

Fig. 30 Bioresorbable 
interbody fusion cage, 
lateral gutter implant, and 
tracheal splint fabricated 
through additive 
manufacturing. Image 
courtesy of DePuy Synthes
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10  Conclusion

There is an increasing need for advanced implant materials that are capable of 
improving both patient well-being and clinician efficiency in the field of orthopedic 
implants. The idea of a material which could be implanted to treat orthopedic 
defects and then have the capability to self-modify itself in accordance with the 
progressing needs of the surrounding biological environment is both novel and plat-
form solution for diverse unmet needs both in orthopedic and also medical device 
industry overall. Lactide and glycolide based bioresorbable materials continue to 
gain acceptance as a replacement for permanent implants with active research and 
clinical studies focusing on new applications. With the development seen among 
bioresorbable materials and composites with increased bioactivity, the upcoming 
wave of innovation will be one of advanced processing such as additive manufactur-
ing and patient specific implants. While these bioresorbable materials have rapidly 
evolved in their properties and biological abilities, the advanced processing tech-
niques of these materials are at its infancy and the need for know-how development 
and application integration has significant potential for the medical community. 
Research is currently at the edge of taking the next big leap by allowing for the addi-
tive manufacturing of bioresorbable patient specific implants while the patient is 
being treated for life saving conditions. At the cross roads of robotic surgery, addi-
tive manufacturing, regenerative medicine and digitization, someday in the near 
future we can expect a patient specific smart bioresorbable implant material being 
able to continually assess the biological environment and healing process providing 
real time updates and monitoring to improve patient and clinician outcomes.

From Sutures to Screws to Stents to Scaffold to Skin someday soon….
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1  Introduction

Dental and orthopedic complaints (dysfunction, injury, pain) are the main reasons 
that over 12 million Americans seek clinical intervention each year. In many of 
these cases, revision procedures are needed due to complicating conditions arising 
due to bone infection and resorption, major bone tissue loss, bone disease, or failure 
tissue regeneration [1, 2]. Revision procedures and increased hospital stays can cost 
thousands of dollars for a single patient, significant lost time from work, altered and 
restricted lifestyles, and death. The number of high-risk individuals in this patient 
population has also led to an increase in the need for additional operations due to 
device failure, lack of healing, or infection.

Research into treatments for bone loss has increased significantly over the past ten 
years primarily due to the pressing need for repair or replacement of damaged or dis-
eased tissue. As a tissue, bone has impressive self-healing capacities for repair, but 
above a certain critical size, it cannot completely heal without intervention [3–5]. 
Large-scale bone loss can result in aging populations, bone tumors and bone diseases, 
endoprosthetic surgery, failed arthroplasty, osteomyelitis, osteoporosis, and patient 
traumas, requiring major reconstructive surgery [6]. Autogenic bone graft from the 
iliac crest is the primary source of trabecular bone. It possesses an adequate osteoin-
ductive potential and autografts remain the gold standard for treating many types of 
osseous defects [3, 4]. Autografts present some significant disadvantages that includes 
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donor site morbidity, disease transmission, and limited availability [4, 5]. Allogeneic 
bone is also widely employed due to its  osteoconductive properties, but there remain 
risks for the transfer of disease. Inert implants often fail due to corrosion, mechanical 
failure, post-surgical infection, and incomplete healing.

Bone tissue repair or replacement designed to preserve an individual’s health status, 
quality of life, and longevity, is a clinical necessity. Bone has a vast potential for regenera-
tion from osteoblasts, mesenchymal stem cells, pre-osteoblasts (osteoprogenitor cells), 
and inactive bone-lining cells [7]. The bone healing process is initiated by mobilizing pre-
osteoblasts and osteoblasts to migrate to the site of damaged or injured bone tissue. 
Osteoprogenitor cells differentiate into osteoblasts and with resident osteoblasts regenerate 
bone by producing an osteoid matrix, mineralizing this matrix, and then remodeling this 
tissue into compact or spongy bone [7, 8]. Bone formation stimulating regimes delivered 
via scaffolds of varying design and composition, which hold the promise of significant 
increases in bone density and mass, have not as yet become clinically available [9, 10]. 
Accordingly, the ability to generate new bone remains a pressing clinical need.

The search for new bone substitutes that combine porous biomaterial scaffolds, 
cells and bioactive factors is an area of extensive research and requires a multidisci-
plinary approach (Fig.  1) [11, 12]. Current strategies in bone tissue engineering 
involve the use of biodegradable polymers, either natural or of synthetic origin, 
designed for their physical strength, to serve as a supportive microenvironment for 
seeded bone or stem cells, and coupled with chemical or physical stimulus to facili-
tate bone tissue growth [8, 9]. Emphasis in these studies has been placed on the 
inclusion of additives that provide new functionalities that promote structural 
strength, bone tissue growth or impart antimicrobial or anti-cancer properties [7–9]. 

Fig. 1 Finding solutions to the critical need for viable treatment modalities for bone defect and 
disease repair requires a multidisciplinary approach. This graphics shows the respective strengths 
and skills that can be achieve through such an approach
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Bioactive glass, ceramics, metal, polymeric materials and hybrid composites have 
all been investigated to restore bone defects [10–12]. To date, however, many of 
these materials fail to integrate with the host tissue due to infection, limited bone 
regeneration capacity, or mechanical faults [6, 9, 13].

2  Advantages of Calcium Phosphate Cement

CPCs have been widely used for bone tissue augmentation, repair, and regeneration 
[14, 15]. First introduced in the 1980s, CPCs became available during the 1990s for 
treatment of craniofacial and maxillofacial defects [16, 17] and in fracture repair 
[18]. Following mixing, CPCs form a moldable paste and depending on the design, 
can be injected (or applied) during surgery using minimally invasive procedures 
[15, 16, 19, 20]. Clinically, this offers significant benefits and represents a clear 
advantage as compared with other bone substitutes.

CPCs possess intrinsic and vital properties for bone repair and regeneration. 
CPCs possess excellent osteoconductivity, mimic the bone’s inorganic extracellular 
matrix (ECM), bind to neighboring bone, and are bioresorbable, in contrast to bio-
inert implants where the bone-implant interface remains patent [21–23]. 
Furthermore, their degradation rate dependent on their composition and microstruc-
tural features [12, 14]. The CP minerals also provide an ideal substrate for cell 
attachment, proliferation and osteoblast differentiation (Fig. 2) [24–26]. They are 
osteoconductive, biocompatible, and harden in vivo via a low-temperature setting 
reaction that is not exothermic [16–18]. Compared to PMMA cement and other 
injectable biomaterials used as drug carriers, CPCs have many advantages [20, 27]. 
A low-temperature setting reaction permits the incorporation of different drugs, 
growth factors and other bioactive molecules [28–30]. Clinically, this offers signifi-
cant benefits and represents a clear advantage with respect to conventional CPCs 
and PMMA [31]. CPCs are also resorbable, with a resorption rate that depends on 

Fig. 2 Scanning electron 
micrograph showing bone 
cells attached to calcium 
phosphate bone cement. 
Source: www.nist.gov/
publicaffairs/techbeat/
tb20060413.htm#cell
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their composition and microstructural features and forming a direct bond with sur-
rounding bone [14, 31, 32]. Tricalcium phosphate (TCP), for example, is one of the 
most widely used materials due to its bioresorbable property with the ability to 
match degradation with bone tissue ingrowth [14]. CPCs further offer the advantage 
of being custom tailored for specific patient applications and directly applied to the 
affected site as a paste or in an injectable form.

3  Disadvantages of Calcium Phosphate Cement

CPCs have poor mechanical properties that limit their usage to non-load bearing or 
moderate-load-bearing sites [10, 14, 21]. An additional constraint is the fact that 
loading of CPCs with drugs at dosage required to combat infection, bone disorders, 
and disease, further reduces its mechanical properties [11, 14, 26, 33]. They also 
lack full injectability and their slow resorption rate limits bone repair [34, 35]. The 
inherent limitations of CPCs as led to a considerable body of work directed toward 
overcoming these limitations, enhancing CPCs’ natural advantages [35], or impart-
ing other functionalities through a variety of additives [36]. Selection of polymer 
additives has been limited as their degradation by-products may result in undesir-
able consequences such as inflammation, aseptic loosening, and implant failure 
[36]. Despite many efforts over the last three decades, the limitations of CPCs 
require further optimization, and the application to load-bearing sites has yet been 
achieved [9, 30, 34–36].

A strategy to overcome the intrinsic limitations of CPC or provide additional 
functionalities has been to incorporate natural and synthetic polymers. Current 
research efforts are focused on retaining CPCs bone regeneration potential of with 
an ability to incorporate drugs or other active molecules desirable for bone rein-
forcement [32, 37, 38], repair of cranial defects [39], and reinforcement of osteopo-
rotic bones [40], appliances and implant fixation [41, 42], spinal fractures, and 
vertebroplasty [43, 44]. This chapter will examine the development of natural and 
synthetic additives polymers that enhance CPCs. The scope of this review is to pro-
vide a framework for understanding the role of polymers in the design of more 
enhanced CPC formulations. The use of natural and synthetic polymers is reviewed, 
and their effects on different CPC properties are evaluated. The different properties 
that can be enhanced by the addition of the specific polymers in the CPC are dis-
cussed in detail in the proceeding sections (Fig. 3).

4  Calcium Phosphate Applications

Over the last ten years, the need for biomedical applications of calcium phosphate 
has increased significantly [45, 46]. The inherent biological properties of CPCs, its 
biodegradability and biocompatibility, and osteoinductive materials and the total 
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absence of toxicity, have seen their increased use in recent years. All CPCs are for-
mulated by mixing a solid and a liquid component [46]. The solid component typi-
cally consists of two or more calcium phosphate salts. The liquids can be water, 
alginates, chitosan (CS), sodium phosphates or other additives. To obtain maximum 
biological use, these components are mixed in predetermined proportions to form 
hydroxyapatite (HA). Modifications to the basic recipe have seen the development 
of different types of CPCs including resorbable and non-resorbable ceramics, bio-
coatings, injectable cement, CPC pastes, and osteoinductive powders [34, 46, 47]. 
Clinically CPCs are being used in the repair of bone defects, bone reconstruction, 
bone regeneration, as drug carriers (antibiotics, chemotherapeutics, growth factors), 
implant coatings, and in 3D printing bone tissue. The bio and material properties of 
CPCs ultimately depend on the end product (Fig. 4) [34].

5  Calcium Phosphate Additives and Setting Time

Resorbability of the CPCs completely depends on the end product and the physico-
chemical reactions that occur during mixing are complex [48]. The basic recipe 
consists of a solid and a liquid phase. The solid phase typically is comprised of a 
basic and an acidic salt. When the salts react together in an aqueous medium (e.g., 
interstitial fluid, simulated body fluid) they precipitate HA as a final product [34, 36, 
46]. During this process, water acts as a dissolving agent and is not a reactant in the 
setting process but allows dissolution of particles and precipitation of the products. 
A relatively low strength, high brittleness, inadequate adaptability in clinics, and a 
potential high rate of dissolution at the initial setting stages are common 

Fig. 3 The design of a bone repair biomaterial requires fabrication of the ‘ideal package’ consist-
ing of biomolecules, cells, and materials. Attention to the many design constraints including the 
chemical, mechanical and physiochemical signals that are essential to cell functionality
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disadvantages of water used as the setting liquid [49].These properties of water limit 
its use in clinical applications and it cannot be used for treating defects that are 
bleeding or see a continuous flow of tissue liquids, like saliva. Furthermore, it can-
not be used where in load-bearing bone sites.

However, the addition of water soluble biocompatible polymers in the CPC, 
either in a liquid or solid form, can increase cohesion, toughness, biological response 
and material resorption [50, 51]. If the cement does not set and disintegrates, it can 
elicit an inflammatory response leading to cell apoptosis at the site of application 
[51]. Cement setting time depends on factors such as solid-liquid composition, 
liquid- to-powder ratio, mixing liquid, and particle size of the powder. Setting condi-
tions also influence the mechanical properties of the cement [48, 49].

5.1  Chitosan

Chitosan (CS) is natural biopolymer comprised of a linear copolymer of N-acetyl 
D-glucosamine and of D-glucosamine and has become a viable candidate for use in 
an osteogenic matri [48]. CS is cytocompatible and biocompatible, degrades easily, 
possesses antimicrobial properties, and can be produced in various forms such as 
membranes, films, fibrous mats and sponges [52]. CS’s physicochemical and bio-
logical properties (adhesiveness, hydrophilicity, and solubility) have made it an 
excellent material for use as a component in drug delivery systems, in a diverse 
array of biomedical applications, and the bioengineering of skin, bone and cartilage 
[52, 53]. CS is also osteogenic and has been used to promote osteoblast growth and 

Fig. 4 (a) CPC application areas, (b) Basic calcium phosphate recipe, (c) Modifications to the 
basic calcium phosphate recipe, (d) Potential forms of CPS with polymer additions. The final bio- 
and material properties of CPCs ultimately depends on its end product
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in vivo bone formation [52, 53]. In many studies, it has played an important role 
modifying CPC setting time [54, 55], in the attachment and differentiation of osteo-
blasts, and in bone tissue formation [56]. CS has been used in the surgical reduction 
of periodontal pockets [56] and as component materials for calcium phosphate com-
pounds in various in vitro and in vivo studies [54–57]. Despite its tremendous prom-
ise in bone tissue engineering application, the poor mechanical properties of CS 
limits its clinical application to repairs of non-weight bearing bone. The addition of 
micro and nanofillers, such as silica, HA, and carbon nanotubes, halloysite, and 
montmorillonite have been used to reinforce CS in CS/CPC scaffolds [45–47].

5.2  Fibrin Glue

The use of natural polymers in CPCs such as collagen, fibrin and gelatin have been 
studied. Fibrin glue is a reaction product of fibrinogen with thrombin and in vivo its 
role is in maintaining vascular hemostasis [58, 59]. Fibrin glue has been shown to 
significantly increase CPC setting times and also increase its compressive strength 
significantly [60]. The effectiveness of fibrin glue alone in bone healing and tissue 
regeneration remains debatable [61]. Kneser et al. reported no bone formation after 
implantation of primary osteoblasts immobilized within fibrin gel-calcium phos-
phate bone cement [62]. In contrast, a 1:1 ratio of CPC/fibrin glue stimulated bone 
regeneration [63] in comparison to controls. Autologous fibrin glue seeded with 
stem cells increased bone formation two months post-operation and mature bone 
was present after three months [64]. Finally, fibrin-gelatin-HA composites also 
showed superior new bone formation, bone remodeling, and increased bone tissue 
volume [65, 66]. See Noori et al. for an excellent review of the potential of fibrin 
glue and bone tissue engineering [67].

5.3  Gelatin

Gelatin is a natural polymer derived from the partial hydrolysis of collagen and 
contains Arg-Gly-Asp (RGD)-like sequences. Gelatin facilitates bone cell adhesion 
and migration [67, 68]. Due to biocompatibility and biodegradability, it has gained 
significant interest in biomedical engineering [67, 68]. Gelatin’s presence of in CPC 
accelerated the setting reaction and improved the mechanical properties of the 
cement [51, 69]. Gelatin added to HA via several methods had resulted in a porous- 
scaffold that has been shown to support bone tissue formation [70, 71]. CS and gela-
tin, in combination, have an enhanced effect on the biological activity of composite 
CPC scaffolds [71–73]. In a comparative study, Oryan et al. showed that gelatin 
alone or a CS-gelatin combination had positive effects on bone regeneration [74]. In 
contrast, CS alone was not able to promote measurable new bone formation [74].
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5.4  Collagen

Collagen is a high molecular weight polymer (Mw = 300 kDa) with a long helical 
shaped structure (length = 300 nm) and it is a major component of all connective 
tissue matrices including bone [75]. Collagen comprises the bulk of the proteins that 
make up the organic matrix of bone [75]. Collagen’s osteoinductive, osteoconduc-
tive and osteogenic properties are a major factor explaining its wide use in bone 
implant technology [76]. Collagen is often combined with other biomaterials for 
various tissue engineering applications [77]. In many of these investigations, colla-
gen was combined with various calcium phosphates to obtain a biomimetic mimic 
for bone regeneration [78, 79]. Several studies have shown that collagen/CPC com-
posites showed superior results in bone defect healing [80–82]. Incorporating col-
lagen into CPC provides more cell recognition sites and speeds its biomaterial’s 
degradation rate, thus allowing fast replacement by new bone [82, 83]. However, the 
application of collagen is limited by its cost and its inherent potential of antigenicity 
and pathogen transmission [84].

5.5  Polyethylene Glycol (PEG)

PEG is a polyether composed of glycerol monomers and it has been added to pre-
mixed CPCs to form more malleable CPCs (as pastes) that can be stored in an unre-
active state for long time periods enabling prior preparation before surgery [85, 86]. 
A key property of premixed CPC/PEG pastes is after immersion in water, they set 
with setting times and material strengths comparable to the commercial-grade CPC 
[86, 87]. Numerous studies have combined PEG with other polymers that provide 
better cell adhesion, cell growth and functionality for bone tissue formation [88]. 
Other investigators have used PEG as a growth factor carrier in guided bone regen-
eration and in bone defect repair [89, 90].

6  Calcium Phosphate Additives: Material and Mechanical 
Properties

6.1  Natural Polymers

For osteointegration, a bone scaffold should simulate the mechanical properties, 
morphology, and composition of native bone tissue [88, 91]. Having the mechanical 
strength within the cancellous bone range and 100–800 μm pores with at least 50% 
porosity and an optimized degradation rate in balance with bone tissue regeneration 
rate are essential for the scaffolds applied in bone tissue engineering [92]. Due to 
the intrinsic porosity, CPC strength is reduced limiting their applicability to 
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non-load-bearing applications [93–95]. The incorporation of inorganic nanofillers 
such as metal additives or polymers during the CPC fabrication imparts higher 
deformation before breaking. Moreover, polymer fiber reinforcement has been 
extensively explored as a strategy to increase composite toughness, CPC strength, 
and additional functionality [95, 96].

6.1.1  Alginate

Alginate, in the form of microbeads, has been added to CPC resulting as a means to 
introduce encapsulated cells and for enhanced biodegradation, mechanical proper-
ties, and setting time. Alginate is widely used as a mechanism for encapsulating 
tissue cells within gelled microcapsules or microbeads [97, 98]. A combined algi-
nate and CPC microbead, capsules or hydrogels, seeded with pre-osteoblasts, osteo-
blasts or stem cells are now considered a viable means for tissue-engineering bone 
[99, 100]. Stem cell-encapsulated alginate beads added to CPCs remain viable and 
undergo normal cellular processes, such as cell mitosis and cell differentiation lead-
ing to histiogensis [101–103]. Alginate-CPC composites with doped (gentamicin, 
BMP-2) halloysite nanotubes added and formed as microbeads [104] and coatings 
[105] and were to enhance bone tissue formation and to provide an antibacterial 
material. The form in which alginate is added does, however, affect setting times, 
compressive strength and injectability. Wang et al. showed that setting times, com-
pressive strength and injectability decreased when alginate powder particles were 
added [98]. In contrast, several alginate-composites including-polymer-based 
(PLGA, PEG, and CS), protein-based (collagen and gelatin), and ceramic-based 
alginate-showed impressive gains in mechanical strength, cell adhesion, prolifera-
tion and osteogenic differentiation [14, 100, 106].

6.1.2  Chitosan

CS has been added to many polymer composites due to its antimicrobial activity, 
biocompatibility, drug loading, and film forming capability, and ability to enhance 
mechanical properties [34, 107, 108]. When CS is introduced as a mixing liquid it 
can affect the kinetics of CPC setting and hardening [36, 108]. An increase in flex-
ural strength of CPC composite was reported by Padois and Rodriguez after 
15–20  wt% CS was incorporated within CPC and with no cytotoxicity reported 
[54]. A considerable increase in ALP activity was also observed when mesenchymal 
stem cells were cultured on a TTCP-DCPA composite [107].

CS and HA composites fabricated in other forms have also been promising as 
bone repair materials. HA- CS bilayers support bone marrow-derived stem cell 
(BMSC) growth and functionality [109]. CS nanofibers stimulated osteoblast prolif-
eration and maturation via runt-related transcription factor 2-mediated regulation of 
the bone specific proteins, osteopontin, osteocalcin, and also increased ALP gene 
expression [110]. The CS nanofiber scaffolds further stimulated trabecular  formation 
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leading to enhanced bone healing [110]. Electrospun CS/HA fiber scaffolds can also 
facilitate the proliferation, differentiation and maturation of osteoblast-like and 
stem cells [111, 112]. CS/fibrin/collagen fiber scaffolds were shown to support 
osteoblast and stem cell growth and functionality [113, 114].

6.2  Synthetic Polymers

Due to their biodegradability, biocompatibility and processability, the most often 
used biodegradable synthetic polymers employed as CPC additives include poly-
acrylic acid, polycaprolactone, polylactic acid, and poly(lactic-co-glycolic acid), 
among others [92–95, 115, 116]. These materials are favored because they are cur-
rently in use in many commonly used medical implant devices and have been shown 
to be safe, non-toxic, and biocompatible [117]. Examples of medical devices that 
use these polymers include sutures, tissue screws and tacks, guided tissue regenera-
tion membranes for dentistry, internal bone fixation devices, microspheres for 
implantable drug delivery systems, and systems for meniscus and cartilage repair 
[118]. Polymer characteristics can be manipulated and custom designed scaffolds 
can be produced for specific applications in bone tissue repair [91–93, 119]. 
However, the mechanical properties of these polyester materials are not ideal, espe-
cially for bone tissue engineering scaffold materials. Also, the hydrophilicity and 
cytocompatibility of such materials are still needed to be optimized.

6.2.1  Polyacrylic Acid

An anionic polyelectrolyte, poly(acrylic acid) (PAA) is a non-biodegradable poly-
mer and is easily polymerized and crosslinked into polymer composites and is a 
component widely used in biomedical applications due to its high swelling capabil-
ity and polyanionic charge that permits the loading of various cationic molecules 
[117, 118]. PAA has excellent calcium binding property, which allows it to bond 
strongly with HA [120] Over the last ten years, many studies have been directed 
towards the study of PAA incorporation into the CPCs [10, 121–123]. PAA addition 
to CPC produces a composite with compressive strengths up to 90 MPa and tensile 
strengths up to 21 MPa, a tenfold increase when compared with commercial cement 
[10, 121]. Although the cements showed high mechanical properties they also had 
poor resorption properties [95, 121].

6.2.2  Polycaprolactone

Poly(o-caprolactone) (PCL) is a semicrystalline linear aliphatic polyester with a 
high degree of crystallinity and hydrophobicity and has been approved as a medical 
polymer by the Food and Drug Administration (FDA) [122]. Poly (ε-caprolactone) 
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(PCL) has been less frequently used because of its slow degradation kinetics [122]. 
However, for a long-term tissue recovery or drug delivery system, PCL is an ideal 
polymer and the degradation properties can be modified by copolymerizing with 
other polyesters [122, 123]. Cellular activities on the scaffolds are highly dependent 
on the stability of the structure of the scaffold as it was found that slower degrada-
tion rates (6 months to 2 years in vivo) provide better physiological and biological 
characteristics in bone tissue scaffolds as compared to polyglycolic acid(PGA), 
polycactic acid (PLA), and PGLA [123]. PCL is durable, possesses excellent bio-
compatibility and biodegradability, and has excellent mechanical properties, includ-
ing anti-bending and tensile strength [122, 123].

Accordingly, with its cost-effectiveness, PCL-based biomaterials are widely 
used in medical and drug delivery devices and offer a promising strategy for design-
ing temporary extracellular matrices for bone tissue engineering [124–126]. 
Composites of PCL and other polymers have evaluated the osteoinductive proper-
ties of the composite scaffold composite by culturing pre-osteoblasts and stem cells 
in vitro and assessing their differentiation into osteoblasts [125–127]. These studies 
have shown that PCL/PLGA [124], PCL/HA [125] or PCL/CPC scaffolds [126, 
127] are suitable materials for bone repair and regeneration. There are three key 
factors that must be considered in using PCL to repair bone defects or regenerate 
bone tissue [10]. The selected material must have a degradation rate that matches 
new bone in-growth and must be able to absorb mechanical loads as it degrades. 
Recently, Bioink Solutions, Inc. has developed several PCL (and PLA) powder- 
based bioinks with controlled biodegradability, and excellent biomechanical and 
biological properties [128]. Finally, PCL-based biomaterials and composites often 
lack bioactivity which limits their application in bone tissue engineering and 
requires further customization or PCL functionalization.

6.2.3  Polylactic Acid (PLA)

Polylactic acid (polylactide, PLA) is a bioactive thermoplastic aliphatic polyester 
and has received significant interest as it is derived from renewable resources, such 
as corn starch polymer and is a “green” product [129]. PLA is biodegradable and 
quickly degrades into lactic acid. PLA is noted for its toughness and durability [122, 
130]. PLA is used in the manufacture of sutures, stents, dialysis equipment, and in 
the form of anchors, screws, plates, pins, rods, and as a mesh [130]. PLA can be 
processed by extrusion in fused depositional modeling and through injection mold-
ing, film and, sheet casting. The electrospinning method enables fabrication of a 
wide range of materials [131]. PLA’s biocompatible properties enables to be in con-
tact with tissues and accordingly, PLA has also found many uses in tissue engineer-
ing where it is used as the artificial scaffold to support growth of cells and 
functionality [131]. In bone repair and the bioengineering of bone tissue, suitable 
biocompatible and biodegradable scaffolds are also required that are not only a 
durable material but also a compliant and porous material that does not require sur-
gical removal after implantation [131, 132].
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PLA scaffolds provide excellent mechanical support and CPC has been mixed 
with PLA in several forms to produce a composite bone scaffold [133–136]. PLA 
composite scaffolds enhanced with calcium sulfate hemihydrate [133], dicalcium 
phosphate [134, 137], HA [135] or TCP [136] can increase degradation time and 
improve the mechanical properties of the scaffolds. Several cell types (pre- 
osteoblasts and stem cells) were able to proliferate and differentiate into mature 
osteoblasts and produce mineralized tissue [133–137]. PLA composite bone scaf-
folds have been reinforced with many additives including ECM proteins and pep-
tides [138] and growth factors [122, 131, 135]. The critical constraint in the design 
of PLA (or any polymer) combined scaffolds is to realize the advantageous proper-
ties from the combination while minimizing the respective disadvantages of each 
material [122, 130–132]. Lou et  al. for example, showed that increases in CPC 
compressive strength were dependent on PLA fiber length [134, 137].

Modifications to its material properties can lead to changes in the rates of hydra-
tion (swelling) and hydrolysis (degradation), making the material suitable for spe-
cific applications. Like PGA, PLA is combined with other polymers to modify its 
degradation rates and improve their mechanical characteristics and osteoconductiv-
ity [122, 132].

6.2.4  Poly(lactic-co-glycolic) Acid

Poly(lactic-co-glycolic) (PLGA) has become one of the most popular polymers for 
use in the fabrication of drug delivery systems, medical devices and in tissue engi-
neering applications. PLGA has many desirable properties. These include: biocom-
patibility; tunable biodegradation rate; ability to encapsulate bioactive factors and 
drugs; and it is FDA approved for clinical use in humans [138, 139]. PLGA, in 
particular, has been extensively studied for the development of controlled delivery 
of small molecule drugs, proteins and other macromolecules. PLGA has been 
widely used as a solid phase CPC additive as a means to deliver growth factors and 
antibiotics in a sustained fashion [138–142]. PLGA, various forms, are able to mod-
ulate cell behavior and create a microenvironment for improved bone tissue forma-
tion and bone tissue function [139–141]. CPCs that contain degradable PLGA 
microparticles have shown good biological properties [140, 141]; however, their 
incorporation was found to decrease the mechanical properties of the cement which 
may, in part, be due to poor bonding and insufficient dispersion and blending 
between the PLGA microparticles and CPC. Another issue with PLGA is that native 
PLGA has poor osteoconductivity properties and shows deficient mechanical prop-
erties restricting its use to non-load-bearing applications. Accordingly, PLGA is 
often complexed with other polymers, bioactive glass, or clay nanoparticles to 
enhance its bone regeneration potential [138].
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6.3  Carbon Nanotubes, Clay Nanoparticles and Graphene

Nanoparticle composites derived from carbon nanotubes, clay nanoparticles and 
graphene are under intense investigation due to their intrinsic structural characteris-
tics and potential functional applications, including commercial, environmental, 
industrial and biomedical uses [143]. Current research efforts are focused on using 
these materials to enhance mechanical properties, provide sustained drug-release, 
and support cellular behavior leading to tissue development, growth and repair [143, 
144].

6.3.1  Carbon Nanotubes

The potential applications of carbon nanotubes (CNTs) in bone tissue engineering 
have been recently investigates in terms of toxicity and biological interactions but 
also how the different properties and features of CNTs (or CNT-CPC, CNT-HA and 
CNT-CPC-polymer) composites may affect bone tissue growth [145]. When CNTs, 
with BMP-2, were cultured in association with pre-osteoblasts or added as a bone 
defect filler, major improvements in toughness, flexural and impact strength were 
observed [142, 146]. Other investigators have also reported that CNTs alone or in 
polymer composites promoted bone regeneration, in vitro and in vivo, suggesting 
their strong potential as a scaffolding material in bone tissue regeneration and in 
other orthopedic applications [147, 148].

6.3.2  Clay Nanoparticles

The utility of clay for drug-delivery and scaffold design have seen many studies on 
halloysite nanotubes, Laponite and montmorillonite (MT) have been used in devel-
oped a variety of nanocomposites containing clay nanoparticles has attracted great 
research interest [149, 150]. Many of these research studies have focused on clay 
interactions with biomolecules, polymers, and cells and their potential for tissue 
engineering and regenerative medicine [148].

6.3.3  Halloysite Nanotubes

Halloysite nanotubes (HNTs) are a naturally occurring aluminosilicate clay with an 
external diameter of 50 nm, an inner lumen of 15 nm, and a length of 500–2000 nm 
[150]. HNTs are abundant and inexpensive (~$15/cubic ton) and have attracted sig-
nificant interested since 2012 [151]. HNTs have been widely used in biomedical, 
cosmetic, environmental, and industrial applications [148]. These include drug 
delivery [152], wood and metal coatings [153], medical devices [154], tissue engi-
neering [155], and wound healing [156]. This is due to their excellent cyto- and 
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biocompatibility, ease at functionalization, and ability to load and release a variety 
of bioactive agents [148–150]. CPC and HNT composites for bone tissue engineer-
ing and orthopedic applications have shown that HNTs are osteoinductive [157], 
and facilitate bone tissue formation in alginate/HNT [105, 158], CPC/HNT [156, 
159] and alginate/CS/HNT composites (Fig. 5) [104]. It is anticipated that use of 
HNTs in bone repair and regeneration will continue at a rapid pace.

6.3.4  Laponite

Laponite is an isomorphous substituted smectite clay which manufactured as a lay-
ered aluminosilicate disk-like clay material from naturally occurring mineral 
sources [160]. Laponite is currently used in household and industrial surface coat-
ings, household and industrial cleansers, ceramic glazes, agrochemical, oilfield and 
horticultural products [160]. Given is conformation, it is currently being widely 
exploited as a drug carrier [161]. In CPCs, Laponite is used as a partial or complete 
replacement for commonly used organic polymers as it increases mechanical prop-
erties and enhances bone regeneration [162–164]. Laponite composites show much 

Fig. 5 Halloysite nanotubes. (a) Graphic of HNT structure; (b) TEM of HNTs; (c) SEM of CPC/
HNTs; (d) Higher power view of area contained in red circle in (c) showing HNTs. Micrographs 
courtesy of Dr. Uday Jammalamadaka
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potential in in vitro studies to support osteoblast differentiation and matrix mineral-
ization [163–165]. More importantly, in vivo cranial defect experiments support 
these findings as the addition of Laponite promoted bone defect healing [164, 165]. 
In summary, these findings indicate that a composite scaffold with laponite incorpo-
ration is a promising material for bone tissue engineering.

6.3.5  Montmorillonite (MT)

Montmorillonite (MT) is a three-layered clay nanoparticle derived from the smec-
tite group of minerals [166]. It is structured as two silica tetrahedral layers sand-
wiched between a central octahedral sheet of aluminum hydroxide [166]. MT 
possesses many of advantages for use in bone repair or regeneration [166, 167]. MT 
offers a high surface area, a charge differential structure, is biocompatible, has a 
high adsorption and drug loading capacity. When MT was added to CPCs in the 
liquid component major increases in compressive and tensile strength of the bone 
cement were observed similar to HNTs and laponite [167, 168]. Many bone tissue 
engineering studies have added MT to CS, CPC, gelatin, HA, PLA, PCL, etc. [169–
172] In these studies, the addition of MT improved mechanical and in vitro biologi-
cal properties supporting osteoblast growth and functionality and suggesting that 
MT has a use in non-load bearing bone tissue engineering applications.

6.3.6  Graphene

Since its discovery in 2004, graphene has been intensively studies by researchers 
across disciplines primarily due to its extraordinary strength, high surface-to-mass 
ratio, superconducting properties and potential in biomedicine [173]. In the latter 
field, graphene has been applied to a diverse set of applications including biosen-
sors, biomedical implants, tissue engineering, cancer therapy, and drug delivery 
[174]. These studies examined graphene, CPC or HA composites, suggesting that 
graphene has promise in enhancing bone tissue growth [175, 176]. Graphene did not 
provoke significant cytotoxicity and this is dependent on its mode of manufacture 
[175]. Graphene and its derivatives, in either 2D or 3D forms and as coatings, 
nanoparticles, or sheets, promote osteoblast and stem cell adhesion [177], stimulate 
osteogenic differentiation [178], and induce osteogenesis leading to bone formation 
[179].
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6.4  Natural Fibrous Material

6.4.1  Cellulose

Bioabsorbable cellulose is derived from several sources including cotton, hemp, 
linen and wood [180]. Bacterial-derived cellulose obtained from the bacterium, 
Acetobacter xylinum, is a newer sources and in comparison to plant cellulose is 
identical in chemical structure, but it can be produced without intensive purification 
[92]. Cellulose has been intensively studies for use in many biomedical applications 
[92, 180]. It is not cytotoxic, possess high swelling capabilities, stable at various 
temperature and pH variations [92, 180]. Cellulose has been proven bioabsorbable 
carriers for delivering CPCs for bone defect repair [181–184]. The addition of cel-
lulose to either HA or CPC increased porosity, enhanced mechanical properties and 
cell supportive properties. Cellulose fibers [181], cellulose hydrogels [182], sponges 
[183] and composite blends (e.g., collagen, PLGA) [184], have all been shown to 
promote bone regeneration.

6.4.2  Collagen

Collagen added to CPC/HA adds both bioactive properties (cell adhesion, enhanced 
bioactivity) but also improvements in mechanical properties. HA/collagen cement 
improved setting time and mechanical properties and produced a form that was both 
moldable and injectable, and able to enhance bone regeneration in moderate stress- 
bearing applications [185]. Miyamoto et al. showed that collagen addition to CPS 
produced a composite with higher biocompatibility and improved mechanical prop-
erties [186]. Similarly, Kikuchi et al. [186] and Kikuchi [187]demonstrated that a 
HA/collagen composite produced a tissue with a bone-like nanostructure similar to 
autogenous bone [187]. In sum, collagen may be a desirable biomaterial when 
added to CPC or HA.

7  Calcium Phosphate: Injectability

For many preformed bioceramic scaffolds to completely fill a bone defect, the sur-
geon needs to machine the graft or shape the surgical site [188]. The results often 
leads to increases in bone loss, trauma, additional surgical time, and patient costs 
and discomfort [188, 189]. Preformed scaffolds have major disadvantages including 
seeding cells throughout the scaffold, post-surgical functionality, application in 
minimally-invasive surgeries, and lack of tunability [189]. Injectable scaffolds for 
cell or growth delivery have many advantages [189, 190]. Injectable CPCs can 
shorten the required surgical time, minimize damage during muscle retraction, 
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reduce postoperative pain and patient costs, and advance rapid recovery for patients 
[191].

Extensive research is currently underway to develop injectable formulations to 
overcome these obstacles, have widespread applicability including in minimally 
invasive application, and provide for local strategies in delivering growth or other 
bioactive factors prolonged and targeted local delivery [190]. Hydrogels are often 
used in developing injectable bone scaffolds as they mimic the ECM facilitating the 
cell migration, adhesion, proliferation, and differentiation of osteoprogenitor cells 
to osteoblasts, can be embedded with growth factors, and create a microenviron-
ment suitable for delivering nutrients and eliminating wastes.

Several injectable hydrogel and polymer CPC carriers have been developed for 
cell and growth factor delivery [24, 192–195]. Biomaterial choice and fabrication 
method are the key determinants in developing injectable hydrogels for bone repair. 
A review of the literature shows that numerous biomaterials (natural and synthetic) 
and fabrication methods including cross-linked (UV or chemical, click chemistry, 
Michael addition, pH and temperature-responsive hydrogels) have been studied as 
potential hydrogels including alginate, CS, collagen and gelatin, hyaluronic acid, 
PEG, and poly(vinyl alcohol). See Li et al. [192] for an excellent review of inject-
able hydrogels.

A critical consideration on bioengineering bone is that the bone substitute must 
be able to withstand stresses, maintain the shape of the regenerated tissues, and to 
fracture [196]. A major constraint in the use of injectable CPCs, particularly 
hydrogel- based scaffolds, is they do not possess the mechanical strength to be used 
in load-bearing applications [191, 196]. To date, a fully injectable, bioactive, and 
mechanically appropriate scaffold for osteoblast or stem cell encapsulation and 
bone engineering has yet to be developed. The current state of the art is directed 
toward developing novel and fully injectable and mechanically-strong gels or pastes 
that support stem cell migration to the defect site, cell growth and differentiation 
with production of viable bone tissue (Fig. 6). For example, Yasmeen et al. used CS 
gels, containing CS grafted CNTs and CS–HA composites, cross-linked with glyc-
erol phosphate, to enhance the gels mechanical properties [197].

8  Calcium Phosphate: Biological Response

8.1  CPC/Growth Factor/Polymer Composites for Cell Growth 
and Functionality

There have been numerous attempts to develop bone substitute materials with osteo-
inductive stimulation for biomedical applications [14, 15, 20, 23, 29, 49, 92]. Low 
cell attachment and proliferation rates are usually observed when cells are cultured 
on CPCs in vitro and a common strategy is to incorporate polymers with either spe-
cific binding cell domain, a key component of their structure such as the RGD 
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sequence, that is a component of their structure (i.e., collagen or gelatin) or has been 
added in some manner (ligand binding) [14, 29, 122]. Growth factors such as bone 
morphogenetic proteins (BMPs), connective tissue growth factor (CTGF), fibro-
blast growth factor (FGF), pleiotropin (PTN), platelet-derived growth factor, 
(PDGF), transforming growth factor-beta (TGF-B), have been used singly or in 
concert, and often embedded within a scaffold or cell-seeded scaffold (Fig. 7) [198].

Articular cartilage
Cancellous bone Compact bone

Epiphyseal plate
Marrow cavity

Periosteum

Articular cartilage
Cancellous bone Compact bone

Epiphyseal plate
Marrow cavity

Periosteum

Fig. 6 Graphic depicting role of injectable CPCs in fracture repair. (a) Femur with a mid- 
diaphyseal fracture. (b) Reparative scheme using polymer composites with embedded growth fac-
tors, (c) Growth factor release recruits osteoprogenitor cells, induces osteoblast differentiation, and 
promotes bone tissue formation, (d) Femur with fracture completely healed

Fig. 7 Combinatorial design that complexes a growth factor and osteoprogenitor cells. (a) 
Fractured fibula, (b) BMP-2, (c) osteoprogenitor cells, (d) growth factors and cells are seeded into 
scaffolds, (e) BMP-2 release leads to osteoblast differentiation, (f) osteoblast synthesize an osteoid 
matrix and later mineralize this matrix, (g) fracture defect repaired
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Growth factors have been packaged in bone scaffolds using various strategies for 
directing cellular behavior including chemotactic, differentiation, proliferation and 
synthetic agents during bone remodeling and fracture healing [198–200]. The BMPs 
have proved successful in bone regeneration in several clinical trials and are FDA 
approved [201]. A key design feature in such systems is to deliver growth factors to 
the proper target and in the right concentrations so as to avoid unwanted side effects 
[200–202]. Most design strategies that combine biomaterials and growth factors 
have focused on growth factor delivery (design of concentration, gradient, and 
release pattern and rate) and delivery vehicles [203]. The more effective designs 
have growth factors embedded with BMSCs for bone tissue formation combined 
with antibacterials (Fig. 8). In this manner, bone infections, a common occurrence 
resulting from traumatic inquires and contamination of the wound site as well as 
after surgical intervention or device implantation. A review of the field suggests that 
for effective bone formation, multiple growth factors must be delivered in a con-
trolled and precise spatiotemporal manner for proper vascularization, chemotaxis, 
proliferation, and differentiation [203, 204].

8.2  CPC/polymer Composites for Cell Encapsulation

Cell encapsulation within biodegradable hydrogels offers numerous advantages in 
bioengineering a variety of tissues [203]. These include ease in fabrication, ability 
to manipulate inherent polymer properties, a highly hydrated microenvironment for 
cell growth and tissue formation, and the ability to transition development from an 
in vitro to a permanent in vivo situation [203, 204]. in addition, with appropriate 

Fig. 8 Anti-infective and histogenic bone scaffold: mode of action. (a and b) Fractured and 
infected fibula (1). Bioactive and antibacterial doped scaffolds implanted into infected bone defect, 
(2) Release of gentamicin and BMP-2 from scaffold leads to: (3) Growth inhibition and reduction 
in infection, and (4) Osteoprogenitor recruitment leads to osteoblast differentiation and bone tissue 
formation
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polymer selection of polymers stealth cellular vehicles can be produced and thus, 
cell masking could make them immunologically invisible, a desirable property in 
the case of allogenic transplants [205]. A number of polymers have been used to 
encapsulate osteoblasts and BMSCs including alginate, CS, collagen, hyaluronic 
acid, and PEG-based hydrogels among others. The polymer protects the embedded 
cells and enables functionalization of the hydrogel and the inclusion of growth fac-
tors [206–210].

Alginate/CPC composites, alginate hydrogel beads and tubular hydrogels beads 
were used to pre-osteoblasts, osteoblast or BMSCs cells encapsulated in alginate 
beads. All cells were viable and pre-osteoblasts and stem cells differentiated and 
osteoblast functionality was enhanced [105, 207, 208]. CS composites have also 
been used as encapsulating agents and been shown to be osteosupportive [209]. 
Alginate/ CS CPC and alginate/ CS/TCP mixed with HNTs were also able to stimu-
late osteoblast differentiation and serve as an injectable vehicle or as a CPC coating 
(Fig.  9). Cell encapsulation systems (with or without growth factors) have been 
developed using collagen [209], hyaluronic acid [210], and PEG-based hydrogels 
[211].

Fig. 9 (a) TEM micrograph of HNTs, (b) HNTs embedded in alginate, (c) Alginate doped with 
.5% HNT, (d) Alginate doped with 2.5% HNTs, (e) Pre-osteoblast-seeded alginate hydrogels with-
out HNTs or BMP-2 after 7 days in culture, (f) Alginate hydrogels with osteoblasts and HNTs but 
without BMP-2 after 7 days in culture. (g) Experimental BMP-2 doped HNT/alginate hydrogel 
showing osteoblast clusters after 7  days in culture. Part labels (e–g) stained with Alcian blue. 
Micrographs courtesy of Dr. Sonali Karnik
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8.3  Bioactive Glass and Silica Materials

8.3.1  Bioactive Glass

Several types of ceramic implants have been investigated such as bioactive glasses, 
glass-ceramics and silica materials [212, 213]. This field has become an important 
and emerging area of inquiry for bone tissue engineering applications [214]. Glass 
does not seem at first a viable material as it is brittle and friable, however, new fab-
rication methods have led to new formulations of bioactive glasses. Bioactive glass 
are glass/ceramic biomaterials which are bioactive and biocompatible and encom-
pass the original formulation, “bioglass” and newer designs [215]. Bioglass, borate- 
based glasses, and bioactive glass doped with small additions of Cu, Zn and Sr are 
being intensively investigated as implantable materials for bone repair and replace-
ment [214, 215].

The newer bioactive glasses, such as the borate-based bioglass, also have con-
trollable degradation rates when compared to silicate glass, meaning their degrada-
tion rates can be matched with the rate of new bone formation [215]. Bioactive 
glasses is often doped with trace quantities of elements which can enhance new 
bone formation and vascularization, can be tailored to a broad range of range of 
mechanical properties making them suitable for both non-loaded and loaded skele-
tal sites [214, 215]. A recent study, has shown the potential for bioactive glass/silk 
fiber composite for tissue-engineered osteochondral constructs [216].

8.3.2  Silica Materials

Silicon (Si) is an important mineral in maintaining bone health and is essential for 
bone formation [217, 218]. It also has shown significant promise for bone formation 
when incorporated into calcium phosphate bioceramics [219]. As established, native 
CPCs are considered osteoconductive because they provide a template for bone tis-
sue deposition and replacement for resorption and replacement through orchestrated 
interactions between osteoclasts (for resorption) and osteoblasts (new bone deposi-
tion). Inclusion of Si in CPCs adds additional functionalities and may aid in boost-
ing bone formation [220]. The presence of Si in CPC and HA has been shown in 
several in vitro studies to stimulate osteogenic differentiation, increased osteoblast 
viability and bone mineral deposition [220–222]. Supporting this observation, sev-
eral in vivo studies have also shown a more pronounced bone growth inside Si 
substituted HA leading to faster bone remodeling [223, 224]. When Si/CPC com-
posites were deposited into bone defects in an animal model significantly greater 
amounts of new bone were observed as compared to CPC controls [225, 226].

It should be noted that the proposed roles of silicate in these materials has not 
been fully understood and remain in contention [225]. Several investigators have 
suggested that Si’s more electronegative surface enhances Si bone formation, stimu-
lates osteoblast differentiation and proliferation. Regardless of the mechanism of 
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action, there is an increasing confirmation that silicon can plays major role in the 
treatment of bone defects [225].

8.4  Metal Nanoparticles

It is well known that metallic ions such as strontium, calcium, magnesium (Mg), 
and zinc (Zn) are necessary for bone growth and development [226]. These ele-
ments are major players during bone tissue development as they play a role in osteo-
blast activation and also in the inhibition of osteoblast-mediated bone degradation 
[226]. Numerous studies have demonstrated that the addition of metallic nanopar-
ticles such as iron [227], magnesium [228], and titanium dioxide [229], into various 
scaffolds increase mechanical strength, promote cellular adhesion, and osteoblast 
functionality. These studies also showed potent increases in collagen synthesis, 
ALP and mineral deposition by osteoblasts, with gains in material properties, lead-
ing to enhanced tensile strength. One of the explanation for such a robust response 
is that nanotopographical cues that are critical for proper osteogenesis are facilitated 
by metal nanoparticle inclusion. Nanoscale surface features are known to critical for 
osteoblast adhesion and subsequent functionality [227]. A short review of the metal 
nanoparticles being explored as CPC additives is discussed below.

8.4.1  Copper and Zinc

Metallic nanoparticles of copper (Cu) and zinc (Zn) have been incorporated in scaf-
folds containing HA and showed increased antibacterial activity and no cytotoxicity 
to osteoprogenitor cells [230, 231]. When Cu was added to bioactive glass, CPC or 
HA, Cu-containing composites boosted new blood vessel formation and bone repair 
by providing the right conditions for new cell growth and tissue formation while 
suppressing bacterial infections [231, 232]. The constraints in using Cu directly or 
in Cu composite nanoparticles is that a layer of copper oxide forms that diminishes 
the Cu’s antimicrobial activity [232].

8.4.2  Magnesium

Magnesium is one of the essential minerals for bone formation and studies support 
the concept that magnesium deficiencies lead to an increase in bone resorption coor-
dinate with a decrease in bone formation [233]. Mg has been shown to influence 
adsorption of proteins known to promote the osteoblast function. Several studies 
have linked cellular cell proliferation, osteoid formation and mineralization and 
bone remodeling to the influence of Mg [234–236]. While current studies have 
described a relationship between Mg and Mg composites and bone formation, there 
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remains no clear understanding regarding the effects of different concentrations of 
Mg ions on bone cells.

8.4.3  Zirconia

Finally, zirconia is being studied for inclusion in bone repair and replacement appli-
cations [237]. It has a number of properties that make it a beneficial material in bone 
composite materials. It is bioactive, biocompatible and mechanical strength. Its 
inherent properties can be substantially improved through surface modification or 
being combined with ceramics and bioactive glass [237, 238]. It is currently under 
active investigation as an implantable bioceramic, as a metallic implant coating, 
porous bone scaffold and, as a radiopacifier in bone cements [237]. Zirconia/TCP 
scaffolds were shown to significantly increase the compressive strength of compos-
ites without producing a cytotoxic effect [239]. Furthermore, CPC/HA/zirconia 
composites led to osteogenesis and induced bone tissue in the treatment of bony 
defects [240].

9  Future Studies

Bone diseases and bone injuries from trauma are a very common and increasing 
clinical problem. Whether occurring from bone cancer, developmental disorders, 
injury, osteomyelitis, or osteoporosis the most common occurrence is bone fracture 
[241]. Autogenic bone grafts are the most commonly used bone repair method. It 
does have a major disadvantage in that the quantity of extractable bone from this 
method is limited [242]. The alternative, allografts, also has a major disadvantage as 
they retain the potential as a further source of infection [242–244]. Because of the 
limitations of these methods and the increasing prevalence of bone injuries, there is 
a need to find better alternatives for bone repair [245].

Bone repair is a complex process, involving a cascade of cell-molecular interac-
tions leading to osteoblast recruitment, stem cell differentiation and the production 
of mineralized matrix; subsequent remodeling events will produce the final bone 
tissue form [205]. CPC and HA have had a long history as biomaterial of choice for 
bone repair due to their biocompatibility, biodegradability and their high biocon-
ductivity. CPCs are prone to fracture and this issue can be corrected through the 
addition of collagen, clay nanoparticles, fibers or polymer meshes [137]. Many 
approaches to developing CPC-based treatments are searching for new additives 
that can improve setting properties, injectability, material properties or in the case 
on many nanoparticles add new functionalities.

In this review chapter, the current therapy for bone regeneration was highlighted 
and promising approaches such as biodegradable and injectable hydrogels, growth 
factor-controlled delivery systems, BMSC cell-based therapy, nanomaterials, clay 
and metal nanoparticle polymer scaffolds that look promising for bone healing were 
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explored. The advantages of these potential future clinical treatments foreshadow 
new treatment modalities that will see major improvement in patient care including 
reduced treatment times, decreased costs, acceleration in the bone-healing process 
and with the advent of 3D printing of medical devices and bioprinting patient- 
specific care. Further research is needed in several aspects in the field of bone regen-
eration and repair so that what is now considered novel becomes routine in the 
treatment of bone injuries. These include obtaining a detailed understanding of cell- 
material interactions, their influence in directing the course of bone tissue forma-
tion, finding the ‘ideal’ biomaterial or biomaterials, optimization of protein, and 
potentially, gene-based strategies, and further clinical studies that provide the test-
ing and validation for these proposes treatment.
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1  Introduction

A screw is a type of simple machine, which is a device that has the ability to trans-
form the magnitude and/or direction of an applied force, resulting in a changed 
output force vector. There are generally considered to be six simple machine types: 
inclined plane, lever, pulley, screw, wedge, and wheel and axel. They all have the 
advantage of amplifying an applied force while reducing the overall distance that 
the output force (or load) can act upon an object. The product of these two values 
(applied force and distance) is equivalent to the amount of work that is done (with 
units being energy). Simple machines can also be used in “reverse” resulting in an 
increase in distance over which an output force can act, accompanied by a propor-
tional reduction in the magnitude of the output force. The efficiency of a simple 
machine is calculated by the ratio of the output work to the input work. Maximal 
efficiency would have a value of 1, though in reality this never occurs as there are 
always some resistive forces, such as friction, that need to be overcome resulting in 
loses in energy between the input and output, and thus a drop in efficiency.
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Screws are typically characterized by a helical (or spiral) ridge which is wrapped 
around a central rod that is commonly cylindrical, although sometimes conical, in 
shape. This ridge is referred to as the thread of the screw and can be described by its 
cross-sectional shape, the axial distance between successive threads (the pitch), and 
the number of individual helices that wrap around the screw (the number of starts). 
The thread engages with a corresponding thread that is formed in the substrate 
material by a process called tapping. Screws can either be self-tapping, creating the 
required matching threads during the placement of the screw, or the threads can be 
tapped by the use of a separate tool with a matching thread pattern. As the screw is 
rotated around its long axis, the thread of the screw follows the groove pattern that 
has been formed in the material, like a track, and results in the screw being driven 
in the direction of the long axis of the screw. In effect, the thread transforms the 
applied rotational force, or torque, to a linear force that acts to further imbed or 
extract the screw. The distance the load moves with respect to the screw and to what 
degree the applied torque is amplified can be determined from the pitch and number 
of starts. Specifically, a reduction of the pitch or a reduction in the number of threads 
has the effect of increasing how much the applied torque is amplified. This is calcu-
lated by the following relationship: 2 ∗

∗









π

pitch Number of Starts  

.

As discussed above, there will always be a loss of energy between the input and 
output of the screw, as a result of needing to overcome the resistive forces which are 
generated due to interactions between the screw and the substrate. Usually this 
resistance to motion is the result of friction, which is caused by the interaction of the 
features present on the surfaces of the two objects that are in contact [1, 2]. If fric-
tion is the only force resisting the motion between the two objects, then a displace-
ment of one surface with respect to the other, which leaves the two in contact, would 
not result in a change in the frictional force [3]. Numerically the interaction between 
the surfaces is described by the coefficient of friction, which relates the frictional 
force to the compressive force at the interface of the sliding objects. If the force of 
friction is high enough to reduce the efficiency of a screw to <0.5 then it is consid-
ered self-locking and the screw will only rotate if a torque, which is not the result of 
axial loading, is applied. Geometrically this is the case if the coefficient of friction 
divided by the tangent of the screw thread angle is larger than 1, as it indicates that 
the resistive frictional force will always be greater than the rotational torque which 
is generated from an applied axial load. Fig. 1 depicts how this is the case given the 
same axial load is applied to two screws with differing pitches. The self-locking 
property ultimately shifts the mode of failure from being one of slippage, as is the 
case with nails, to one of material failure, as either the screw or the substrate would 
have to break or deform for the two entities to come apart as a result of an axial load. 
This difference is most clearly demonstrated when using the claw of a hammer to 
remove a nail which, if not bent, will be removed from the wood without causing 
further deformation or tear out damage in the substrate. A screw on the other hand 
could not be removed in such a fashion.
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2  History

The first known use of a screw was not as a fastener, but was as a method of raising 
water from lower elevations. This type of screw is commonly known as an 
Archimedes’ screw after the Greek mathematician, who is generally considered to 
be the inventor, in the third century BCE.  However, there is evidence that such 
screws were used by the Assyrians some 350 years earlier to water the Hanging 
Gardens of Babylon. Interestingly, the gardens may not have actually been in 
Babylon but in Nineveh (Old Babylon), which is located in the outskirts of Mosul 
in modern day Iraq [4]. Later on in the first century BCE screws would be used to 
press olives and grapes in the production of olive oil and wine. Around this time 
screws were also being used in the design of medical equipment, such as the open-
ing mechanism for gynaecological specula, as found in archeological sites in 
Pompeii [5, 6]. The screws used in devices like these, and as fasteners for jewelry 
would all have had to be handmade, making them less common than other simple 
machines like wedges and pins which could also be used for similar tasks and were 
simpler to produce. The sixteenth century saw efforts to simplify screw production. 
Screw cutting lathes were designed by Leonardo Da Vinci (c. 1500) and Jacques 
Besson (in 1586) who were both court engineers for the King of France. However, 
there is no evidence that either machine was actually built [7]. It wasn’t until the mid 

Fig. 1 Two screws with threads of differing pitch, one smaller and self-locking (a) and one larger 
and not self-locking (b) have the same load applied axially (FA). In both cases, a portion of FA, 
which is dependent on the angle of the screw, is applied directly to the material which is in contact 
with the thread (FB). As the angle of the thread increases less of FA is transferred to the substrate 
material and a greater proportion goes towards rotating the screw (FR). The only force that resists 
this rotation, in the case of a non-adherent surface is friction (FF), which is proportional to FB. The 
screw with the smaller pitch (A) has a larger FB which results in an FF that is greater than FR pre-
venting rotation. With a larger pitch, a smaller proportion of FA goes towards FB and a larger pro-
portion goes towards FR. The FF is then smaller than FR meaning that rotation can happen. Since 
FB, FR, and FF are all a function of FA and the pitch of the screw, increasing FA will never make a 
self-locking screw rotate
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eighteenth century that innovations would lead to the mass production of screws. 
The first fully automated screw cutting lathes were created by Job and William 
Wyatt in England (1760) whose machines allowed for the production of 1 screw in 
<10 s as opposed to minutes as was the case previously, when they all had to be 
made by hand. This mechanization of the manufacturing of screws meant that the 
prices dropped to less than two pennies for a dozen in the early 1800s [8], or approx-
imately 1 USD in today’s currency according to the composite price index pub-
lished by the UK Office for National Statistics.

At the time, the most commonly available structural metals were wrought iron 
and cast iron. Cast iron has a high carbon content (approx. 3–4%) and as a result is 
very hard and brittle, preventing it from being forged. Wrought iron on the other 
hand has a lower carbon content (<1%) and, as a result, is softer and much less 
brittle allowing blacksmiths to shape and forge it by hand. Thus, from the renais-
sance onwards the majority of the screws were made from wrought iron. It is likely 
that screws similar to this would have been the first screws to be placed in bone, in 
the 1850s, by Cucel and Riguad to fix an olecranon fracture [9]. Later, in 1886, Carl 
Hansmann introduced plate fixation as a method of fixing bone fractures, which 
itself was inspired by the work of Bernard Langenbeck. For this, Hansmann used 
nickel-plated steel screws and plates, presumably to prevent corrosion of the metal 
while in vivo [10], although corrosion still occurred [11]. In 1912, W.O. Sherman 
described the benefits of using screws that were more appropriate to metal work in 
comparison to those being used in wood. Wood screws are designed to have a sharp 
thread which cuts into the fibrous structure of the wood so that the screw can be 
anchored. When used in bone, such sharp metal threads would often strip the bone 
threads resulting in loss of anchorage. It was also suggested that implants were 
“blued” (growing the oxide layer of a metal such that it appears blue due to thin-film 
interference) in an attempt to make the surface interfacing with the biology less 
reactive [12]. The biocompatibility of these early metals was quite poor, as a result 
of continued susceptibility to corrosion, metallosis, and the potential for adverse 
reactions [13, 14]. With time came the introduction of new metals such as stainless 
steel in 1926 [15] and vitallium, a cobalt-chromium alloy, in 1938 [16]. Titanium 
was first identified as a potential implant material in 1940 [17], although it would 
not be until the 1950’s that titanium screws were first tested in vivo [18].

With the creation of novel biomaterials as well as novel methods of modifying 
the surface of implants, it is important to evaluate the effectiveness of screw 
implants, and measure how well they anchor in bone. The evaluation of screws in 
engineering applications is typically done via some form of pullout test, where the 
embedded screw is loaded to failure. However, in typical structural engineering 
applications, the substrate in which a screw embedded is stable and the mechanical 
properties of which do not change drastically as long as the construct is properly 
maintained. As such, the mechanical linkage which is formed between the screw 
and substrate should also be stable and not change significantly. In contrast, screws 
placed in bone are being put into a living tissue which can remodel. By altering the 
biological environment it is possible to modify the steady state, or homeostasis, of 
the bony tissue with either positive or negative consequences. This variability means 
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that a screw which appeared stable upon initial placement can become loose over 
time. As such it is important to evaluate both the overall strength, and the interfacial 
strength, of the bone-screw construct at both short and long time points. If used as a 
method to fasten a plate to bone for fixation of a bone fracture, screws are often 
loaded either radially, or by an axial load pulling the screw out of the bone. In con-
trast, the screws that are used as dental implants to support crowns, bridges, and 
dentures must be able to withstand occlusal loading and bending forces. Focusing 
on tests that target the axial and radial anchorage of the implant allows for the 
design of the screw, such as thread shape, to be specialized for an intended purpose, 
insuring proper primary (initial) stability. In addition, the response of the bone to the 
implant should also be investigated as it may not be immediately noticeable in a 
pullout test. In this case, it would be useful to also record the interfacial strength, as 
measured by a test which avoids the effects of the mechanical interlocking between 
the screw thread and bone. By specifically targeting the interfacial bone strength 
and how it changes with time, one can attain an indication of the biocompatibility 
of the implant and whether it is likely to have a positive or negative effect on the 
bone supporting the implant. Of the available testing methods for screws, pullout 
tests and stripping torque tests measure the shear strength of the bulk bony material; 
whereas reverse torque tests measure the bone implant interfacial strength. Diagrams 
of these tests can be seen in Fig. 2, with explanations of how they compare to sim-
pler shear and tensile tests.

Fig. 2 The diagram outlines the different testing methods, with the direction of the measured 
force for each testing method being shown with a black arrow. Of these five testing methods, only 
the tensile testing method, also known as a pulloff test, results in a test of the tensile strength of the 
bone-implant construct, and will typically have the smallest measured disruption forces. The four 
other testing methods all test the shear strength of anchorage. Shear tests result in greater measured 
anchorage due to a greater amount of mechanical interlock that can occur which can resist the 
shear forces applied. Both the reverse torque test and stripping torque test require the measurement 
of the force required to rotate the implant with the direction of the screw movement being shown 
with a red arrow. The reverse torque measures the strength of anchorage between the implant and 
bone and results in minimal disruption of the surrounding bone. The stripping torque measures the 
strength of the bone which resides between the threads of the screw, and requires a plate between 
the head of the screw and the bone to prevent sinking of the screw into the bone. This test is similar 
to the pullout test, which would also test the strength of the bone between the threads of a screw 
type implant. Both the pullout test of a screw and the stripping torque test of a screw would cause 
significant damage to the bone resulting in a shearing of the bone between the screw threads
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3  A Brief Review of Common Orthopedic Materials

The majority of modern metallic implants, including screws, that are used surgically 
today are made from stainless steel, cobalt chromium alloys, titanium, and titanium 
alloys [19]. The biocompatibility of these materials is largely attributed to their 
stability, due to the passive formation of stable oxide layers, which prevent further 
corrosion [11, 20, 21]. The spontaneous oxide layer formed in the case of cobalt 
chromium alloys and stainless steel is chromium oxide, whereas titanium and its 
alloys form titanium oxide. Of these two oxide layers, the stability of titanium oxide 
far exceeds that of chromium oxide. Indeed, titanium is commonly used as a “get-
ter”, which is a material used to scavenge residual gases from a vacuum chamber to 
allow for the maintenance of extremely low pressures. Chromium does have some 
niche uses as a getter in Tokamak reactors as it is less reactive with hydrogen [22]. 
The protective oxide surface is important as the implant will be immersed in a 
warm, moist environment which is surrounded by corrosive chloride ions, as well as 
being exposed to the acidic pH produced by osteoclasts and activated 
macrophages.

As discussed, stainless steel is one of the older metal biomaterials that are still 
commonly used. Stainless steel represents a range of alloys which require that the 
chromium content is at least 10.5%, while iron is the majority component. Typically, 
other elements such as nickel and molybdenum are added to further enhance corro-
sion resistance and to aid with the mechanical properties of the steel. The most 
common stainless steel compositions for use as biological implants are 316 and 
316L stainless steels which differ in their carbon content. Though they are called 
stainless, stainless steels are not in fact stainless, and will slowly corrode, especially 
when in a wet, chloride rich environment. To keep corrosion to a minimum the sur-
face finish of stainless steels are typically left smooth, reducing the surface area. 
The limiting of corrosion is important because it reduces the release of metallic 
ions, particularly nickel and chromium ions which are associated with toxic and 
carcinogenic effects [23, 24]. Although the smooth surface limits the amount of 
anchorage that is achievable by stainless steel implants, the reduction of topography 
makes them simpler to remove and reduces the likelihood of complications that may 
occur when removing the implant [25]. These materials are also among the cheapest 
of the current metallic biomaterials.

Improved corrosion resistance can be found with the cobalt-chromium alloys. 
Vitallium was one of the first cobalt-chromium alloys used for implant purposes and 
is the trademark name for an alloy of 65% cobalt, 30% chromium, and 5% molyb-
denum, and is the most common cobalt-chromium alloy used. The cobalt chromium 
alloys demonstrate a great resistance to wear which is why they are commonly used 
in sliding surfaces, such as implants used in joint replacement surgery. Though the 
implants that are placed in bone are not subject to the same sliding forces that joints 
are subjected to, there is still the potential for micromotion, particularly at the junc-
tions of screws and fracture healing plates [26]. Similar to stainless steel, the corro-
sion by-products of cobalt-chromium alloys are chromium and nickel.
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Titanium and titanium alloys show significantly greater resistance to corrosion 
than either the cobalt-chromium alloys or the stainless steels. In addition, they have 
a much lower stiffness, and are lighter than either of the other groups of metals. This 
lower stiffness, known as Young’s modulus, is closer to that of bone, which aids 
with reducing the phenomenon of stress shielding which results in the resorption of 
bone due to disuse. The increased corrosion resistance and lower Young’s modulus 
make titanium and titanium alloys some of the most commonly used metals for 
implants. The major drawback of titanium, and particularly commercially pure tita-
nium, is its susceptibility to wear as a result of components sliding against each 
other. For this reason titanium and its alloys are rarely used as the contacting com-
ponents of joint replacement implants. Commercially pure titanium also has a low 
fatigue strength, being prone to cracking under cyclical loading. This is improved 
by alloying, the most popular of alloys being one of titanium, aluminum, and vana-
dium. As with the other alloys discussed, concern over the release of metallic ions 
has been raised as aluminum is associated with Alzheimer’s, and both vanadium and 
aluminum may be cytotoxic given high enough concentrations. The release of these 
ions can be controlled by increasing the thickness of the oxide layer. Care should be 
taken to verify that the method used to create the oxide layer is appropriate for the 
material being used. A nitric acid treatment (“passivation”) was developed to 
increase the oxide layer thickness of stainless steel and cobalt chromium alloys and 
has been applied to titanium. However, nitric acid passivation treatment of titanium 
actually decreased the oxide layer thickness and increased the release of titanium, 
aluminum, and vanadium ions from Ti6Al4V alloy implants [27]. Later, an opti-
mized treatment appears to have favorably affected these results and increased cor-
rosion resistance [28].

4  A Brief Overview of Peri-implant Bone Healing

Bone has the ability to heal a fracture completely without leaving a scar, as long as 
the two ends of bone are stable and are in close enough juxtaposition. Although 
micromotions can be tolerated, typically the motion should be restricted to less than 
150 microns or else a fibrous connection, or pseudo-arthrosis, will be formed [29]. 
Similarly, a mechanically and chemically stable implant, which does not poison 
surrounding tissue, would also eventually be fully incorporated into bone. The time 
required for this to happen and the eventual strength of the connection is dependent 
on the surface properties of the implant, since it is the implant surface that contrib-
utes to the interface with the biological environment. Interactions between implant 
surfaces and the biological environment occur immediately upon implant placement 
in the prepared osteotomy. As the implant comes into contact with blood, ion 
exchange and protein adsorption occurs. Platelets quickly come into contact with 
the implant becoming activated and releasing their stores of cytokines and growth 
factors. The major factors released with respect to bone growth being platelet 
derived growth factor (PDGF) and transforming growth factor beta (TGF-β) [30]. 
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Both of these factors act as chemotactic attractants, promoting the migration of 
osteoprogenitor cells from the marrow and blood supply to the surface of the implant 
[31–33]. In addition, the platelets initiate the cleaving of fibrinogen into fibrin which 
forms an aggregate with the platelets and becomes adsorbed on the implant surface 
[34]. As osteoprogenitor cells follow the chemical gradient to the implant surface 
they use the fibrin network of the blood clot to migrate. The migrating cells, and the 
fibrin crosslinking that occurs as a result of factor XIII, result in contractile forces 
being transmitted through the fibrin network which can pull the clot away from the 
implant if not suitably anchored to the surface, preventing the cells from reaching 
the surface of the implant [35–37].

If the osteoprogenitor cells reach the implant surface, they then differentiate into 
osteoblasts, which initiate new bone apposition directly on the implant surface, 
known as contact osteogenesis. The first tissue to be deposited during contact osteo-
genesis is the cement line, a non-collagenous layer which intervenes between the 
implant surface and the collagen component of new bone. Contact osteogenesis is 
the preferred form of bone apposition with the alternative being distance osteogen-
esis, where bone is first deposited on the peripheries of the osteotomy and bone 
deposition moves inwards towards the implant [38, 39].

Structurally, the major difference between these two methods of bone formation 
is the location of the cement line, which is on the implant surface for contact osteo-
genesis and on the bony surface of the osteotomy for distance osteogenesis. The 
cement line is formed from non-collagenous SIBLING (small integrin-binding 
ligand, N-linked glycoprotein) proteins, primarily osteopontin and bone sialopro-
tein, in addition to proteoglycans [40]. These SIBLING proteins are responsible for 
the nucleation and mediation of the hydroxyapatite crystal growth which makes up 
the mineral component of bone. Mineralization of the cement line occurs after the 
SIBLING proteins have had time to diffuse and spread into the interstices of the 
implant surface and thus the mineralized cement line conforms intimately to the 
surface contours of the implant. [For more on SIBLING proteins, see section on 
Nanotopography below.] As the cement line is mineralizing, collagen is assembled 
extracellularly following secretion by osteoblasts marking the next stage of bone 
formation: osteoid deposition. The mineralization of collagen contributes to the 
strength of the bone providing support to both compressive and shear loads. Rapid 
deposition of new bone matrix has little organization and is referred to as woven 
bone.

The final step of bone repair is remodeling, a normal process that is happening 
throughout life. Typically, remodeling occurs to replace bone tissue that has devel-
oped micro-cracks as a result of fatigue. In addition, remodeling can also occur to 
optimize the architecture of the bone to more efficiently support the loads to which 
the bone is subjected [41]. Following bone fracture, and implant placement, remod-
eling also occurs to replace the woven bone which was initially deposited. To do so, 
osteoclasts first form a tunnel along the long axis of the bone by resorbing old bone. 
The osteoclasts aid in the initiation of angiogenesis as a by-product of the release of 
TGF-β from the old mineralized tissue and PDGF from pre-osteoclasts [42, 43]. The 
novel vasculature allows for the transport of nutrients as well as perivascular osteo-
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progenitor cells to the site of bone remodeling. The cells migrate to the surface of 
the bone and starting with the deposition of the non-collagenous cement line matrix, 
follow the same steps of bone deposition as outlined above. The major difference 
between bone regeneration and bone remodeling is time; the latter being a slower 
process and the formed bone is organized into lamellae which are parallel arrange-
ments of collagen which form nested cylinders along the length of the tunnel. As a 
group, this nested cylindrical structure which is outlined by the cement line is called 
an osteon, and the organization of the bone into such structures gives bone its 
improved fracture toughness and strength compared to woven bone [44]. It also 
replaces any bone which may have been affected by necrosis, as bone death can 
occur up to a millimeter away from the implant [45] as a result of applied pressure 
and being cut off from the blood supply. At this point, barring the effects of aging, 
disease, or changes in implant loading, the bone will have reached homeostasis, and 
the strength of the bone implant interface would have reached a plateau in terms of 
strength.

5  How Topography Affects Anchorage of an Implant in Bone

Implant anchorage in bone is dependent on the implant surface design and how the 
surface interacts with the surrounding biology. Of considerable importance is screw 
surface topography, of which there are three major scale ranges: nano, micro and 
macro [36, 46]. Nano-topography describes surface features less than 1 μm (typi-
cally around 100 nm), microtopography describes features between 1 and 30 μm, 
and macrotopography describes features that are larger than 30 μm. Each of these 
scale ranges of topography contributes to obtaining long term stable anchorage of 
an implant in bone, and each of these scale ranges of topography can be modified to 
meet the goals intended for a specific implant.

In evaluating the role of implant surface design, studies often look at how osteo-
progenitor cells interact with implant surfaces in vitro. However, ultimately an 
implant needs to be functional and provide anchorage when placed in bone.

Functional anchorage of an implant in bone is called osseointegration and is best 
evaluated by an in vivo test of the strength of the bone implant interface, which is 
formed as a result of healing following implant placement. Often this type of assess-
ment is done over a few experimental time points, and provides little information 
concerning the biological relevance of any differences observed. Recently, we have 
suggested that a curve fitting method, which has been applied to a wide range of 
natural phenomena, such as the recovery of bone mineral density in astronauts, the 
recovery of fish stocks in protected waters, and heart rate recovery [47–49], could 
be used to provide a more meaningful evaluation of implant osseointegration [50]. 
Such an evaluation requires disruption force data being measured at many time 
points, which can then be analyzed using an exponential recovery curve (1−e −x/τ) 
which is scaled by some value (C), indicative of the peak strength of the bone 
implant interface when fully healed, and some function (B(x)) which describes the 
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relative thickness of bone in contact with the implant, resulting in the equation: 
F=C*B(x)*(1−e−x/τ). In its most basic form, when the peri-implant bony architec-
ture remains relatively constant, the function B(x) would be equal to 1 resulting in 
the equation: F=C*(1−e −x/τ). Fitting this curve to the recorded experimental data 
provides two parameters, C and τ (tau), which describe the overall peak anchorage 
reached when the disruption force values plateau with time, and a time constant—
the time required to reach a percentage (approximately 63%) of that plateau—
respectively. This allows for comparison of the osseointegration of different 
implants, where changes in C indicate a difference in the strength of anchorage and 
changes in tau indicate a difference in the rate of osseointegration (Fig. 3). In addi-
tion, by choosing an appropriate formulation for B(x), one can account for the 
effects of the changing bony architecture observed during the lifespan of a placed 
implant. This is particularly relevant for implants placed in the appendicular skele-
ton of smaller animals, as one can account for the significant bone growth and 
remodeling that can occur during the experimental period. We have previously illus-
trated how such “relative drift” of an implant, from metaphyseal to diaphyseal bone, 
can occur due to the differential growth of the proximal and distal epiphyseal growth 
plates [50].

5.1  Implant Surface Nanotopography

Nano-scale surface features can have a significant effect on the cells and tissues 
with which they interact, influencing the adsorption of proteins as well as the prolif-
eration and differentiation of cells. Mendonça et al. found that human mesenchymal 
stem cells that were cultured on various surfaces which had apparent complex 
nanoscale surfaces had increased mRNA expression of osterix (OSX) and bone 

Fig. 3 Curves which reach the plateau quickly have small values of tau (τ1), and curves that take 
longer to reach the plateau have larger values of tau (τ2). In this way the value of tau is an indica-
tion of the rate of healing and the rate of osseointegration. The height of the plateau changes the 
value of C, which then indicates the anchorage that will be achievable once the bone-implant 
interface has reached homeostasis
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sialoprotein (BSP) [51]. OSX is a transcription factor which leads to osteoblastic 
differentiation and BSP is an initiator for hydroxyapatite crystal growth [40]. As 
stated previously, BSP is classed a SIBLING protein, which in combination with 
other SIBLING proteins, aid in the regulation of hydroxyapatite crystal growth. 
These proteins are secreted once the osteoprogenitor cells have differentiated into 
committed osteoblasts. They then locally diffuse into the aqueous tissue fluid peri-
implant environment and the interstices of the nano-scale surface features. To give 
an idea of scale, BSP has a form similar to a ball and chain where the overall length 
is about 20 nm and the diameter of the ball is 5.5 nm and can easily occupy any 
available sites on an implant surface at the nanometer scale [52]. For relatively 
smooth nano features this may have little to no effect. However for more complex 
surfaces with features that create undercuts there are significant advantages to be 
gained. Once the SIBLING proteins mineralize in these undercut features, a 
mechanical interlock is formed between the cement line matrix and the implant 
surface, which restricts relative motion [53]. An analogy would be the pouring of 
concrete into the interstices of a three-dimensional network of steel reinforcement 
bars—initially the concrete flows, but once set, the concrete is locked into the steel 
network. As a result, the true interface, which is the surface created by the boundary 
between the implant and the bone, is no longer the weakest link in the bone implant 
interface and the plane of failure is pushed outward, into the bony structure itself 
[54, 55]. Tests which disrupt the interface formed between bone and a nanotopo-
graphically complex implant result in residual bone being observed on the implant 
surface, and in these cases the implant is said to be bone bonding [56]. Using the 
described mathematical method to analyze the implant anchorage over time it was 
found that some nanotopographies significantly increase bone anchorage at early 
time points. However, the effect of such nanotopography may diminish with time 
due to the increasing predominance of the larger topographical features of the 
implant surface [50].

Another nanoscale feature which has been created on implant surfaces and has 
been shown to increase implant anchorage are nanotubes [57]. However, unlike the 
nanofeatures described above where the beneficial effect on bone anchorage comes 
from an accelerated osseointegration (decreased tau) with no appreciable effect on 
the maximum disruptive force (C), our preliminary data suggest that nanotubes can 
increase the strength of anchorage (increase C) but may not reduce tau in compari-
son to other nano-surfaces (Fig. 4). This was determined using a similar curve fitting 
method as described previously, though it is clearly evident from the shape of the 
curve that the precise formulation has been modified. This was because instead of 
the simplified version of the curve being used, where B(x) is equal to “1”, a more 
complex formulation had to be used (B(x) = (1 − e− max (x, d) ∗ β), Fig. 4b). This addi-
tional term was included to account for the initial implant only having mono-corti-
cal engagement in metaphyseal bone at the time of implant placement, which 
changed due to “relative drift”, of an already osseointegrated implant, during the 
experimental time frame, to bi-cortical engagement in the tibial diaphysis. The val-
ues of the parameters in this expression, B(x), were kept constant for all implant 
surfaces tested since they are dependent on the mechanical properties of cortical 

Biological Fixation: The Role of Screw Surface Design



392

bony architecture rather than the osseointegration of the implant per se. These data, 
from a reverse torque study, illustrate the important relationship between the two 
key parameters, tau and C, since at specific early time points the same force may be 
required to disrupt the anchorage of two implants, yet they will ultimately have 
statistically different maximum disruption values when homeostasis is achieved, 

Fig. 4 Reverse torque data recorded from mini-screw implants implanted in rat tibias. The sur-
faces had nanotubes (or not) superimposed on microtopographically complex implants and were 
analyzed with the equation F C B x e

x

= ∗ ∗ −
−

( ) ( )1 τ . The second part of the curve (B(x)) represents 
an increase in bone anchorage due to distal drift of the osseointegrated implant from metaphyseal 
to diaphyseal bone, as explained in the text. The value and shape of B(x) is shown in (b). (a) On a 
microtopographically complex surface no difference was seen in the value of tau, with the addition 
of nanotubes to the surface. However, the implant with nanotubes exhibited a significantly higher 
C value compared to the surface without nanotubes. Error values included next to the parameter 
values are standard error. (b) The function B(x) comprises two parameters. The first, “d” indicates 
the location where the horizontal line should start to increase and become the curved line. In this 
case “d” was equal to 28 days, which was determined to be the best fit with our data. The second 
parameter “β” is used to describe the shape of the curved line. Both of these parameters were the 
same for all implants as the function of B(x) is dependent on the mechanical properties of the corti-
cal bony architecture rather than the osseointegration of the implant
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with the higher C value implant also having a higher tau value. These rate differences, 
at the earlier time points, are potentially attributable, among other reasons, to 
100 nm nanotube surfaces having been reported to decrease platelet adhesion and 
activation compared to machined implant surfaces [58].

5.2  Implant Surface Microtopography

The initial effects of microtopography on the biology of bone healing result in 
increased platelet activation [59]. Additional work has shown that this effect was 
independent from the presence of calcium phosphates indicating that mimicking the 
surface chemistry of bone is not a requirement for bone anchorage [60].

In addition to affecting platelets, microtopography also affects macrophages 
which are in the vicinity of the wound to clear debris created during implant place-
ment. An in vitro study by Refai et  al. found that the macrophages cultured on 
microrough titanium disks had increased expression of genes associated with initi-
ating angiogenesis [61] which is crucial for healing and the recruitment of osteopro-
genitor cells, as the latter are perivascular cells [62]. Once the osteoprogenitor cells 
reach the implant surface, Brett et al. has shown that the cells have increased viabil-
ity which extended up to three days in vitro, on rougher implant surfaces [63]. The 
rougher surfaces also appear to upregulate genes associated with osteogenesis, par-
ticularly in the case of surfaces which also have nanotopography [64].

Surface treatments such as grit blasting and/or acid etching have been found to 
be effective at increasing implant microtopography and increasing implant anchor-
age [65]. Laser etching has also been found effective at creating finely controlled 
localized topographical changes which result in greater resistance to reverse torque 
[66]. The effect of the surface topography on bone anchorage has been found to 
increase with the size of the features. A study by Gotfredson et al. found that by 
increasing the size of the micron scale features, the reverse torque forces required to 
disrupt the bone implant interface significantly increased [67]. By replotting and 
applying the curve fitting method described above to this data (Fig. 5) it was found 
that all of the microtopographically complex implants had similar tau’s, indicating 
that the size of the microtopographies employed in their study did not affect the rate 
of healing. However, the value of C did increase with the size of the topography. In 
contrast, the implant without microtopography had a much slower rate of healing. 
We have also discussed the importance of the size of topography [53, 56]. The 
cement line which forms on the implant in the case of contact osteogenesis almost 
completely engulfs the micro-features which are 1–10 μm. The larger features, 
which are on the scale of 20 μm, extend through this layer and integrate with the 
collagenous bony matrix. The collagen which is deposited during osteoid formation 
becomes wrapped around these larger features, which increases the strength of the 
anchorage achievable by such implants.

In many of these models, the implants are not subjected to the loads which 
they would experience in a clinical environment, being placed in the long bones 
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of rabbits or rats. The loading of an implant can have a profound effect on osseo-
integration as some work shows that the effect of microtopography is attenuated 
by loading [68].

5.3  Implant Macrotopography and Geometry

Features on the macro scale play a large role in the transmission of forces from the 
implant to the surrounding bone. The most immediately evident macro feature of 
screws are their thread, which has a significant effect on the transmission of loads 
from the implant to the bone, and results in greater long term implant success com-
pared to non-thread implants [69]. Efficacy of the transfer of load from the implant 
to the bone can significantly alter the long term outcome and health of the bone. 
Though some compressive forces are beneficial in terms of bone remodeling, exces-
sive loads can cause significant damage to the bone which then leads to extensive 
bone resorption and a loss of implant anchorage [70]. To best ensure that stresses on 
the bone do not exceed the strength of the bone, it is best to distribute any forces 
applied to the implant evenly along the entire length. These stresses can also be 
further reduced by increasing the overall area of contact between the implant and 
the bone, and ensuring that the forces that are transferred to the bone are compres-
sive loads, which bone is most suited to resist. This does not mean that an ideal 
implant will be completely covered in bone with a bone-to-implant contact (BIC) 
ratio of 1 because some bone-bonding implant surfaces can more efficiently transfer 
the load across the interface. In this case, less bone will be deposited at the interface. 
As such, one cannot effectively judge the quality of osseointegration achieved by an 

Fig. 5 Data replotted from data by Gotfredson et al. [67]. Comparison of three implants, two (Grit 
blasted and Titanium Plasma Spayed) with significant microtopographical complexity have tau 
values (36.2 and 48.1) that appear much smaller than the implant which was smooth (machined, 
tau: 93.9). The value of C increased with the size of the topography. The best curve fitting, requires 
multiple early time points as well as time points which extend into the plateau region of healing, 
which represents when homeostasis is gained and occurs when the healing process is complete and 
is no longer a major contributor to increasing bone-implant interface strength
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implant from measuring the BIC, as it gives no relevant information on the function-
ality of the connection between the implant and bone.

The simplest ways of increasing the area of the implant which is in contact with 
the surrounding bone is to increase either the length and/or thread diameter of the 
screw. Walter et al. found that screws with larger thread diameters placed in artifi-
cial bone, analogous to highly cancellous bone, could resist greater disruption 
forces, than similar implants with smaller diameters [71]. Finite element analysis 
(FEA) showed that by increasing the diameter of the thread the stresses exerted on 
the bone were decreased [72]. The same study found similar results for implant 
length [72]. If the implant cannot be made wider, shrinking the diameter of the 
shaft that the thread wraps around will also increase the implant surface area, and 
results in greater pull out loads as demonstrated in artificial bone [73] as well as 
cadaveric bovine bone [74]. The reduction of the shaft diameter however has the 
disadvantage of reducing the cross sectional area of the screw making it more 
likely to fracture [71].

Another possibility of increasing the surface area of a screw is by reducing the 
pitch of the screw thread. By reducing the thread pitch, the number of threads is 
increased along the length of the screw and more of the screw becomes engaged 
with the bone. The reduction of thread pitch was observed to result in increased pull 
out forces [74], and analysis by FEA found that decreased thread pitch also resulted 
in a more even distribution of stresses in the bone [72]. In addition to increasing the 
number of threads, decreasing the pitch also decreases the angle of the thread. With 
decreasing thread angle, less of the axial load is converted into shear loading and 
has been found to result in a more stable implant [75]. The last factor to be discussed 
which affects the distribution of stresses around a screw is the shape of the thread. 

Fig. 6 The common thread shapes, assuming the bottom of the figure is the apical end of the 
screw: (a) buttress thread, (b) reverse buttress thread, (c) v-thread, and (d) square thread. The sharp 
points of the buttress thread, reverse buttress thread, and v-thread, make screw placement easier 
due to lower rotational torque requirements, however the surfaces that are not horizontal provide 
less resistance to axial forces. The square thread provides good resistance to axial loads in either 
direction along the long axis. The buttress and reverse buttress threads provide good resistance to 
pull out and push in loads respectively while also having the sharp edge to aid in implant 
insertion
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Of the four main thread designs (Fig. 6), the v-thread and the square thread have 
been found to result in the most even distribution of stresses by FEA [76], with 
preference given to the square thread [77]. However, the dimensions of the thread 
play a significant role in the reduction of stress as Geng et al. showed that a thin 
square thread results in the greatest peak stresses in bone [76].

In addition to stress distribution, the shape of a screw thread can also influence 
the distribution and anchorage of bone. Hall et al. found that the inclusion of a 110 
μm wide and 70 μm deep groove resulted in greater bone deposition and greater 
reverse torque values in rabbits [78], and Scarano et al. found that bone was prefer-
entially deposited into the concavities of the thread [79]. Work by Moreo et al. on 
the modeling of bone growth around implants attribute this increase bone growth in 
implant concavities to an increase in platelet concentration, as the surfaces sur-
rounding the volume increase the surface area with respect to the volume [80, 81]. 
It is uncertain whether these grooves have a significant effect on the rate of 
osseointegration.

In the evaluation of the shape of the implant, both cylindrical and conical implants 
have advantages. Conical implants have been found to be more stable in terms of 
their initial stability [82]. FEA found that the conical shape also provided greater 
resistance to forces which pressed the implant into the bone, such as those com-
monly exerted by dental implants [83]. In contrast, when extractive forces were 
applied to the implant, it was found that cylindrical implants required a greater force 
to be applied to pull the implant out of an artificial bone substitute [71].

6  Conclusion

The value of a screw is its ability to resist significant axial forces, while at the same 
time being simple to place, and remove when required. A screw accomplishes this 
by having a small pitch and few thread starts which results in the torsional forces 
applied to the screw being amplified and the direction of the force vector moved to 
an axial direction. The low pitch of the screw also means that the screw is self-
locking, meaning that any axial loads applied to the screw are transmitted through 
the bony substrate instead of just simply unscrewing the screw. However, as bone is 
a living tissue which can remodel, it is of particular interest to make sure that the 
screw placed in the bone does not result in any adverse reactions. In doing so, it can 
be assured that instead of weakening over time; the anchorage of the screw in the 
bone will increase with time. This is possible if the implant surface promotes the 
growth of new bone. Implant geometry which promotes even distribution of the 
stresses around the screw, and surfaces that do not corrode will result in an implant 
being held fast in the bone. Importantly, changes in interfacial strength are an early 
indicator for eventual function of the implant.
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1  Clinical Aspects

1.1  Introduction

Fracture management constitutes a very large portion of modern orthopedic care. 
Many fractures can be managed by non–surgical methods such as splinting, casting, 
and functional bracing. This type of fracture management is particularly applicable 
in nondisplaced or minimally displaced fractures – often in the pediatric population 
whose healing times are quite short and the remodeling potential after healing can 
correct residual deformity. Nonetheless, operative fracture care is being used 
increasingly as it has been shown to reduce disability, improve outcome, and 
improve the quality of life following a significant fracture. There are three areas in 
which surgical facture care has been shown to make a major impact on patient 
recovery from injury, and is pivotal in the restoration of function and quality of life.

Displaced fractures of the femur and tibia in the adult are now usually treated 
surgically as it has been well-demonstrated that this method is safe, promotes the 
rapid return to function including ambulation, preserves joint function, and avoids 
the condition associated with non-operative treatment previously coined “fracture 
disease” which is a complex of problems such as joint stiffness, pressure ulcers, 
disuse osteopenia, formation of deep vein thrombosis, and muscle atrophy.

The second area in which operative fracture care has resulted in dramatic 
improvement in clinical outcomes is the fracture of the articular surfaces of joints. 
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The surfaces of most joints (e.g. hip, knee, ankle, and elbow) are highly congruent 
with each other such that distortion of the shape of either side of a joint from a frac-
ture can dramatically alter the load transmission across the surface and raise carti-
lage contact pressures to the point that the cartilage will breakdown and lead to 
post-traumatic degenerative arthritis. Often, this will result in joint destruction 
within several years of the injury. Modern orthopedic care of the injured joint rests 
on the concept of restoration of the shape of bones on both sides of the joint as well 
as restoration of axial alignment and ligamentous stability of the joint. This approach 
restores the normal pressures across the joint during functional use of the limb. A 
joint that has been restored surgically in this way can undergo very early motion 
which prevents stiffness and optimally promotes recovery of the injured articular 
cartilage.

The final arena in which surgical treatment of fractures has made a dramatic 
improvement in outcome is the multiple injury trauma patient. In this group, rapid 
stabilization of long bone and pelvis fractures is viewed as part of the overall resus-
citation of the patient since it helps control bleeding, pain, and facilitates overall 
management of the multisystem injuries. Often, this is accomplished initially using 
external fixation in a “damage control” mode. Then, after the patient is stable and 
through the initial period of bleeding, these external fixation frames are replaced 
with more definitive internal fixation to allow progressive mobilization and 
ambulation.

1.2  Types of Implants

The common element in the entire spectrum of surgical fracture care is the use of 
orthopedic implants to restore skeletal stability that has been lost by the fracture or 
joint dislocation. It is the thoughtful application of these devices that allows the 
modern fracture surgeon to create conditions at the fracture site that will promote 
healing as well as allow functional use of the extremity during the period of healing 
(Fig. 1).

Four basic types of implants are used in the surgical treatment of fractures: 
screws, plates, nails, and external fixators. The most basic type of orthopedic 
implant is the bone screw (Fig. 2). Modern orthopedic bone screws are available in 
a vast variety of sizes (1–8 mm diameter) and thread designs which allow use in a 
wide variety of clinical situations. Screws can be used as stand-alone fracture fixa-
tion devices which are placed across fracture fragments to generate compression 
and create stability and promote fracture union. These “compression screws” 
employ two different design techniques to achieve compression. The partially 
threaded bone screw gains purchase in the bone fragment away from where the 
screw is placed with no screw threads in the near fragment. Compression is gener-
ated when the head of the screw contacts the near bone fragment and the threads 
engage the far bone fragment in essence “pulling” them together. A fully threaded 
bone screw can also generate compression by the method of application  (compression 

S. M. Tucker et al.



403

by technique). A hole is drilled in the near bone fragment that is slightly larger than 
the outer diameter of the screw (gliding hole) and the far bone fragment is drilled 
with a size equal to the core diameter of the screw (threaded hole). When the screw 
is placed, the threads gain purchase only in the far fragment and as the screw head 
contacts the bone surface, compression is generated. The same fully threaded screw 
can be placed across bone fragments without the use of a gliding hole. In this situa-
tion, the screw engages threads on both sides of the fracture. Compression cannot 
be generated, and this construct is termed a “static” or “position” screw.

Plates are placed on the outer aspect of the bone surface and are mechanically 
linked to the bone via the use of screws. These bone screws can be mechanically 

Fig. 1 Applications of internal plating (b) and combined internal plating and intramedullary nail-
ing (d) to fix complex femur fractures (a, c). (Images from cases in our medical center)

Fig. 2 Bone screws used to stabilize a femoral neck fracture. Two of the screws employ partial 
threading to achieve compression of the bone fragments. (Images from cases in our medical 
center)
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joined to the plate either by a frictional method (non-locked), or designed in such a 
way to allow the screw head to engage the holes in the plate via a series of threads 
in the head of the screw (locked) such that movement of the screw-plate interface is 
highly constrained. A plate designed to stabilize a fracture must fit within the local 
anatomy such that muscles and tendons and the adjacent joints can function nor-
mally while the plate is in place (Figs. 3 and 4a).

The third major type of fixation device is the intramedullary (IM) nail (Fig. 4b–
d). These devices are placed into the medullary cavities of diaphyseal bones (e.g. 
femur, tibia, and humerus), and act as internal splints across the fractures. IM nails 
can span the length of the bone and be large devices, up to 50 cm. in length. Modern 
IM nails allow screws to be placed perpendicular to the nail through the ends of the 

Fig. 3. (a) 3D CT-based models created in our lab of proximal humerus fracture patients. (b) 
3D-printed models were anatomically reduced to simulate intraoperative reduction, prior to (c) 
computer modeling of stresses and biomechanical stability with plate and screw fixation (Images 
from our laboratory)

Fig. 4 (a) Periprosthetic 
internal plate fixation on a 
synthetic bone model. 
(b-d) Intramedullary nail 
implant with helical blade 
demonstrating nail 
curvature and screw holes 
(Images from our 
laboratory)
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bone and the ends of the nail on either side of the fracture to control motion and 
displacement. This type of device is termed an “interlocked” nail and is the work-
horse device in the treatment of adult femur and tibia fracture.

The fourth category of fixation device is the external fixator (Fig. 5). In this type 
of device, threaded bone pins (3–6 mm in diameter) are percutaneously placed into 
the bone on either side of the fracture and then connected outside the body using 
clamps and bars. External fixation can be constructed across an entire spectrum of 
stability (under the surgeon’s control), to solve many clinical problems in orthope-
dic fracture care up to the creation of stability to allow definitive fracture healing. 
By its very design, external fixation is temporary and will have to be removed. 
Screws, plates and intramedullary nails do not have to be removed per se, but may 
be at a secondary procedure for a large variety of clinical reasons.

Variations in fixation implant design and surgical application may enhance over-
all mechanics and promote healing. Features such as improved stability, reduced 
anatomical interference, and more robust fixation to bone may be achieved through 
implant design modification, and careful planning by the surgeon.

1.3  Anatomical Constraints

The biomechanical and anatomic design constraints on orthopedic fracture implants 
are quite rigorous. They must be biologically compatible, and meet the biomechani-
cal requirements of the situation in which they are used. Since they are used to sup-
port the bone and not replace it during the period of healing, the implants must fit 
the local anatomy which varies among patients. IM nails must fit within the 

A B
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Limb Foot 
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Fig. 5 We are currently conducting a clinical study in which the forces in vertical struts of ring- 
type external fixators are measured. Force data from the struts, as well as foot forces, are transmit-
ted wirelessly (a) during the patient’s gait. A decrease over time in normalized strut forces was 
observed in this patient (b), and in other patients, consistent with offloading due to bone healing. 
(In (b), ‘W37D’ indicates dynamization of the frame.) (Image from our medical center)
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intramedullary canal. Plates must fit on the external surface of bone and not impede 
important muscles, tendons, and ligaments surrounding them. Implants are also 
designed with consideration of the surgical exposure needed to apply them. Although 
many plates and screws are applied with an open approach that exposes the bone 
fragments, IM nails, external fixators and certain plates can be applied with a mini-
mally invasive approach that avoids disturbing the soft tissues surrounding the frac-
ture that are important for blood supply and the healing process. Plates designed to 
reduce the area of contact with bone via geometric modification of the contact sur-
face are termed minimum contact plates. Reducing contact area at the bone-plate 
interface may enhance fracture healing by mitigating disruption to the periosteum 
and bone blood supply [1].

As a result of the aforementioned stringent geometric design requirements, frac-
ture fixation implants typically do not have an infinite fatigue life. Since the fixation 
device may initially (at the time of the acute fracture and before bone healing) be 
load bearing to allow the patient to begin functional use of the extremity or ambula-
tion, there will be accumulated damage in the microstructure of the implant. It is 
well understood by both orthopedic clinicians and implant designers that there is a 
“race” between bone healing and implant fatigue fracture. The clinical presentation 
of a fatigue fracture of an orthopedic implant may imply some pathology of bone 
healing.

2  Fracture Healing Biology

2.1  Fracture Healing

Fracture healing is a complex biomechanical process with multiple possible end-
points. The most desirable endpoint, termed ‘union’ in the medical vernacular, is 
complete fusion of the fractured components into one continuous osseous structure. 
A union may be achieved through one of two well-described mechanisms [2]. 
Primary or intramembranous bone healing occurs through Haversian remodeling 
which requires absolute stability between bony fragments. On a cellular level, pri-
mary healing involves direct healing of bone without the presence of intermediary 
tissues. A very stable interface between two bone fragments is necessary because 
there is creation of bridging capillaries as part of the Haversian remodeling which is 
intolerant of shear forces due to its mostly linear morphology [3]. Primary healing 
also requires contact between the fracture fragments, or only a very small gap (on 
the order of 1 mm). The degree of stability required for primary bone healing can 
usually only be achieved via compression between fragments. Thus, primary bone 
healing usually only occurs for simpler fractures in which the fragments can readily 
be fixed back in their anatomical position, usually with plates and/or lag screws.

Secondary healing or enchondral ossification is characterized by formation and 
evolution of progressively stiffening intermediary tissues in a relative stability 
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mechanical environment. Secondary fracture healing progresses through three bio-
logical stages. The inflammation phase begins the moment fracture occurs and can 
last up to 5 days. This first phase is characterized by an immune response in which 
damaged, necrotic tissues are scavenged by immune cells and the fibrinous hema-
toma formed during injury is organized into granulation tissue. Fibroblasts produce 
type III collagen. Inflammatory mediators are released resulting in pain, swelling, 
and an increase in local blood flow. A chondroid stage then begins enhancing the 
vascularity and cellularity of the granulation tissue via mesenchymal stem cells 
from the nearby periosteum. The chondroid matrix is then replaced by osteoblasts 
creating type I collagen. The replacement and removal of the cartilage intermediate 
is the hallmark of endochondral ossification. At this point in the healing process, 
mechanical loads can be transmitted from one fragment to the other, but there is no 
internal organization of the callus. As normal loading returns, the woven bone char-
acteristic of early callus is remodeled into lamellar bone in response to the loading 
pattern. This remodeling process can take months to years and is accompanied by a 
decrease in the size of the callus mass often closely re-approximating the diameter 
of the normal surrounding bone. Coincident with the decrease in size during remod-
eling, is an optimization of the mechanical properties of the bone.

The biological stages of secondary bone healing are intimately linked to the local 
mechanical environment. The interfragmentary strain theory, first described by 
Stephen Perren in 1991 [4], states that a tissue type cannot exist in a region in which 
the mechanical forces exceed its strain tolerance. The elegant interplay of biology 
and mechanics described in the strain theory provides the fracture surgeon and 
implant designer a framework to understand these seemingly unrelated concepts. 
For example, recent research on bone healing has found immature myeloid cell- 
mediated angiogenic cascade to enhance bone healing in a mouse model [5].

By definition, a fracture involves damage to the local blood supply of the bone 
often extending to the local tissue. As a result, bleeding occurs around the bone ends 
creating a fracture hematoma. As might be expected, conditions within this clotted 
hematoma are acidotic, hypercarbic, and have a low oxygen tension. The first tissue 
to appear histologically in this region is type III collagen made by fibroblasts. The 
syncytia of loosely organized collagen fibers and fibroblasts within the clotted frac-
ture hematoma is called granulation tissue. Mechanically, granulation tissue has a 
strain tolerance of about 100%. Metabolically, granulation tissue survives in this 
region because it has a low oxygen requirement which can be met via diffusion. The 
granulation tissue organizes into an early fracture callus and conditions for the sec-
ond stage of fracture healing are created. The second tissue type to appear is carti-
lage, which is composed of type II collagen, is made by chondroblasts. The presence 
of chondrocytes implies that the region has become mechanically stiffer as the strain 
tolerance of cartilage is about 10%. At this time, the local blood supply is improving 
in response to the release of angiogenic pyrogens. This larger more organized callus 
composed of granulation tissue and cartilage further stiffens the region to the point 
where enchondral ossification can occur. In regions of exceptionally low strain, 
osteoblasts will differentiate from mesenchymal stem cells and begin production of 
an osteoid. The histological appearance of osteoblasts implies significant  mechanical 
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stability has been achieved, as this tissue type has a strain tolerance of only about 
2%. An important concept is that osteoblasts are quite metabolically active and have 
a high oxygen requirement. This requires the co-development of a rich capillary 
network. Bone cannot form in regions of high strain because the supplying capillar-
ies cannot survive. The strain theory informs that each tissue type that appears in a 
healing fracture prepares the region both mechanically and biologically for the next 
tissue. Bone formation implies that stability to maintain a capillary network has 
been achieved. A histological hallmark of fracture healing is capillaries crossing the 
fracture gap. In the case of primary bone healing, a surgical procedure has created 
stability between bone fragments such that a capillary can cross the gap without the 
appearance of precursor tissues.

The different stability requirements between primary and secondary fracture 
healing are functions of the strain tolerance of the local biological tissues. Although 
the strain tolerances for relative stability are less defined, secondary healing has 
been shown to be induced by interfragmentary motion on the order of millimeters 
[6].

Impaired fracture healing can have biological and mechanical origins. Focusing 
on mechanical causes, nonunions or delayed unions are generally a result of insuf-
ficient stability at the healing site. Excessive strain during healing can rupture 
nascent capillaries and prevent nutrient transport to the metabolically active healing 
site. Poor stability can have multiple origins including inadequate initial surgery, 
implant hardware failure, or an unforeseen traumatic mechanical event. Biologically, 
a patient may have decreased bone density that will affect the stability that can be 
achieved at surgery. Tissue damage, infection [7], medications, smoking [8], nutri-
tion, and genetic factors [9] influence the healing response following a fracture. 
Surgically, a risk of nonunion is created if the local tissues are damaged by the 
procedure especially if secondary bone healing is relied upon. In this situation, cal-
lus formation is impaired as a result of the tissue damage, and the healing may not 
be able to proceed to union. In nonunion cases, stresses on the implant are never 
relieved by bone unions, eventually resulting in a fatigue failure of the implant.

Residual bone deformity can result from a failed fracture fixation or improper 
bone healing. Residual deformity can occur when the fracture is not reduced to its 
original anatomical position or orientation, bone migrates through partial implant 
loosening, or implants partially fail through yield. Most common in comminuted 
and bone loss fractures, residual deformity can leave a fracture patient with pain, 
joint stiffness, limb-length discrepancies, and posttraumatic arthritis (in addition to 
the deformity) associated with insufficient reduction of fractures affecting a joint. 
Residual deformity outcomes may require medical or even surgical attention and 
reduce a patient’s quality of life. The close relationship of local mechanics to suc-
cessful bone healing necessitates that proper care and consideration be given to all 
fractures.
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2.2  Infection

Infection is a devastating complication following surgery, and implanted materials 
lead to greater risk of infection. Open fractures where the skin is broken increase the 
risk for infection. This risk can reach 30% in certain high grade open fractures with 
severe contamination and damage to muscle and bone. Surgery further increases the 
risk for infection, although most infection rates during surgery on non- 
immunocompromised patients are below 1%. Diabetes mellitus, HIV, and rheuma-
toid arthritis are common examples of chronic conditions which can also increase 
the risk for infection during fracture fixation. Additionally, lifestyle characteristics 
such as smoking, obesity, and poor nutrition can also predispose patients to higher 
infection risks. Novel approaches for reducing bacterial colonization and biofilm 
formation on fracture fixation biomaterials are an active area of research.

3  Biomechanics

The biomechanics of the fracture fixation construct are integral to understanding 
how to develop an optimal implant and surgical approach to fracture repair. The 
term ‘implant’ herein will refer to the large fixation component that stabilizes the 
fracture often via attachment with screws. The term ‘construct’ refers to the entire 
system encompassing the implant, screws, fracture site, bone, and healing tissues. 
‘Configuration’ will refer to surgical variables, i.e. number of screws used, implant 
position, type of screw fixation, etc.

3.1  Implant Loading

The initial stress born by a fracture implant following surgery is quite variable 
across patients. At one end is the scenario in which bone fragments have been ana-
tomically reduced and compressed (absolute stability). Load transmission will 
occur from one bone fragment to the other directly and result in low implant stresses. 
At the other end of the stability spectrum is the situation in which there is no initial 
contact between bone fragments and the implant carries the entire initial load of the 
construct. A bridge plating across a large zone of comminution would be an exam-
ple of this.

Fracture fixation constructs are subjected to a variety of loading conditions rang-
ing from singular high force loading, such as due to an accidental patient fall, to 
repeated functional activities. These load patterns are classified as either static or 
cyclic, respectively, and may lead to either material yield or fatigue failure mecha-
nisms. Orthopedic implants can be subject to surprisingly large mechanical loads 
within the body. For example, instrumented arthroplasty implant studies show that 
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implant reaction forces in the knee, hip, and spine can reach nearly three times the 
bodyweight during simple gait [10]. Furthermore, instrumented fracture fixation 
implant studies can show the strain in an implant and use strain data as a surrogate 
for fracture healing over time [11]. A study using an instrumented femoral nail 
demonstrated that the load in that implant was almost exclusively parallel to the 
implant’s primary axis in four different postures [12].

Before a fractured bone has begun healing, the fixation construct may be respon-
sible for up to all of the load transferred across the fracture gap. This is particularly 
true in situations in which there is no contact between the major bone fragments of 
the fracture. As time progresses, intermediate bone tissues form across the fracture 
site which gradually reduce the load carried by the implant. The construct must 
maintain mechanical integrity during the course of bone healing as the mechanical 
environment at the fracture site plays a large role in achieving union. As discussed 
previously, excessive motion at the fracture gap can result in local tissue strain that 
exceeds the tolerance of nascent capillary networks that are attempting to bridge 
these gaps [3]. Thus, we must understand the mechanical responses of fixation con-
structs to physiological loads within the scope of the stability tolerance required for 
a biological fracture healing process.

Bone, as a living material, adapts its composition and shape over time in response 
to its mechanical stimulus history. Stress shielding refers to decreased bone density 
in regions that are subjected to lower stress levels due to loads borne by the implant. 
The fixation implant effectively offloads some of the forces that normally pass 
through the bone. Such a decrease in stress is believed to engage biomechanical 
signals and either stimulate bone resorption or inhibit bone formation.

Although limited or non-weightbearing is often appropriate in the early stages of 
fracture healing, sometimes to protect the implant itself, prolonged limited weight-
bearing in a patient can result in disuse osteopenia. Disuse osteopenia is a decrease 
in bone mineral density as a result of prolonged periods of unloading in the bone. 
Bone remodeling processes, perhaps with sensing by osteocyte cells, detect the rela-
tively low loading profile of bone and favor resorption over deposition, resulting in 
a bone density that decreases with time. Osteopenia decreases bone mineral density 
and increases the risk of implant-bone loosening or bone fracture during activity 
[13, 14].

3.2  Implant Stress and Failure

Stress is a measure of internal forces in a localized region of material and has units 
of force divided by area. Most often in orthopedic biomaterials stresses are gener-
ated in an implant in response to applied external loads. Stress causes a material to 
deform, creating strain which is a measure of internal displacement in a localized 
region of material. Strain is a unitless ratio of final length to initial length. Basic 
yield and fatigue failure theories for engineering materials such as orthopedic 
implants primarily utilize stress to predict failure. Most current fracture fixation 

S. M. Tucker et al.



411

implants are usually considered as linear elastic materials, meaning that while they 
undergo deformation below failure thresholds, a linear relationship between stress 
and strain is maintained. Young’s Modulus or elastic modulus is equivalent to the 
ratio of stress to strain. Examples of linear elastic materials include steel, carbon 
fiber, and glass. Once the yield stress is reached, the material begins to fail plasti-
cally and the Young’s Modulus no longer accurately describes the stress-strain 
relationship.

Stress in a fracture fixation construct, like in other mechanical applications, is 
subject to concentration effects. Stress concentration describes the localized magni-
fication of stress due to geometric features such as holes and sharp corners. Changes 
in cross sectional area are common along fracture fixation implants and are fre-
quently caused by variable implant design, holes in the implant intended for screw 
placement, tapers, fillets, and edge characteristics. Most fracture fixation plates 
have unique underside geometries that limit areas of contact with the periosteum in 
order to reduce damage to blood supply. Variable cross sections are introduced in 
some cases to avoid interference with anatomical structures and reduce the weight 
of the implant. In most modern plates, the removal of material under the plate to 
limit bone contact area is done in such a way as to keep the cross-sectional moment 
area of inertia of the implant the same throughout the plate length. This allows the 
surgeon to easily bend the plate if needed during the surgical procedure.

Fracture fixation construct failure can occur within the implant. If the failure 
occurs under a static load, yield can occur at the location of maximum shear stress 
in ductile materials. The yield strengths for common fracture fixation implant mate-
rials such as cold-worked stainless steel, hot-forged CoCr alloy, and forged, heat 
treated titanium are 792, 1600, and 1034 MPa, respectively. Bone screws are typi-
cally made of annealed stainless steel which has a yield strength of 331  MPa. 
Typically, shear stress is maximized in the implant region near an unsupported frac-
ture gap where there are fewer points of fixation and where the largest bending 
moments are likely to occur. When the applied load is not sufficient to cause yield 
failure, the implant may still accumulate damage in the form of microcracks. Cyclic 
loading at sub-yield stress levels causes fatigue failure via progressive crack propa-
gation and eventual brittle fracture within the implant. At stresses above a material’s 
endurance limit (a cyclic stress amplitude below which failure will never occur), 
one can calculate the number of fully reversed loading cycles required to reach 
fatigue failure. The resulting data are plotted on an S-N curve to characterize the 
material’s response to cyclic loading. A Goodman Diagram may be used to consider 
the fact that implant mechanical loading is often not fully reversed, and is instead 
repeated with a non-zero mean stress.

However, the amplitude of cyclic loading of fracture fixation implants is often 
variable, dependent on a variety of functional activities (e.g. walking, climbing 
stairs, jumping, etc.). Under Miner’s rule, the total damage is defined as the sum of 
incremental damages calculated for each load amplitude [15]. Each incremental 
damage can be calculated as the ratio of the number of cycles at a given stress or 
strain range to the total number of cycles required for failure at that range. Some 
commercial finite element software include more advanced algorithms for  predicting 
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fatigue, e.g. ‘fe-safe’, a durability finite element software suite from Dassault 
Systemes. Fixation and contact points between the implant, screws, and bone are of 
special interest for biomechanical characterization as these locations are common 
sites of construct failure. Screw head shearing has been documented to occur. In this 
case, screw fractures typically occur near the screw-implant-bone junction (Fig. 6). 
Shear stresses in this region can be influenced by decreasing the distance between 
the fracture gap and the closest screws (working length), increasing the screw count, 
and biological stiffening across the fracture site via healing [16]. Local bone micro- 
fracture at the screw-bone interface can also occur, typically leading to screw pull-
out from the bone [17].

3.3  Fracture Gap Strain

Bone is remarkable in its ability to regenerate following a fracture. Unlike most 
other tissues which produce scar tissue, a fractured bone, adequately stabilized and 
with sufficient vascularization and other biological factors, is able to ultimately 
regain its near-original form [18]. Nonoperative treatment relies on some degree of 
stability from soft tissues including muscles, ligaments, fat, and skin, whereas oper-
ative treatment increases stability through implant fixation.

Various theories have been proposed for how mechanical stimulus affects dif-
ferentiation and adaptation of healing tissues. These theories are based on mechani-
cal stimulus in the form of hydrostatic pressure, deviatoric stress, and even fluid 
flow velocity, the latter viewing the tissue as a poroelastic material.

Fig. 6 Careful considerations of biomechanics is needed when treating difficult fractures. 
Surgeons attempt to create conditions at the fracture site that will promote healing while allowing 
functional use of the extremity. Radiographs from our center show a loss of fixation, plate, and/or 
screw failure in the (left) proximal tibia, (middle) proximal humerus, and (right) distal dibia. 
(Images from our medical center)
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Interfragmentary displacement or strain (displacement divided by fracture gap 
width) measures provide a useful and intuitive means of characterizing mechanics 
at the fracture gap. Based on available evidence, moderate strains of approximately 
10–50% have been proposed as being beneficial to healing [19, 20]. This strain is 
often split into two components: axial or longitudinal, acting along the long bone 
axis, and shear, acting perpendicular to the long bone axis. There is some consensus 
that shear strains can be detrimental to fracture healing, whereas moderate axial 
strains are beneficial [21, 22]. Dynamized intramedullary nails and certain new 
plate technologies promote additional axial strain [23]. Excessively high strains are 
inhibitory to fracture healing and may result in nonunions [24–26]. Compressive 
interfragmentary displacements are superior to distractive displacements in creating 
callus [27]. Bone formation is linked with vascularization, and interfragmentary 
movements early in fracture healing to promote revascularization, but in the later 
stages of healing can inhibit blood flow [24, 28]. Some investigators have demon-
strated clinically the influence of biomechanical and biomaterial choices on fracture 
healing and callus formation [29]. However much of the evidence supporting these 
theories are from studies in animals, especially sheep. In these studies, fractures, 
often in the tibia, were simulated with osteotomy cuts leaving a gap. The fractures 
were stabilized with external fixators. In one such study [21], five sheep were fixed 
with a device that allowed only axial interfragmentary displacements, and five 
sheep were fixed with a device that allowed only shear displacements. Displacement 
magnitudes were 1.5 mm with a 3 mm fracture gap (50% strain) in both groups. The 
group with shear displacements experienced significantly delayed healing of the 
osteotomies, with one third stiffness of the healing site after 8 weeks.

Although there is some consensus that axial and shear strain influence fracture 
healing differently, unfortunately control of these two strain components by changes 
in fracture fixation construct are not always intuitive. For example, increasing the 
working length (or bridge span) between the inner-most screws in a plate construct 
seems that it would mostly affect axial interfragmentary strain; however recent pre-
dictions from finite element models of 66 supracondylar femoral fracture fixations 
in patients (with supporting data from synthetic bone experiments) revealed that 
increasing working length primarily affected interfragmentary shear motions, not 
axial motions [22]. Changing the plate from stainless steel to titanium increased 
both types of motion. Callus formation in the patients was not associated with 
comorbidities including smoking or diabetes, but was promoted by longitudinal 
motions and inhibited by shear motions at the fracture site [22]. Additionally, 
improvements in one aspect of biomechanics may lead to concerns in another 
aspect; the scenario of large longitudinal strains combined with small shear strains 
may be achieved with smaller plate bridge spans, but unfortunately these smaller 
spans lead to larger plate stresses and a risk of plate failure [6, 22].
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3.4  Biomechanical Variables

Bone strain and displacement at the fracture gap are influenced by the stiffness of 
the construct, interfragmentary contact, and load transfer at the fracture gap. The 
stiffness of a fixation construct is its resistance to deformation in response to applied 
loads. Stiffness is a function of several construct variables: design, orientation, 
material composition, working length, screw count, and biological material proper-
ties in the fracture gap. Construct stiffness can be measured in multiple modes: 
bending, torsion, and compression. The bending stiffness for plate constructs in 
long bones often dictates most of the displacement at the fracture gap, whereas 
circular- type external constructs rely more on the compression stiffness mode. 
Torsional stiffness can become important clinically in all types of fracture repair 
constructs (plate, intramedullary nails, and external fixation).

Various fracture fixation devices provide stiffness to the fracture. For example, a 
bridge plate is a construct in which a plate implant acts as an extramedullary splint 
spanning a complex fracture and bends and compresses in response to axial loads on 
the bone. The bending stiffness of a bridge plate can be calculated as an applied 
bending moment divided by lateral deflection. Similarly, the compressive stiffness 
of the bridge plate can be determined by dividing the applied axial load by axial 
displacement. All loading modes (compression, bending, and torsion) work in uni-
son to dictate the bony displacement and strain at the fracture site, critical for frac-
ture healing, under a given load scenario.

Graded-stiffness and composite material compositions can modify construct 
stiffness although currently they do not see much clinical use. The working length 
of a fixation construct is the distance between the two fixation points closest to the 
fracture gap. The stiffness of the construct can be approximately inversely propor-
tional to the working length [30]. Surgical decisions such as screw placement can 
cause construct stiffness to be too extreme in either direction (too stiff or too com-
pliant) to promote healing.

Use of either locking or nonlocking screws will influence the fracture fixation 
biomechanics. Locking screws maintain a fixed angle with the plate and do not 
enable motion at the screw-plate interface. Nonlocking screws compress the plate 
and the bone together creating a frictional interface between them. Over time, espe-
cially in unicortical screw fixation, normal stresses in the cancellous bone surround-
ing screws may cause loosening at the bone-screw interface, allowing the screws to 
toggle at the implant-screw junction. Thus, the biomechanics of nonlocking screws 
allow for some motion at the screw-plate interface, potentially resulting in a decreas-
ing construct stiffness over time [31].
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4  Biomaterials

4.1  Stainless Steel Vs. Titanium alloys & Other Materials

Although a vast array of metallic alloys are available for titanium and stainless steel, 
the mechanical, chemical, and biocompatibility properties dictate that a small sub-
set of these alloys are appropriate for use in fracture fixation applications. 
Metallurgical alloying can influence multiple material properties of the base metal. 
Specifically relevant to fracture fixation are the toughness, manufacturability, oxi-
dative potential, corrosion resistance, and biocompatibility. Most modern implants 
are manufactured through forging [32].

The current most common stainless steel alloy used in orthopedic fracture fixa-
tion applications is designated as 316L. This low carbon content alloy is manufac-
tured to follow ASTM F138 and F139 standards which specify: ≤0.03% carbon, 
≤2% manganese, ≤0.03% phosphorous, ≤0.75% silicon, 17–20% chromium, 
12–14% nickel, 2–4% molybdenum, with the remainder being iron. The carbon and 
chromium content contribute to corrosion resistance while nickel and molybdenum 
improve the mechanical toughness of the alloy. 316L is amenable to cold-working 
strengthening which can potentially increase the yield strength from 330 MPa to a 
maximum of 1200 MPa [32]. The elastic modulus for stainless steel is 190 GPa.

Titanium and titanium alloys have an elastic modulus of 110 GPa, considerably 
lower than that of stainless steel and closer to that of bone, which explains why 
titanium alloy implants mitigate the risk of bone loss associated with stress shield-
ing. Titanium is commonly alloyed with aluminum and vanadium, the most com-
mon being Ti-6AL-4V (5.5–6.5% aluminum and 3.5–4.5% vanadium).

4.2  Biocompatibility

All components of internal fracture fixation implants and percutaneous components 
of external implants must be biocompatible. Because fracture healing typically 
occurs on the order of weeks to months, biocompatibility must be maintained long 
after the materials have been implanted. Although a complex topic, the biocompat-
ibility of an implant refers to the local and systemic physiological changes under-
taken by host tissues in response to the implant’s presence. Potential biocompatibility 
hazards of orthopedic implants include toxicity, immunogenicity, mutagenicity, and 
infection propensity. Most assessments of biocompatibility of fracture fixation con-
structs focus on immune responses to the implant. Immune responses can be trig-
gered by material composition, surface topography, as well as size, depending on 
the local implant environment, and can activate traditional innate, complement, and 
humoral immunological pathways.

The implant surface-tissue interface is the single most important driver of bio-
compatibility in metallic implants [33]. Morphological features such as porosity, 
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surface modification, and smoothness as well as chemical characteristics such as 
hydrophobicity, wettability, surface charge, and polarity influence an implant’s 
immunogenicity [34]. Furthermore, corrosion (see below) may modify an implant’s 
morphology, produce small particles from the implant, and ultimately reduce long 
term biocompatibility. Soluble corrosion products can be immunogenic and can 
also be associated with local cytotoxic and tissue toxicity reactions.

Biomaterials may be classified as inert, interactive, or viable [35]. Inert biomate-
rials such as cobalt-chromium alloys generate little or no biological response in the 
absence of wear and corrosion. Titanium and stainless steel are classified as inert 
biomaterials. Titanium and titanium alloys typically exceed the biocompatibility of 
stainless steel [36] as well as have lower infection rates over steel [37]. Both tita-
nium and stainless steel alloys commonly used in fracture fixation have very good 
biocompatibility modulated by an inert, insoluble oxide layer that forms on the 
surface and is chemically impermeable.

Interactive biomaterials differ in that they are designed to trigger biological 
responses such as osteoinduction or osteointegration. Viable biomaterials contain a 
biological component and may be resorbed or biodegraded. Fracture fixation 
implants are currently most commonly comprised of inert biomaterials, but a con-
struct that can adapt its mechanical properties as a fracture heals may be desired. 
Early investigation into resorbable plates and screws shows potential in a rising field 
of research [38, 39].

Biodegradable polymeric biomaterials, such as synthetic polyesters, are emerg-
ing as candidates for orthopedic implant applications as biodegradation may elimi-
nate the need for surgical removal of implants. Degradation of synthetic polymeric 
biomaterials causes foreign-body reactions that are measured using histopathology 
and currently their immunogenic hazards have little clinical significance [40]. 
Current research finds biomaterials such as polyetheretherketone (PEEK) to have 
good strength and radiolucent properties that enable improved visualization of frac-
ture healing by computed tomography and standard radiographs. However, PEEK 
suffers from inferior fixation strength and stability compared to titanium [41]. 
Advances in polymer manufacturing and fracture fixation technology may yet have 
clinical applications in fracture fixation.

4.3  Corrosion

Metallic materials used for fracture fixation in the body are susceptible to chemical 
attack, termed corrosion. Corrosion is a collection of degradative processes result-
ing from metals reacting with charged particles in solution. An oxidation reaction in 
which the metal loses electrons to the surrounding solution starts a corrosive pro-
cess. Metallic surface particles then either dissolve or form an oxide on the material 
surface. Corrosion initiation is driven by the thermodynamics of redox reactions 
and inhibited by kinetic barriers. For a given implant material, the thermodynamics 
of reduction/oxidation reactions are fixed within a biological milieu. Therefore, a 
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metallic implant’s defense against corrosion is through development of kinetic bar-
riers through passivation. Passivation typically characterizes formation of a passive 
metal-oxide layer on the outer surface of the metal. A continuous passive film pres-
ents a physical obstacle for the ion transfer necessary to begin a corrosive process.

Broadly, corrosion can occur through several main mechanisms described as uni-
form attack, galvanic corrosion, intergranular corrosion, crevice corrosion, and fret-
ting corrosion [32]. Fracture fixation implants, however, are typically susceptible to 
galvanic, crevice, and fretting corrosion pathways.

Galvanic corrosion is driven by an electrochemical potential gradient of metals 
in contact with each other. While a larger problem for modular implants, galvanic 
corrosion can occur in fracture fixation implants, for example, if the screws are 
made of a metal with a different electrochemical potential than that of the implant 
metal. For this reason it is uncommon for a fracture fixation construct to vary in 
composition between screws and implant.

Stress corrosion cracking is a subset of crevice corrosion in which pits grow on 
the surface of the material. The ionic microenvironment in pits serves as a barrier 
between the local implant surface and the surrounding tissues. The net effect of the 
pit microenvironment is to facilitate corrosion through ionic exchange between the 
implant metal and nearby tissue. Additionally pit geometry concentrates stress and 
promotes crack formation. When the stress intensity in a pit reaches the critical 
value for crack propagation under corrosive conditions, a crack can propagate and 
cause component failure. Unfortunately, the critical value for crack propagation 
under corrosive conditions is typically lower than the fracture toughness of the 
material, making stress corrosion cracking difficult to predict.

Fretting corrosion is corrosive damage resulting from cyclic motion between two 
opposing surfaces. In this mechanism, grooves and oxide debris develop on the 
surface as a result of toggling between contacting components. Fretting corrosion 
exposes the material beneath the passive oxide layer. For example, nonlocking frac-
ture fixation designs are at risk for fretting corrosion whereas locking screws do not 
experience motion at the screw-plate interface and are less susceptible.

5  Experimental and Computational Modeling of Fracture 
Fixation Mechanics

The growth of orthopedic fracture knowledge facilitates a shift from hypothesis- 
based medicine to evidence based medicine. This change in approach accompanies 
technological developments in computer science, manufacturing, materials research, 
and mathematical methods which combine to create more accurate laboratory mod-
els of interactions between biology and medical devices than past iterations. Medical 
decisions should be made based on the best known available models which, some-
times, are still clinically observation-based. As research efforts expand to meet the 
evidence needs of modern fracture fixation, two distinct modalities emerge. 
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Experimental research in this context will refer to physical experiments, often 
involving mechanical loading, kinematics, kinetics, or chemical phenomena. 
Computational experiments will encompass those experiments conducted predomi-
nantly in silica, although experimental research accompanies them as validation 
frequently.

Mechanical and biological environments involved in clinical fracture fixation are 
very complex. Despite substantial advances in lab-based experimental and compu-
tational models, clinical studies remain a vital part of modern investigation.

5.1  Experimental

Most lab-based experimental research in fracture fixation biomechanics and bioma-
terials focuses on mechanical testing and/or bone healing. Mechanical testing 
involves a direct application of load or displacement and is valuable because it 
enables direct measurement of a construct’s response. The mechanical testing setup 
includes a loading apparatus, implant hardware, a fixation mechanism, and a bone 
model. The most commonly used loading machines are either uniaxial or biaxial 
standard mechanical testing frames retrofitted with fixtures to accommodate a frac-
ture construct. Implant hardware used during testing is commercially available 
hardware or, in the case of testing new devices, custom made. Regardless of hard-
ware, most fixation mechanisms selected for testing are those that would be also 
used in clinical cases analogous to the experimental model. Depending on the 
research question, the bone model can range in complexity from cylindrical plastic 
pipe to compound synthetics to human cadaveric specimens. Such studies are typi-
cally focused on the ‘time-zero’ mechanical response before any fracture healing 
occurs, unless the fracture callus or bone healing is artificially simulated. Advanced 
composite fiber glass, epoxy resin, and polyurethane synthetic bones can adequately 
represent certain bone mechanical properties, but adequacy in representation of 
screw or implant fixation and loosening is still controversial. A question regarding 
specific implant stresses and strains may be answered without the need for expen-
sive cadaveric bone specimens but a question focused on screw-bone fixation or 
involving a complex fracture pattern may be best answered by recreating the frac-
ture in a true bone in the laboratory setting. These cadaver bones are typically stored 
frozen, not formalin-fixed because of potential changes in mechanical properties 
associated with chemical preservation.

Experimental research can be used to test fracture construct performance during 
functional activities or to simulate traumatic construct yield events. Generally of 
interest are failure scenarios in the implant, the fixation mechanism, or in the bone. 
Static loading patterns are effective ways to test yield failure modes, whereas cyclic 
loads can be applied to simulate fatigue failure. Both failure modes are usually pos-
sible in a patient; yield if a patient has an accidental fall or other high load event, and 
fatigue associated with long term physiological loading, especially if the fracture 
does not heal quickly and the implants bear larger loads for longer time (Fig. 7). 
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Outcomes such as construct stiffness and strength are commonly measured under 
loading conditions including axial compression, torsion, bending, or a physiological 
combination thereof [42]. Motion of bone fragments or implant components during 
mechanical testing can be measured using infrared cameras, DVRTs, or simple opti-
cal measurement methods using a digital camera.

Lab-based experimental research aimed at fracture healing is often conducted in 
animal models. Animal models can be used to assess the impact of novel fixation 
constructs or biological therapies on the healing response. For example, a recent 
study demonstrates a faster and stronger healing response with active plating over 
conventional compression plating in sheep [43]. Although larger animal models are 
costly and time consuming they have the ability to simulate a biological environ-
ment with similarities to that of a fractured human bone. Animal models can be 
exposed to loading protocols in custom loading devices to simulate the mechanics 
of activities with ties to human function [44, 45]. Furthermore, studies in smaller 
species enable the use of genetic modification to understand mechanotransduction 
of fracture healing on a cellular and molecular level [46, 47], although the metabo-
lism and anatomy of these animals is often very different than humans, a hurdle to 
clinical translation.

5.2  Computational

Computational fracture fixation research aims to simulate the mechanical environ-
ment of a fixation construct. Due to limitations in computational power and modern 
characterizations of biological materials it is not yet possible to accurately model all 
biological, chemical, and physical properties of implant hardware and biological 
tissue, however these features may have limited impact on specific aspects of con-
struct behavior. Therefore, major assumptions are made to simplify development 
and run time of computational models of fracture fixation. The most commonly 
used computational approach is the finite element method.

Computational models from previous studies focus on the effects of varying 
implant design [48], implant material composition [49–51], implant alignment and 
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positioning [52, 53], implant fixation [54–56], and bone and fracture characteristics 
[57–59]. Similar to experimental models, computational models often focus on pre-
dicting implant failure, fracture gap strain, and implant load transmission. 
Computational models have an important advantage of being able to predict dis-
placement, stress, and strain throughout all 3D points of a construct, whereas exper-
imental measurements are often limited to selected external points of a construct. 
Computational models may also simulate the time-dependent effects of fracture 
healing on local mechanics, a challenging scenario to recreate in an experimental 
model. Computational models enable comparison of results associated with varia-
tion in a single model parameter, which may not be easily facilitated by experimen-
tal models, especially if expensive biological specimens are involved. Computational 
models allow for multiple levels of data interrogation while the physical nature of 
experimental models limit analysis to specifically measured outcomes. However, 
computational models depend on user-defined inputs to run simulations whereas 
experimental models allow for direct measurement of a physical system. A compu-
tational model developer must understand and justify all inputs to the model. 
Experimental models generally can provide better realism, especially when using 
cadaver tissues, and are thus often used to validate computer models. In some cases 
though, experimental setups are less accurate such as when measurements are sensi-
tive to boundary conditions that are difficult to precisely control experimentally but 
not computationally. Both computational and experimental modeling modes can be 
very time consuming depending on setup and research question.

6  Internal Plating

Internal plating is a common method of treatment for many types of fractures. Plate 
fixation can provide stability by transferring all of the load across a fracture or by 
sharing some of the load burden with bone. Depending on the technique of applica-
tion and design, plates can be used for multiple functions: compression, bridging, 
buttress, protection, and tension band [60].

Screw fixation between the plate and the bone must have sufficient strength to 
resist failure. Screws can be locked or compression, uni- or bi- cortical, fixed angle 
or variable angle, and can be inserted into as many or as few screw holes as desired. 
Locking screws are threaded into the implant as well as the bone to maintain a gap 
between the two, whereas conventional screws rely on frictional compression to 
hold the plate to the bone. Unicortical screws anchor in the cortex closest to the 
implant and into any trabecular bone present beyond the cortex. Unicortical fixation 
is necessary around articular joints and pre-existing prostheses, but is more suscep-
tible to loosening over time and may lead to construct failure via screw pullout from 
the bone [61]. Bicortical fixation is more rigid because the screws pass through the 
other dense cortex after crossing trabecular bone. Variable angle locking screw 
holes allow for user-directed angulation of the screw relative to the plate up to ~17°. 
Varying screw angle can allow the surgeon to accommodate for local anatomy and 
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other implants, or to avoid regions of poor bone quality for screw fixation. 
Unfortunately variable angle locking plate-screw interfaces are not as strong as 
standard threaded locking mechanisms [62], presenting an opportunity for addi-
tional improvements in plate systems. Additionally, screw holes within a plate can 
be elastically suspended to enable dynamization of the fracture in what are called 
active plates. Furthermore, the screw holes in the implant may be designed to be 
slots instead of circular holes. Slot-shaped screw holes allow the plate to slide 
around the screw which, like active plating, enables motion at the fracture.

Internal fixation plates are most commonly made of either stainless steel or tita-
nium alloys. It has been shown that stainless plates create a stiffer construct with a 
longer fatigue life than titanium plates for applications at the distal femur [63]. 
Other plate materials such as carbon fiber PEEK composites have been shown to 
have comparable torsional stiffness to stainless steel but inferior failure characteris-
tics for distal fibula fractures [64]. New hybrid materials such as glass/flax/epoxy 
composites demonstrated higher ultimate strengths than conventional metals in ten-
sion, compression, and bending while also having a lower axial stiffness [65], how-
ever, they are not yet commonly used in the clinic.

Considering some of the subjective variables involved in internal plating con-
struct implantation (plate length, plate material, number of screws, screw fixation, 
fracture shape, plate working length, etc.), it is evident that an optimization scheme 
could facilitate mechanically-informed surgical decisions [66]. Parametric models 
that iterate construct design variables have been employed to observe the 3D 
mechanical effects of design changes under axial as well as combined axial, tor-
sional, and bending loads (Fig. 8) [16, 67]. Although the number of possible design 
variable combinations is exponentially large, consideration of the surgical environ-
ment and local anatomy and biology can focus the solution space and eliminate 

Fig. 8 Examples of finite element models of subtrochanteric fracture fixation with a lateral plate 
and screws subject to axial loading, showing effects of screw configuration and fracture gap size 
on resulting implant stresses (colors) and fracture gap strains. (Right) Callus was represented with 
springs having various stiffness. Blue represents low stress, red represents high stress. (Data from 
our laboratory)
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analysis of unlikely or impossible construct designs such as one in which no screws 
are implanted. Model outputs such as implant and screw stresses and fracture gap 
strain can also be used to predict construct failure and to observe the mechanical 
influences of simulated healing. Thus, the utility of such models extends beyond 
surgical decision support and preoperative planning into training applications for 
clinicians and implant designers.

7  Intramedullary Nailing

Intramedullary (IM) nailing is a common method of treatment for adult shaft frac-
tures in diaphyseal bones. Nails are commonly used to provide relative stability for 
secondary bone healing for fractures in the femur, tibia, and sometimes even the 
humerus. IM nailing entails multiple decision points which may influence the heal-
ing course and even success of a fixation construct. For example, the nail implant 
diameter can be selected to achieve a tight or loose fit within the medullary canal. 
Additionally, the canal can be reamed to accommodate a larger nail diameter and 
increase the contact area between the nail and the bone. IM nails may be solid or 
cannulated. Solid nails were shown to have a lower risk of infection in rabbits [68], 
whereas the more common cannulated nails may be surgically guided by wire via 
their cannula during installation. IM nail length can dictate whether or not the nail 
engages bone in the distal metaphysis for stability. IM nails are often constrained 
relative to the bone both proximal and distal to the fracture with screws (static lock-
ing). Screws confer rotational as well as longitudinal stiffness to the construct.

Some femur nail designs accommodate two screws both proximal and distal to 
the fracture. A common design to stabilize a proximal femur fracture incorporates a 
helical blade which embeds within cancellous bone in the femoral head. Another 
design feature common to femur nails is a dynamic interlocking screw slot. A 
dynamic screw slot allows for guided translation of the fracture gap along the direc-
tion of the slot (inducing desirable axial interfragmentary strain) while still confer-
ring torsional shear stability with bicortical screw fixation. Sometimes screws may 
not be installed on one side of the fracture to allow for dynamic compression at the 
fracture site, although care must be taken in these cases to ensure the nail does not 
perforate the bone on the unfixed side.

The first IM nail implants were made of stainless steel for their strength and 
biocompatibility. However, stainless steel nails were too stiff to accommodate shape 
mismatch between the nail and bone. These features were enhanced by a change to 
a Ti-6AL-7NB titanium alloy which is now standard as a nail material. Titanium 
nails demonstrate less slipping, more even stress distributions, and increased con-
tact area within the medullary canal over stainless steel nails in a computational 
model [49]. Furthermore, titanium nails reduce interfragmentary shear motion to 
better promote fracture healing over stainless steel nails [69]. Another study found 
that titanium nails are more stable than stainless steel in torsion and axial compres-
sion, although both nail materials resisted failure at non-weight-bearing loads [70].
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The mechanics of IM nails spanning a fracture are complex. The type and com-
minution of the fracture dictates how much of the load applied through the bone 
must pass through the nail. A fully comminuted fracture will require the nail to 
transfer all of the load across the gap via the locking screws and represents the 
worst-case scenario in terms of implant load bearing. Other factors that influence 
nail construct mechanics are the material properties of the nail and screws, the cross 
sectional shape and anterior bow of the nail, nail diameter, nail length, medullary 
canal reaming, and screw configuration. For example, it has been shown that longer 
nails can generate higher contact stresses with the bone medullary canal surface 
than shorter nails, and that the contact stresses can be mitigated by increasing the 
flexibility of the distal end of the nail [71]. An experimental model in cadavers indi-
cated that distal screws significantly increase maximum rotational load to failure in 
unstable intertrochanteric fractures and recommended their use due to the improved 
torsional strength [72].

Contact within the medullary cavity is a significant mechanism for nail load 
transfer [73]. The location and area of contact are influenced by nail size and shape, 
canal reaming, and implant position and orientation. If the contact area is small, the 
load transferred to the bone is concentrated and can generate high stress. This is 
thought to be a primary cause of bone pain which some patients report after IM nail 
implantation. Increasing the area of contact between the implant and the bone may 
reduce pain through design of the nail cross section and radius of curvature, select-
ing an appropriate diameter nail for the bone, and canal reaming. It has been shown 
that an 11 mm-diameter nail with static interlocking reduces motion at the fracture 
site up to 59% compared with a 9 mm-diameter nail [74]. Nail implant modifica-
tions such as diameter, material, and cannulation as well as screw material and area 
have been shown to reduce interfragmentary shear motion up to 54% [69]. Prior 
work combining computational and experimental modeling has validated finite ele-
ment models of an IM nailed femur at four stages of gait and suggested future 
improvements in implant design and surgical implantation [75].

Research in our laboratory using the finite element method has demonstrated 
some effects of surgical and implant alterations on IM nail biomechanics (Figure 9). 
These models utilize idealized bone and implant geometries. Additionally, more 
realistic bone and IM nail geometries have been modeled for the femur. The femur 
model was built using Mimics software suite from a patient CT scan. Separate mate-
rials are defined to represent cortical bone and adjacent cancellous bone. The nail 
geometry is generated in Solidworks software using the manufacturer’s design 
specifications. The nail implant is aligned with the bone to represent surgical posi-
tioning and then the bone canal is reamed. The implant and bone models are then 
imported into Abaqus software for finite element analysis. The models are meshed 
and boundary conditions, contact constraints, and applied loads are defined. Screws 
elements are positioned to align with screw holes in the nail and are embedded 
within the surrounding bone mesh. A fracture can then be modeled by defining a 
cutting plane and removing elements that intersect the plane. A complex 3D model 
with physiological boundary conditions and applied loads can provide insight into 
the location and magnitude of stresses in the implant, screws, and bone (Figure 10). 
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Surgical variables such as nail positioning, bone quality, type and number of fixa-
tion screws, applied loads, and fracture type may all be varied to view the influence 
of these features on resultant stresses.

8  Perspective

Advances in fracture fixation rely heavily on the intersecting disciplines of bioma-
terials, mechanics, biology, and clinical sciences. The twenty-first century holds 
promise for advancement in personalized medicine for the field. As computational 
technologies become more accessible and advanced for medical applications, 
researchers identify novel challenges that can drive improvements in patient care. 
Developed computational methods can be used to iterate implant design concepts 
and suggest geometric, positional, and material variations to achieve better optimi-
zation of construct mechanics. Furthermore, the detailed, accurate approximations 
of mechanics now available from simulated fracture fixation experiments can be 
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Fig. 9 Finite element models of intramedullary nailed long bones subject to axial force and bend-
ing. Effects on fracture gap motions and stresses due to construct configuration are evident. Blue 
represents low stress, red represents high stress (Data from our laboratory)

Fig. 10 Stress color map of an implanted IM nail within an unfractured femur under loading simu-
lating the stance phase of gait. Blue represents low stress, red represents high stress (Data from our 
laboratory)
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used in conjunction with fabrication techniques such as additive manufacturing to 
create implant concepts that were previously impractical to develop. As the one- 
implant- fits-all approach loses traction in lieu of case-specific construct designs, it 
is expected that patient outcomes will continue to improve, resulting in reduced 
time required for fixation, enhanced healed bone mechanics, and fewer negative 
outcomes such as residual deformity and implant or fixation failure.
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1  Introduction

Millions of people are suffering today due to bone disease caused by bone injury 
and trauma. Bone tissue engineering is the interdisciplinary research field of bioma-
terial and tissue engineering to address these problems for the improvement of bet-
ter quality of life. Due to several complexity in conventional approach like limited 
supply of autograft and donor side morbidity in case of allograft, researcher opted 
for tissue engineering scaffold to counter these problems. Tissue engineering scaf-
fold is design to grow and proliferate bone cell in a three dimensional platform 
which mimics the extra cellular matrix of bone. Bone is composed of 30% organic 
(collagen fiber) and 70% inorganic (carbonated apatite) material designed in an 
artistic manner to withstand the load provided by our body. Scaffold seeded with 
mesechymal stem cells (MSCs) is considered to be a very usefull technique in the 
field of biomedical engineering. MSC’s along with osteoblast and chondrocytes 
derived from various locations of patient’s hard and soft tissue body can be expanded 
by in vitro culture, and then seeded on the scaffold, which will gradually degrade 
and resorb as the tissue structure developed in vitro and in vivo. The scaffold pro-
vides the necessary support for proliferation and differentiation of MSCs into osteo-
blastic lineage. The architecture of the scaffold determines the final shape of bone 
and cartilage tissue. Different types of scaffold materials have been developed and 
investigated for tissue engineering bone and cartilage, including hydroxyapatite, 
tri-calcium phosphate (β-TCP), bioactive glass and natural biopolymer such as 
collagen, chitosan, and alginate [1–5]. Many reviews are available regarding 
general properties and design feature of biodegradable and bioresorbable polymer 
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and scaffold. The main objective of this chapter is to provide an overall work done 
so far in this field, with a special focus on the evolution of biomaterials and their 
characteristics that are specific for biopolymer scaffold based strategies of bone and 
cartilage tissue engineering.

2  Tissue Engineering

Tissue engineering is a trans-disciplinary approach that applies the knowledge of 
engineering and life science in order to develop biological substitute to repair or 
replace damaged and diseased tissues. There are three important issues need to be 
considered for successful tissue regeneration: Isolation of cells from a particular 
source and in vitro culture of the cells, then seed the cultured cells on a suitable 3D 
platform which supports 3D tissue regeneration as shown in Fig. 1 [7]. In conven-
tional tissue engineering strategy, cultured cells are implanted on the scaffold and 
implanted into defect site for generation of new tissue [8]. In this strategy, cells 
proliferate and differentiate in a three dimensional scaffold to develop new tissue, 
whereas, scaffold materials degraded away leaving the cells embedded by extracel-
lular matrix as the tissues are regenerated [9]. Though the promising earlier research 
outcomes [10, 11], the donor cell limitation and low quality of regenerated tissues 
remain two hurdles still prevails in tissue engineering application [12].

Scaffolds are needed to provide various others function besides maintaining 
basic structural support with proper degradation kinetics on the site of application. 
In other approaches, cellular scaffold implanted at defect site can deliver appropri-
ate biomolecules in a controlled manner, which in turn manage to accelerate the 
proliferation and differentiation to successfully regenerate tissue [13]. Nowadays, 
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Fig. 1 The basic principle 
of tissue engineering [6]
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growth factor releasing cell supportive scaffolds are much more superior and have 
also been used recently with incorporated cells [14, 15]. These types of scaffolds are 
called bioactive scaffolds [16, 17].

3  Bone

Bone is a highly vascularised mineralized tissue which basically provides a skeletal 
support by protecting different internal organ system inside our body [18, 19]. 
Therefore, entire body functionality and thus lifestyle are affected by major defects 
in its structure [20]. Bone tissue regeneration provides intricate factors, one of 
which is to mimic the natural microenvironment of bone. The intrinsic ability of 
bone to regenerate is extent up to a certain limit, but when the defect is large in bony 
site it is very difficult to heal properly and as a result in long run it may fail [21].

3.1  Structure and Composition of Bone

Bones are consisted of three types of bone cells having specific functions with sur-
rounding extracellular matrix. Among other components, mainly Collagen I occupies 
almost 95% of bone’s organic part of Extra Cellular Matrix (ECM). Another 5% con-
tributed by proteoglycans and non-collagenous proteins [22]. Glycosaminoglycan 
[GAG] like proteoglycans can be found in bone and cartilage tissue as well. Calcium 
phosphate minerals are responsible for providing rigidity ad strength in bone matrix 
[23]. The composition of bone is presented in Table 1.

3.2  Types of Bone

Cortical (hard) and cancellous (trabecular) bones are the two types of bone exist in 
our body. The cortical bone typically occupies the outermost part of most of the 
bones with a 80–90% of mineralization [24]. This is mainly responsible for provid-
ing proper mechanical strength to the whole skeleton system. Cancellous bone 
generally occupies the interior parts of bone with 15–20% of mineralization [25]. 
All the metabolic action inside bone are taken care by cancellous bone due to its 

Table 1 Composition of 
bone

Component Amount (wt.%)

Hydroxyapatite 69
Organic matrix 22
Water  9
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highly vascularised internal architecture. The calcium phosphate containing collagen 
fibers form lamellar sheets which are arranged in concentric rings to form osteon [26] 
as shown in Fig. 2.

4  Stem Cells for Tissue Engineering

Stem cells are playing a major role in tissue regeneration and orchestrate tissue 
remodelling. MSCs have multilineage differential ability which makes them impor-
tant source of cell to be used in tissue regeneration practice [28]. MSCs can be iso-
lated from several sources like placenta, umbilical cord blood (UCB), adipose tissue 
and bone marrow. Among them, UCB is easily available as a hospital waste product 
[29]. As if now, the treatment of damaged or diseased bone using stem cell tissue 
engineering technique is counted as the foremost research area for a successful 
tissue engineering application.

4.1  Embryonic Stem Cells

Embryonic stem cells (ESCs) are found in the inner cell mass of blastocyst, which 
later develop into embryo tissue. ESCs have a unique ability to differentiate to adi-
pocytes, chondrocytes, neuron and osteocytes. The self renewal property of ESCs 
combined with capability to generate any cells, tissue or organ for tissue regeneration, 
promises its potential application in treatment of human disease [30].

Fig. 2 Structure of mature bone. Note the differing structure of compact and spongy bone 
types [27]

K. Maji



433

4.2  Adult Stem Cells

Apart from ESC, adult stem cells (ASCs) have been identified as a potential cell source 
for the treatment of bone diseases. These ASCs can be found in bone marrow, peri-
osteum, muscle, fat and skin. The main function of ASCs is to maintain and regenerate 
damage tissues in which it is found [31].

4.3  Mesenchymal Stem Cells (MSCs)

MSCs are categorized as undifferentiated adult stem cells found in any tissue and 
organ inside body. These cells are derived from mesoderm and differentiate into 
several other types of tissues like bold, muscle, bone, cartilage, and ligament [32]. 
MSCs have the ability of self renewal including differentiating into other special-
ized cells of different tissues [Fig. 3]. These cells can be isolated easily and cultured 
under in vitro conditions for use in the cell based therapies. Morphology of MSCs 
under in vitro culture conditions has been shown as fibroblast like spindle shape 
having good affinity towards tissue culture plate. So, These are the most suitable 
cells for the use in tissue engineering application.

5  Scaffold

Due to similarities with the artificial ECM of various tissue (bone, cartilage, skin), 
scaffold plays a crucial role in developing particular tissue of want shape, size 
and functionality. In this way, the fabrication method and design of the scaffold are 

Adipocytes

Chondrocytes

Osteoblasts

Muscle cells

Neurons

Mesenchymal stem cells

Fig. 3 Mesenchymal stem cells differentiation in osteogenic, chondrogenic, adipogenic and 
neuronal lineages [33]
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the main consideration of biomaterial research area and therefore identified as a 
relevant subjects with tissue engineering and regenerative medicine [34].

The behavior of the scaffold is intensely subjects of few outline factors, for 
example microstructure, pore size and porosity, mechanical properties and surface 
science. For effective tissue regeneration, scaffold microstructure should imperson-
ate local tissue structure containing ECM. It ought to have adequate porosity and the 
pore should be interconnected all around the scaffold matrix for transport of supple-
ment and waste [35].While tissue regeneration is in advance stage, scaffold should 
have enough porosity to accommodate cells as well as support the transportation of 
nutrient and removal of toxic product from the system through 200–300 μm capil-
lary transport channel. Additionally, scaffold ought to have pore size depending 
upon type of tissue engineering. For bone, muscle and skin the required pore sizes 
are 100–300 μm, 100–200 μm and 20–120 μm, respectively [36]. Another essential 
part of designing of scaffold is its mechanical properties. The scaffold must have 
satisfactory mechanical properties to withstand stress and physiological load and to 
mediate cues for new tissue regeneration. For the most part, scaffold mechanical 
properties should be matched with concerned tissue for which the scaffold is 
expected to.

Surface topography of scaffold is likewise critical and actuate cell attachment, 
proliferation and differentiation. In addition, scaffold surface should posses particu-
lar functional group for the attachment of various biomolecules which in turn gov-
ern the signalling cues for tissue regeneration. The topology of the scaffold should 
have the capacity to control the orientation of cells inside pore for effective cell 
based therapy. Therefore, scaffold material should be investigated with some of the 
above properties and in this way, material choice is imperative for intended tissue 
engineering using scaffold.

6  Scaffold Fabrication Techniques

To develop desired functional tissues and organs successfully, scaffold should 
be cultured with specialized cells such that it facilitates cell distribution and 
guide regeneration of tissue in three dimension platform. The potential for scaf-
folding techniques in the spectrum of tissue engineering is still in its initial 
stage which required to grow further to achieve the excellence in this field. 
Though, in terms of their working principle, each method is unique, but they can 
be different according to their prerequisite application and fabrication tech-
niques. Currently, several fabrication methods are used which include solvent 
casting, Freeze drying, electrospinning, gas foaming and rapid prototyping [37]. 
These are describing below.
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6.1  Particulate-Leaching Technique

This technique has been extensively used over a large area of tissue engineering for 
designing and fabrication of three dimensional scaffolds [38]. Among various poro-
gens, salt is more commonly used in the particulate leaching technique. Briefly, first 
salt (such as NaCl) is ground into small particle of desired size and put into a mould, a 
polymer solution then is poured over the salt inside that mold and freezed. The freezed 
samples are then washed in a non-solvent (such as water or ethanol) but solvent for 
porogen. To create pores in scaffold, the scaffold is dipped in water which washes away 
the salt crystal to form a three dimensional porous scaffold. The process is very simple 
where porosity and pore size can be controlled according to the size of salt crystals and 
salt/polymer ratio. Other critical parameters like pore shape and pore interconnectivity 
are difficult to control in this technique.

6.2  Gas Foaming

This is a very unique technology to develop microcellular foams [39] of thermo-
plastic polymers like polymethyle methacrylate and polystyrene, however only in 
1994. Mooney et al. had use this technique for the fabrication of Poly (L-lactic acid) 
(PLLA) and polyglycolic acid (PGA) PLLA50PGA50 scaffold to apply in tissue 
engineering [40]. Since then it has became a popular method for development of 
microporous scaffolds.

6.3  Lyophilization

Lyophilization or freeze drying is one of the most promising techniques to fabricate 
microporous scaffold where scaffolding materials are dissolved and cast into a 
mould followed by freezing and drying at lower temperature and vacuumed. Finally 
the whole slurry mixture is divided in two separates phases, a polymer rich phase 
and a polymer lean phase. The polymer rich phase can be developed into a three 
dimensional porous scaffold, when the solvent remove from the system via freeze 
drying process. The following two methods [41] have been used to fabricate porous 
membrane for filtration and separation via phase separation techniques.

6.3.1  Solid-Liquid Phase Separation

These techniques can be achieved at low temperatures, which induce solvent 
crystallization within polymer solution. And the process is defined as solid liquid 
phase separation (formation of solid phase in a liquid phase). Pores are generated 
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within the system after removal of the solvent crystal via sublimation or solvent 
exchange process. This technique is very useful for the fabrication of scaffold using 
polymers and composite materials [42].

6.3.2  Liquid-Liquid Phase Separation

Liquid-liquid phase separation occurs when the temperature of the polymer solution 
is reduced below its upper critical solution temperature. In this condition, the pro-
cess develops a bi-continuous structure of polymer rich and polymer lean phases. 
An open-pore structure 3D scaffold can be obtained after evaporation of solvent 
from the system. For example, Poly (D,L-lactic acid) (PLA) and poly (D,L-lactic- 
co-glycolic acid) (PLGA) scaffold fabricated using liquid-liquid phase separation 
techniques by using a mixture of water and di-oxane as a solvent [43].

6.4  Electro-Spinning

Electro-spinning method was employed in the early 1930, when it was used to fab-
ricate non-woven fabric textile products. Afterwards, this technique has been 
upgraded further over a few decades to process biocompatible polymer in order to 
fabricate polymer fibers having a diameter at micro and nanometer level for the 
development of tissue engineering scaffolds. In this process, the polymer solution is 
dragging through a small capillary to form a drop of polymer solution at the end of 
the capillary channel (Fig. 4a). The solvent evaporates as the polymer jet travels 
through the air under high applied voltage, simultaneously a non-woven fibre is 
deposited on the target (Fig. 4b). Though, this technique faces a lot of challenges in 
its application but its sub micron range fiber has the potential application in the field 
of wound healing, drug delivery and tissue engineering [46].

Fig. 4 (a) Schematic diagram of polymer nanofiber formation using electro spinning method [44] 
Adapted from Ref. [44]. Copyright IOP Publishing Ltd., 2007. (b) SEM image of electro-spun 
nanofiber [45]
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6.5  Solid Freeform Fabrication Technique (SFFT)

Solid freeform technology or rapid prototyping has been successfully developed to 
generate highly precise and reproducible artificial ECM scaffolds with fully intercon-
nected porous network (Fig. 5b) for tissue engineering application [48]. Digital data 
produced from computer tomography or magnetic resonance has been required to 
design the accurate and controllable scaffold structure. As this technology relies on 
the photo-polymerized biomaterial, the material property is very essential measure for 
the successful application of this technology. Thus, researchers have further investi-
gated to modify or improve the current processing condition for the fabrication of 
optimum scaffold suitable for desired application in bone tissue reconstruction [49]. 
Some other types of scaffold fabrication methods are indicated in Table 2.

Fig. 5 (a) Photograph of the newly developed scaffold fabrication system using the axiomatic 
approach. (b) SEM images of fabricated microstructure using the newly designed fabrication sys-
tem. Adapted from Ref. [47]. Copyright IOP Publishing Ltd., 2007

Table 2 Fabrication method for 3D composite scaffolds and their advantages and disadvantages

Fabrication route Advantages Disadvantages

Thermally induced 
phase separation 
(TIPS) [50]

Highly interconnected pore structures 
(porosity >95%).
Anisotropic and channel pores. Pore size 
controlled by varying preparation 
conditions.

Long time to sublime solvent 
(48 h)
Shrinkage issues.
Small scale production.
Use of organic solvents.

Solvent casting/
particle leaching [51]

Controlled porosity and Controlled 
interconnectivity

Structures generally isotropic.
Use of organic solvents

Solid free-form [52] Porous structure can be tailored to host 
tissue.
Protein and cell encapsulation possible.
Good interface with medical imaging.

Resolution needs to be 
improved to the micro-scale.
Some methods use organic 
solvents.

Microsphere 
sintering [53]

Graded porosity structures possible 
Controlled porosity
Can be fabricated into complex shapes.

Interconnectivity is an issue
Use of organic solvents.

Scaffold coating [54] Quick and easy. Clogging of pores, sometimes 
organic solvents used,coating 
adhesion to substrate can be 
too weak.
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7  Structural Design

It is very much supported that scaffold with a interconnected porous network favours 
tissue ingrowth, nutrient transport and osteointigration with the host tissue, and 
likewise maximize the long-term stability of the implant [55]. To encourage recov-
ery of damaged bone tissue, the parameters for structural configuration of the 
scaffold like porosity, size and shape of the pore, orientation of interconnected pore 
and a progressive control over structural design parameter are often considered.

7.1  Porosity

Porosity is counted as a morphological property of the scaffold which is indepen-
dent of used material property. Pores is basic for outlining bone tissue designing 
framework since it give important spaces for the proliferation and differentiation of 
bone cells to facilitate the transport phenomenon (transport of nutrients and waste 
material) inside scaffold and support to improved vascularization. In addition osteo-
genesis or interlocking in between implant and surrounding host bone, which is 
more prominent in case of porous surface. Moreover, these phenomena are also 
responsible for the mechanical stability of the scaffold in vivo. Several techniques 
have been modified to created porosity in biomaterials like salt leaching, gas foam-
ing, freeze drying and rapid prototyping [56]. The selection of the fabrication tech-
niques depends upon the property of the biomaterial. Higher porosity in the scaffold 
does not have any potential impact over cellular event but as the porosity increases 
the effective pore space which directly enhances the cell proliferation because 
unhindered supply of nutrient and oxygen transport to the cellular colony [57].

7.2  Pore Size

Impact of porosity and pore structure on the relative degree of osteogenesis has been 
applied in vitro in osteoblast and undifferentiated MSCs. For example, composite 
scaffold containing hydroxyapatite (HAp) and collagen having pore size ranging 
between 50 and 300 μm, found to be diminished the porosity with increasing HAp 
content, yet not significant contrast were observed in MC3T3-E osteoblast prolif-
eration [58]. An extremely fascinating part of the impact of pore dimension on bone 
regrowth is the effect on progressive osteoinduction. Regular honeycomb shaping 
pores were observed in HAp scaffold used for subcutaneous delivery of Bone mor-
phogenic protein (BMP2) into rats [59]. In general, macropores and micropores 
played the key role in the permeability of drug to the application site. Smaller pores 
were more favorable to chondrogenesis than osteogenesis, whereas in large pores 
bone was formed directly.
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8  Mechanical Properties

Though higher porosity and pore size encourage bone regeneration, the outcome is 
however a decrease in mechanical strength. As this encompasses the constructural 
coherence of three dimensional matrixes. In tissue engineering applications, perme-
able scaffolds with higher porosity must have adequate mechanical quality to hold 
their underlying structures after implantation, especially in the reconstruction of 
hard, load-bearing tissues, for examples, bones and ligaments. The structure must 
not pack together under physiological pressure, which causes damage cells inside 
the scaffold. Chitosan based sponges with a pore size of 100 μm were developed 
inside hydroxyapatite/β-tricalcium phosphate 3D scaffolds with macropores 
between 300 and 600  μm having both compressive modulus and yield stress 
increased about four times [60]. Porous foams like structure were fabricated after 
sintering poly(lactide-co-glycolide) PLGAmicrospheres and increase in larger 
median pore size from 72 to 164 μm had no significant effect on total porosity 
(>30%) [61]. Similarly, higher porosity leads to the lower mechanical properties of 
porous poly (L-lactide-co-D,L-lactide) scaffolds, with compressive strength 
decreased from 11.0 to 2.7 MPa and modulus from 168.3 to 43.5 MPa [62].

The stability of various biomaterial based scaffolds after implantation depends 
on factors such as strength, elasticity, absorption at the material interface and chem-
ical degradation. In this way, the examination of mechanical properties, for exam-
ple, compressive strength is of essential significance in deciding the appropriateness 
of the designed scaffold. Firstly, it should be considered that at the end the scaffolds 
would be utilized in the physiological environment where the primary loading is 
compressive in case of bone or cartilage. Secondly, the presence of numerous tiny 
voids in the porous solid poses significant structural flaws to magnify the effect of 
crack propagation in stretching or bending. In this manner, the larger part of research 
discoveries on tissue engineering scaffolds are centered around their compressive 
properties when scaffold’s mechanical properties.

The deformation behaviors of porous solids under compressive loads for honey-
combs are shown in Figs. 6 and 7. The mechanical properties of honeycombs are 
arranged in two groups in-plane properties and out-of-plane properties. The in- plane 
properties are those identifying with loads applied in the X1 and X2 plane. Responses 
to loads applied to the faces normal to X3 are referred to as out-of-plane properties.

At the point when a honeycomb is compacted in-plane, the pore walls at first bend 
(Fig. 6a), giving linear elastic deformation (shown on stress-strain curves in Fig. 7a).

Past a critical strain the pores collapse by elastic buckling, plastic yielding 
(Fig. 6b), creep or brittle fracture, depending on the nature of the pore wall material. 
Pore collapse ends once the opposing pore walls begin to touch each other; as the 
pores close up, the structure is densified and its stiffness increases rapidly. On load-
ing the honeycomb out-of-plane, the pore walls experience compression under both 
axial and bending stresses. The moduli and collapse stresses are much larger. Fig. 7b 
shows the family of curves of honeycombs with different relative density, compressed 
out-of-plane.
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9  Composite Scaffold Material

The term composite is typically considered for materials that contain at least two 
distinctive constituent materials at a huge scale. The physical and mechanical prop-
erties of these materials are altered in a general sense, and hereafter, these might be 
more valuable in comparison with homogeneous material. Biocomposites can be 
manufactured utilizing nontoxic material and has alluring scaffold properties ready 
to reproduce new bone recovery. Hence biocompatibility assumes a key part in 
determination of biocomposite material than some other compatibility [64]. In this 
manner, bioceramics based biocomposites and hybrid functional biomaterials has 
all the earmarks of being new for proficient tissue recovery capacity. The most nor-
mal characteristic of the bio-natural and inorganic materials are consolidated in 
biocomposites and have been summerized in Table 3.

Different human tissues, for example, human hard tissues like bone, comprise of 
inorganic-natural part [66]. In particularly, the property of a composite material 
depends upon the size and morphology of the heterogeneities, relative percentage of 
the components and nature of interfaces among the components. Among composite 

Fig. 6 In-plane compression of honeycomb pores; (a) Initial elastic bending of pore walls, 
(b) buckling of pore edges at higher stress levels and (c) out-of plane compression of honeycomb 
pores

Fig. 7. A schematic diagram for a honeycomb loaded in compression, showing linear elastic, 
collapse and densification regimes, and the way the stress-strain curves changes with t/l; (a) com-
pressed in X1–X2 plane, (b) compressed in axial (X3) direction [63]
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materials, bioceramics and biopolymer based composites have been found to have 
significant biological characteristic and observed to be reasonable for tissue design-
ing applications as a biomaterial. The essential properties and utilizations of some 
of the composites are summerized in Table 4.

9.1  Synthetic Biopolymer/CaP Composite Scaffold

Synthetic polymer such as poly(glycolic acid) (PGA), poly(lactic acid) (PLA), and 
their copolymers poly(lactic acid-co-glycolic acid) (PLGA) are commonly consid-
ered in tissue engineering to fabricate artificial ECM [72]. These polymers degrade 
through hydrolysis of the ester bonds that act as backbone of polymer structure [73].

Furthermore, various linear aliphatic polyesters like polycaprolactone (PCL) and 
polyhydroxybutyreate (PHB) are commonly considered in bone tissue engineering 
research. However, the degradation rate of PCL is significantly slower than PLA, 
PGA, and PLGA [74]. Thus slow degradation significantly affects utility of PCL for 

Table 3 General respective 
properties from the 
bioorganic and inorganic 
domains, to be combined in 
various composites and 
hybrid materials [65]

Inorganic Bioorganic

Hardness, brittleness Elasticity, plasticity
High density Low density
Thermal stability Permeability
Hydrophilicity Hydrophobicity
High refractive index Selective complexion
Mixed valance state Chemical reactivity
Strength Bioactivity

Table 4 Important properties and applications of the nanocomposite

Name of the 
composite Properties Application References

NanoHAp/ collagen HAp nanocrystals regularly 
aligned along collagen fibrils

Synthetic bone 
materials in medical 
applications

Kikuchi  
et al. [67]

HAp/sodium alginate 
(SA) nanocomposite 
beads

The well-swelling, drug loading 
and controlled release behavior

Drug- controlled 
release

Zhang et al. 
[68]

NanoHAp/ chitosan 
composite scaffold

Good biocompatibility and 
sufficient porosity

Bone tissue 
engineering

Kong et al. 
[69]

Chitosan/ 
nanocrystalline 
calcium phosphate

Increased proliferation of 
osteoblast cells and improved 
mechanical strength

Bone regeneration Chesnutt  
et al. [70]

HAp/chitosan– gelatin 
(CG) composite

Enhanced protein and calcium ion 
adsorption and improved initial 
cell adhesion and long term 
growth

Development of 
human stem cell

Zhao et al. 
[71]
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tissue engineering applications, however suitable for long-term implants and 
controlled release of functional molecules. Therefore, PCL-based copolymers are 
also synthesized to improve degradation properties.

Porous 3D scaffold of calcium phosphate ceramics with interconnected macro-
pores (> 200 μm), micropores (~5 μm) and high porosities (~80%) have been pro-
duced by firing polyurethane (PU) foams coated with calcium phosphate bioceramic 
at 1200 °C [75]. The micropores of the developed scaffold were infiltrated with poly 
(lactic-co-glycolic acid) (PLGA) to achieve an interpenetrating bioactive ceramic/
biodegradable polymer composite structure. Miao et al. [76] reported development 
of highly porous HA/TCP composite scaffolds having 87% porosity, infiltrated with 
PLGA to form bioceramic-polymer interpenetrating microstructures. However, in 
these composites PLGA provides significant improvement of the compressive 
strength. Furthermore, PCL based scaffold also reported to be coated with HA and 
possess appropriate cell supportive property.

[77]. Chen et  al. [78] demonstrated fabrication of Bioglass®-based scaffolds 
coated with poly-DL-lactic acid PDLLA that provided appropriate osteogenic 
potential for healing of bone damage. Polyhydroxyalkanoate (P(3HB) has also been 
investigated for preparation of scaffolds for tissue engineering application [79]. 
Bretcanu et al. [80] reported the use of natural bacteria derived P(3HB) to infiltrate 
into 45S5 Bioglass® scaffolds. The mechanical properties of these novel scaffolds 
were investigated. It was shown qualitatively that the work of fracture increased 
dramatically with the P(3HB) coating [81].

9.2  Natural Biopolymer/Bioactive Ceramic Based Composite

As a result of excellent biocompatibility and biological characteristics that are simi-
lar to human bone, natural biopolymer and CaP based composites were researched 
broadly. Agarose, alginate, silk, hyaluronic acid, collagen, chitosan, gelatin are some 
of the well known natural biopolymers that have been used for tissue engineering 
application. Agarose, a polysaccharide, was used for making injectable scaffold that 
provided a three dimensional environment to maintain the round shape of the chon-
drocyte. Furthermore, BCP (HA + β-TCP)/agarose macroporous scaffolds with high 
degree of interconnected open porosity and tailored pore size were prepared for 
application in bone tissue engineering [82]. Biocompatibility of this BCP/agarose 
system was studied using mouse L929 fibroblasts and human SAOS-2 osteoblasts 
during different colonization times [83]. In another study, a composite hydrogel based 
on Hap/alginate biomaterials were biommetically prepared using freeze- drying 
techniques.

The prepared HA-alginate scaffold exhibited high degree of in vitro biocompat-
ibility and controlled biodegradability. Osteoinductive properties of porous hybrid 
scaffolds prepared from β-TCP, alginate-gelatin was reported elsewhere [84].

A wide range of properties of silk fibroin such as their size, shape, crystallinity 
and mechanical properties are previously reported [85]. A functionally graded 
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HA/silk fibroin biocomposite was prepared by pulse electric current sintering 
[86, 87] that showed excellent mechanical strength and osteoconductivity. The 3D 
mesh of fibrin sealant was found to interpenetrate the macro- and microporous 
structure of calcium orthophosphate ceramics [88]. Le et  al. proposed that the 
physical, chemical and biological properties of calcium orthophosphate bioc-
eramics and the fibrin glue might cumulate in biocomposites suitable for prepara-
tion of advanced bone grafts [89]. Hyaluronic acid and derivatives have been used 
as therapeutic aids in the treatment of osteoarthritis as a means of improving 
lubrication of articulating surfaces and thus reducing joint pain [90]. Chitosan-
gelatin-hyaluronic acid based scaffolds were found to be suitable for preparing a 
bilayer skin substitute [91].

Gea et  al. [92] prepared HAp/chitin composite materials with HAp content 
shifting between 25 and 75% wt% and observed in vivo bone recovery capacity in 
rodent. Also, Lee et al. [93] proposed in their stdudy, the utilization of chitosan/
TCP used as tissue building scaffolds for bone recovery. Moreover, bioglass-chito-
san composite displayed the possibility to help the development of osteoprecursor 
cells in vitro and to support separation of osteoblast in the process of encouraging 
the synthesis of phenotypic markers, for example, alkaline phosphatase, Type I 
collagen, and osteocalcin [94]. Table  5 demonstrates the properties of different 
chitosan based composite with different basic arrangement like three dimensional 
platform, fibrous network, thin film and so forth were set up for tissue engineering 
application.

HAp/collagen composite materials are promising candidates for bone replace-
ment purposes because of their resemblance to bone in point of view of their bioac-
tivity and biodegradability. Chang et al. [105] reported a simple method to produce 
CaP/collagen composites by adjusting the reaction conditions and the ratio of com-
ponents. The mechanical properties of these types of composites are still very poor 
and require further improvement for its effective use in bone tissue engineering 
[106]. Collagen based implants are crosslinked to improve its mechanical properties 
and regulate cellular behavior when they are used in as processed form to prepare 
scaffolds [107]. Various crosslinking treatments including physical, [108], chemical 
[109], enzymatic [110] and combination treatments have been developed to tailor 
their mechanical and degradation properties. A composite scaffold formed by com-
bining gelatin with bioceramics can yield tailored degradation rates, while also hav-
ing improved biological and mechanical and physical properties. Yaylaoglu et al. 
[111] developed a CaP/gelatine composite implant that released drugs and growth 
hormone into the implant site to assist in bone healing.

Porous gelatin/collagen scaffolds especially gelatin sponges containing bioc-
eramic particles were synthesized by the lyophilisation of a gelatin/calcium phos-
phate mixture [112]. Usually, gelatin/collagen scaffolds are highly cross-linked for 
better mechanical stability, but this can reduce the biocompatibility since crosslink-
ing agents like glutaraldehyde leads to a cytotoxic reaction [113]. To prevent this 
limitation, a colloidal β-TCP/collagen composite was prepared for which further 
treatment was not required [114]. Further, collagen type I was also used as a matrix 
for CaP mineralization to obtain a collagen/CaP composite [115]. In another study, 
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a 10% gelatin composite scaffold was formed by soaking a macroporousHAp to allow 
gelatin penetration to the bulk of the ceramic [116]. To maintain biocompatibility of 
the scaffold, cross-linker was used at a low concentration to prevent diffusion of 
gelatin out of the scaffold.

With the expectations of improved cytocompatibility and desirable cellular 
response, a porous chitosan/gelatin network scaffold was developed for ligament 
tissue engineering and artificial skin [117]. Further, biomimetic 3D HA/chitosan–
gelatin network composite scaffolds were developed for bone tissue engineering 
[118]. The point of this work was centered around enhancing the mechanical and 
biological properties of chitosan based scaffolds through incorporation of bioc-
eramics for example, HA, β-tricalcium phosphate, calcium phosphate [119] and 
biopolymers like gelatin [120], alginate [121] or inorganic material such as wollas-
tonite [122]. Incorporation of calcium phosphate into the chitosan matrix improved 
biocompatibility and hard tissue integration and assisted in tailoring degradation 
and resorption kinetics.

A biodegradable composite framework was created utilizing β-tricalcium 
phosphate (β-TCP) with chitosan (CS) and gelatin (Gel) as a hybrid polymer 
arrangement (HPN) by means of co-cross linking with glutaraldehyde (Fig. 8). 
The macroporous composite scaffold showed diverse pore structures with 
enhanced compressive modulus from 3.9 to 10.9 MPa

Designing scaffold using straightforward and economic way is a major challenge 
that should be investigated for the betterment of tissue engineering scaffold. Freeze 
drying strategy observed to be best and basic way of manufacturing scaffold as far 
as sparing both time and vitality. Residual solvent and advancement of surface skin 
onto scaffold are the two key points which should be altered for the improvement of 
the current procedure.

Futhermore, freeze dried scaffold generally had interconnected porosity and bet-
ter mechanical properties. Previous report recommend that freeze drying procedure 

Table 5 Chitosan-bioactive ceramic based composite scaffolds with enhanced properties

Composite Outcome

CS/ALRGDN-peptide Promoted biocompatibility [95]
CS/Gelatin/β-TCP Increased osteoblast attachment and proliferation [96]
CS/Alginate/carboxy 
methylcellulose

Increased compressive modulus [97]

CS/RGD/UV cross-linking Increased proliferation [GAG andDNA] [98]
CS/nHAp Increased mechanical strength [99]
CS/PLGA Increased stiffness of scaffold, biocompatibility [100]
CS/gelatin/TCP/
Glutraldehyde

Increased cell spreading [101]

CS/PLAGA/Fibrin Increased mechanical strength, Osteoblast cell proliferation [102]
CS/Fibroin Enhanced stiffness andbiocompatibility [103]
CS/Ca3P04 Increase in cell attachment,proliferation and phenotypic 

expression of osteoblastic markers [104]
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is valuable in creating different biopolymeric 3D scaffold utilizing collagen [123], 
carboxy methyl cellulose [124], poly (d,l-lactic-co-glycolic corrosive) [125], chito-
san [126], pectin [127] and silk fibroin [85]. Chitosan can be easily incorporated in 
combination with other bio-materials to accomplish required mechanical and surface 
properties of scaffold [128].

10  Challenges and Opportunities

10.1  Mechanical Integrity of Porous Scaffolds

Till date, manmade porous scaffolds suffer from insufficient mechanical integrity 
and various other properties relevant for bone tissue engineering. For comparison, 
data of elastic modulus and the compressive strength of dense bioactive ceramic, 
biodegradable polymers, cancellous and cortical bone and their porous monopha-
sic scaffolds and composites were taken from Ref [129]. From various data source, 
it was found out that some dense biopolymers and bioactive ceramics can match 
the properties of cancellous bones. Porous 3D scaffold appears to be one order 
weaker than cancellous bone and far behind from the mechanical properties of 
cortical bone.

Fig. 8 Possible interactions between a chitosan-gelatin (CG) network and HA crystals in HA/CG 
biocomposites: (a) In the case of a nano-dimensional HA (nHA); (b) In the case of a micro- 
dimensional HA (mHA) [119]. Adapted from Ref. [119]. Copyright Elsevier, 2008
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10.2  In vitro Degradation

Since tissue designing goes for recovery of new tissues, biomaterials are believe 
to be degradable and absorbable with an appropriate rate to coordinate the speed 
of new tissue development. The degradation phenomena crucially affects the 
long term progression of a tissue engineered cell/polymer constract. The degra-
dation kinetics may influence organization of process, for example, cell develop-
ment, tissue recovery, and host response. Gelatin containing chitosan scaffold 
has quicker degradation rate because of the hydrophilicity of gelatin [130]. 
Bioglass and calcium phosphates have been incorporated to hinder the degrada-
tion [131].

10.3  In vitro and In vivo Characterization

Although several in vitro and in vivo studies have already been carried out with 
bioresorbable polymers and bioactive ceramics separately, in vivo characterization 
of biopolymer/bioceramic composite have been started recently. Till date very lim-
ited number of composites have been investigated in vivo. More research required 
to be directed towards determining the suitability of bioactive ceramic composite 
scaffolds to be used in hard tissue engineering. Further study on the effect of deg-
radation products of bioactive polymer/ceramic composite on vascularization and 
in vivo bone formation need to be carried out.

11  Discussion and Future Aspects

From past few decades, bioactive ceramic based composites will be promising 
biomaterials for bone tissue designing. The mix of bioactive ceramic, like, Hap, 
bioactive glass and β-TCP with common biopolymer like gelatin and chitosan is 
excellent choice compared to other biomaterial to deal with progressive develop-
ment of artificial bone. Blend of biopolymer with bioactive ceramic nano-particle 
can bring about the normal three dimensional frameworks as bone graft substitute, 
associated with adequate bone tissue develop properties, for example, mechanical 
quality, pore size and osteoconductivity. Moreover, cell material collaboration, 
mechanical integrity and response of bioactive ceramic based nano-composites 
should be examined in detail and further be explored for their biomedical impor-
tance. However, clinical examinations should have been performed on the bioactive 
ceramic based composite platform to encourage biological and physichochemical 
problems.
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1  Introduction

Massive load-bearing bone defects, which often result from trauma (e.g., battles 
and accidents) or diseases (e.g., tumor, osteonecrosis, vertebral fractures, and spine 
degeneration), remain a grand challenge to regenerate and represent a major finan-
cial burden to our healthcare system. Although autologous/allogenic live bone 
transplantation is still the primary treatment strategy for reconstruction of load- 
bearing bones, considerable drawbacks for these exist, including painful and costly 
additional surgeries, limitation in implant quantity, increased risk of infection and 
disease transfer, and technical difficulties for fragile children and the elderly. Tissue 
engineering aims to promote regeneration by using artificial scaffolding (macropo-
rous) materials as the substitutes combing appropriate cells and growth factors to 
restore the biofunctions of the defective or focal tissues including bones [1–7]. In 
particular, an ideal engineered tissue scaffold for the regeneration of load- bearing 
bones should possess appropriate mechanical functions to provide structural sup-
port, share biomechanical load, and distribute stress that stimulates bone growth and 
remodeling. It should also present excellent biological functions to deliver bioactive 
factors, preserve tissue volume, degrade gradually, and induce new bone formation.
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Due to excellent bioactivity, bioresorbability, apatite formation ability, and 
osteoconductivity, bioceramic/bioglass (e.g., calcium phosphate, calcium carbonate 
and calcium silicate) scaffolds have been successfully used for non-load-bearing 
bone restoration in the recent decades [7–11]. However Current bioceramic/bio-
glass scaffolds cannot reestablish massive load-bearing bones, because they do not 
have sufficient mechanical properties [12, 13] for immediate load sustaining and 
cyclic load bearing to stimulate bone growth and remodeling. It is well known that 
the mechanical properties of materials decrease with increasing the porosity and 
pore size. Bioceramic/bioglass scaffolds normally require an interconnected macro-
porous structure with a high porosity of over 90% and a pore size ranging from 100 
to 1000 μm [2, 10] to allow transport of nutrients and migration of cells, as well as 
formation of new bones and blood vessels. Such porous constructs typically have 
low mechanical properties, such as compressive/bending strength of a few MPa, and 
fracture toughness of nearly zero, far below those of natural bones.

This review will highlight the recent progress in the development of load-bearing 
bioceramic/bioglass bone tissue scaffolds. It focuses on the improvement of 
mechanical properties other than biological properties. High porosity leads to low 
mechanical properties. However through tailoring the microstructure and macro-
structure (e.g., pore size/shape, porosity, interconnectivity, grain size, and grain 
morphology) researchers are able to enhance the mechanical properties of bioc-
eramic/bioglass scaffolds. This review will discuss the fundamental design concepts 
and manufacturing methods that are required for the fabrication of load-bearing 
bioceramic/bioglass bone scaffolds. In vitro mechanical characterization and in vivo 
assessment methods/models will also be discussed. There are strong and tough 
dense/porous materials in the nature, such as coral, nacre, bamboo, and animal 
shells. Such strong natural materials have well-aligned multiple scale micro/macro-
structures. At last, this review will also give our perspective on design concepts of 
strong and tough bioceramic/bioglass bone scaffolds by bioinspiration.

2  Design Concepts

Tissue scaffolds normally require an interconnected macroporous structure with a 
high porosity of over 90%, and a pore size ranging from 100 to 1000 μm [2, 10] to 
allow transport of nutrients and migration of cells, as well as formation of new tis-
sues and blood vessels. Such porous constructs typically do not have sufficient 
mechanical properties for load-bearing applications. Recent in vivo studies have 
proven that excellent bone formation and regeneration could be achieved with 
implantation of bone tissue scaffolds with micro/nano pores (<100 μm) and rela-
tively lower porosity (<70%) [14, 15]. So it is feasible to design and manufacture 
stronger bioceramic/bioglass bone scaffolds with load-bearing capacity through tai-
loring the microstructure and macrostructure (pore size, porosity, pore shape, etc.). 
In addition, the scaffolds can also be strengthened by optimization of grain size and 
morphology, and incorporation of stronger second phases.
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2.1  Microstructure Design: Micropore Size, Microporosity, 
Grain Size/Morphology and Second Phase

2.1.1  Pore Size

To achieve better mechanical properties, the pore size of bioceramic/bioglass bone 
scaffolds can be decreased to some extent, e.g., below 100 μm. Although pores 
over 100 μm are required for bone tissue scaffolds to provide excellent biological 
properties for osteoconductivity and bone unit ingrowth from a tissue engineering 
view, recent in vivo results demonstrated that scaffolds with smaller pores are 
capable to form new bone tissues [14, 16, 17]. Therefore pioneers have designed 
strong microporous and nanoporous bioceramic/bioglass scaffolds for the repair of 
load-bearing bone defects. Zhang, et al. [18] designed and manufactured a micro-
porous hydroxyapatite (HA)/barium titanate composite bioceramic scaffold that 
had a compressive strength of 14.5 MPa and a porosity of 57.4%. The lamellar 
pore diameter was around 32 μm and the lamellar thickness was around 9 μm. This 
microporous bioceramic scaffold is promising to reconstruct light-load-bearing 
bone defects. Sprio, et al. [19] designed another load-bearing microporous bioc-
eramic bone scaffold of HA/calcium silicate (CS). It had a pore diameter of below 
10 μm, a bending strength of over 35 MPa, and a porosity of around 30%. Only the 
microstructure and general material properties were characterized in this study. It 
would be suggested to evaluate the load-bearing capacity more comprehensively, 
to assess the in vitro osteogenesis, and to investigate the in vivo bone formation in 
a load-bearing animal model. Xu, et al. [20] studied a microporous 45S5-calcium 
borosilicate bioglass bone scaffold that showed a compressive strength of 8 MPa 
and a porosity of 70%.

In general, micro/nanoporous bioceramic/bioglass scaffolds are stronger than the 
macroporous ones. So, some scientists care more about the in vivo bone regenera-
tion behavior of strong microporous tri-calcium phosphate (TCP)/HA scaffolds in 
load-bearing models [14, 16, 17]. Yuan, et al. and H.O. Mayr, et al. studied the in 
vivo bone formation in a dog spinal fusion model and sheep osteochondral model, 
respectively. The scaffolds had a compressive strength of over 75 MPa and a poros-
ity of below 45%. The micropores had a diameter of below 10 μm, as shown in 
Figs. 1 and 2. Histological results indicated that the microporous bioceramic scaf-
folds regenerated 25% new bone in 12  weeks and almost 100% new bone in 
52 weeks in load-bearing defect models, as displayed in Figs. 3 and 4. These studies 
demonstrated a design concept of strong microporous bioceramic/bioglass bone 
scaffolds for load-bearing applications. Yang, et al. [21] developed a new family of 
nanoporous calcium aluminate/TCP bioceramic scaffolds. The pore size was 200–
500 nm. The compressive strength ranged from 40 to 195 MPa. The nanoporous 
structure was interconnected. Such strong nanoporous bioceramic scaffolds are 
promising for the repair of load-bearing bone defects.
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Fig. 1 SEM images showing various microporous structures of HA, TCP, and BCP (composite of 
HA and TCP) bioceramic scaffolds for implantation in a dog spine defect. Reproduced with per-
mission [14] Copyright © 2010 National Academy of Science

Fig. 2 SEM images showing the microporosity and homogeneous interconnected pores of TCP 
bioceramic scaffolds for implantation in a sheep osteochondral defect (left: fracture surface; right: 
polished surface). Reproduced with permission [16] Copyright © 2012 Elsevier B.V
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2.1.2  Porosity

Bone tissue scaffolds have a porous structure that is required for nutrient transport, 
cell migration, bone tissue ingrowth, vasculature formation, bioactive factor delivery, 
etc. In addition, porosity is also helpful to increase biodegradability. Scaffolds with a 
higher porosity normally show better osteoconductivity which is crucial for the res-
toration of critical sized bone defects. However, mechanical properties of materials 
decrease with increasing the porosity. The bioceramic/bioglass scaffolds had a com-
pressive strength from over 150 MPa down to several MPa with the porosity increas-
ing from 40 to 80% [15, 22–27], as shown in Fig. 5. Recent studies have also shown 
that bone scaffolds with a low porosity also performed excellent during in vivo bone 
formation studies [14, 17]. So it is feasible to sacrifice some mechanical properties to 
design strong bone scaffolds with a low porosity for load-bearing applications.

Bi, et al. [15] designed a family of low-porosity but strong bioglass scaffolds and 
studied their ability to repair critical sized segmental bone defects in a rat femur 
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Fig. 4 Bone regeneration of TCP microporous bioceramic scaffolds in osteochondral defect after 
52-week post-implantation (left: Giemsa staining; right: Safranin O staining). Reproduced with 
permission [17] Copyright © 2013 Elsevier B.V
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load-bearing model. Autografts were used as the control materials. The bone scaf-
folds were made of 13-93 silicate bioglass (mol%: 54.6 SiO2, 6.0 Na2O, 7.9 K2O, 
7.7 MgO, 22.1 CaO, 1.7 P2O5) and 13-93B3 borate bioglass (mol%: 18.0 SiO2, 36.0 
B2O3, 6.0 Na2O, 8.0 K2O, 2.1 MgO, 6.0 SrO, 22.0 CaO, 2.0 P2O5). The porosity and 
pore diameter were 47–50% and 300–500  μm. The compressive strength was 
86  MPa and 40  MPa, respectively. At 12-week post-implantation, histological 
results showed that the percentage of new bone area (von Kossa-positive area) in the 
defects implanted with the bioglass scaffolds was 32–38%, not significantly differ-
ent from that for the autografts (40%). New blood vessel area generated by the 
bioglass scaffolds was 4–8%, also not significantly different from that for the auto-
grafts (5%). Jia, et al. [28] investigated strong bioglass scaffolds of 13-93 and 2B6Sr 
for the repair of load-bearing bone defects in a critical sized rabbit femoral model. 
The compressive strength was 80.4 MPa and 35.6 Ma, respectively. The porosity 
was 50% and the pore diameter was 200 μm. At nine-month post-implantation, the 
10 mm × 6 mm segmental defects were reconstructed with new mature bone tissues 
in the two glass scaffolds and granule autografts, as shown in Fig. 6. In addition, it 

Fig. 6 Lateral radiographs and micro-CT images showing the bone regeneration of low-porosity 
bioglass scaffolds in a load-bearing rabbit femur defect: (a) 13-93 scaffold; (b) 2B63 scaffold; and 
(c) ABG scaffold. Reproduced with permission [28] Copyright © 2015 Wiley-VCH Verlag GmbH 
& Co. KGaA, Weinheim
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can be seen that the tubular bone structure remodeling was satisfied. These studies 
demonstrated that low-porosity bioglass bone scaffolds can not only provide load- 
bearing capacity but also promote new bone formation/remodeling and vasculature 
formation. Huang, et al. [24] fabricated another strong 13-93 bioglass scaffold with 
the compressive strength of 140 ± 70 MPa, a Young’s modulus of 5 ± 0.5 GPa, 
porosity of 50%, and pore diameters of 300 μm. Fu, et al. [29] optimized the porous 
structure of 6P53B bioglass scaffold and achieved a high compressive strength of 
136 ± 22 MPa comparable with that of human cortical bone (100–150 MPa). The 
porosity was 60%, in the range of that of cancellous bone (35–95%). After immer-
sion in simulated body fluid (SBF) for 3 weeks, the compressive strength was still 
as high as 77 MPa. The strong bioglass bone scaffolds open a new pathway for 
repair of heavy-load-bearing bone defects through tissue engineering. Deville, et al. 
[22] developed a low-porosity and high-strength HA bioceramic bone scaffold. The 
compressive strength was up to 145 MPa for 47% porosity and 65 MPa for 56% 
porosity. The pore diameter was 20–100 μm. Such strong bone scaffolds could be 
considered for load-bearing applications. Zhang, et al. [30] designed another type of 
HA bioceramic scaffold with a low porosity of 52.5% and a high bending strength 
of 73 MPa. The pore diameter ranged from 100 μm to 300 μm. It is an effective 
strategy to improve the mechanical properties by decreasing the porosity of bioc-
eramic/bioglass bone scaffolds towards load-bearing applications.

2.1.3  Grain Size and Morphology

The mechanical properties of bioceramics are dependent on grain size and morphol-
ogy. To strengthen the bioceramics or bioglass-bioceramic composites, One can 
decrease the grain size, increase the grain aspect ratio, make the grains aligned, and 
change the grain content (crystallization). For example, the bending strength of a 
dense biosilicate® glass-ceramic (23.8Na2O-23.8CaO-48SiO2-4P2O5 wt%) can be 
improved from 75 to over 200 MPa by increasing the crystallization from 0 to 40% 
[31] (Fig. 7). It could be believed that the increase in strength will also work for the 
porous biosilicate® scaffolds. Shuai, et al. [32] added 30% nano sized HA to macro-
porous TCP bioceramic scaffolds. The compressive strength increased from 8 to 
16 MPa. Feng, et al. [33] developed a macroporous nano HA bioceramic scaffold 
with a high compressive strength of 18.6 MPa. Feng, et al. [34] also designed and 
manufactured HA fiber (20%) reinforced CS bioceramic scaffolds (Fig.  8). The 
compressive strength increased from 3 to 27 MPa.

2.1.4  Second Phase Teinforcement

Second phase reinforcement is an effective strategy for ceramic and glass materials. 
This method involves incorporating stronger particles/fibers as the second phase to 
reinforce the matrix. R. Emadi, et al. [35] added nano sized bioglass to increase the 
mechanical properties of highly macroporous HA bioceramic scaffolds. The 
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porosity was 83% and the pore size was over 800 μm. The compressive strength 
increased from 0.22 to 1.49 MPa. Sprio, et al. [19] reinforced HA bioceramics with 
elongated CS grains. The bending strength improved from 42 to 70 MPa. Xu, et al. 
[20] developed borosilicate glass reinforced 45S5 derived bioglass-ceramics. The 
compressive strength was increased from 10 to 40 MPa.

2.2  Macrostructure Design: Macropore Shape, Pore size, 
Macroporosity and Pore Connecting Part Width

2.2.1  Pore Shape

In general, highly macroporous bioceramic/bioglass bone scaffolds have relatively 
low mechanical properties. However, stronger scaffolds could be fabricated through 
optimizing the pore shape. Gmeiner, et al. [36] 3D printed a 45.5SiO2-24.25CaO- 
24.25Na2O-6P2O5 bioglass scaffold with hexagon-shape macropores as shown in 
Fig. 9. The biaxial bending strength achieved 124 MPa. These strong bioglass scaf-
folds are capable for load-bearing bone reconstruction. Fu, et al. [37] freeze-casted a 

Fig. 7 (a) Relationship between bending strength and crystallization fraction of biosilicate glass- 
ceramic; (b) Microstructure of biosilicate glass-ceramic with different crystallization. Reproduced 
with permission [31] Copyright © 2016 Elsevier B.V

Progress of Bioceramic and Bioglass Bone Scaffolds for Load-Bearing Applications



462

13-93 bioglass scaffold with lamellar (elongated and well-aligned) pores (Fig. 10). 
It had a higher compressive strength (25 MPa) than that of the one with columnar 
(equiaxial) pores. Fu, et al. [29, 38] also 3D printed a load-bearing 6P53B bioglass 
scaffold with grid-like (square) macropores, as shown in Fig.  11. The compres-
sive strength reached 136  MPa, comparable to that of cortical bones. Roohani-
Esfahani, et al. [39] 3D printed a new family of bioglass-ceramic bone scaffolds 

Fig. 8 HA fiber reinforced CS bioceramic scaffolds: (a) raw CS powders; (b) raw HA fibers; (c) 
distribution of CS powders and HA fibers in the composite scaffold; (d) and (f) macroscopic top 
view of the scaffold; (e) side view of the scaffold. Reproduced with permission [34] Copyright © 
2014 Elsevier Inc.
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(Sr-Ca2ZnSi2O7- ZnAl2O4-glass phase) with interconnected macropores that had 
four different shapes: hexagon, curve, rectangle and zigzag (Fig. 12). The hexagon 
one exhibited the highest mechanical properties: compressive strength of 180 MPa 
and bending strength of 50 MPa, both for 50% porosity. It was concluded that the 
mechanical properties of bioceramic/bioglass scaffolds can be highly enhanced by 
optimizing the macropore shape.

2.2.2  Pore Size and Pore Connecting Part Width

The mechanical properties of bioceramic/bioglass scaffolds are partially dependent 
on the pore size and pore connecting part width with constant porosity. To get stron-
ger scaffolds, one can decrease the pore size and increase the pore connecting part 
width. As shown in Fig. 12, the compressive strength and bending strength increased 
from 90 MPa and 20 MPa to 180 MPa and 50 MPa by decreasing the pore size from 
1200 μm to 450 μm [39]. S. Deville, et al. [22] freeze- casted HA scaffolds with 
controlled porosity and pore connecting part width for load-bearing applications. 
The compressive strength increased from 65 MPa to 145 MPa, by increasing the 
pore connecting part width from below 10 μm to 20–40 μm.

Fig. 9 Stereolithographic 
3D printed bioglass 
scaffold with hexagon- 
shape macropores: (a) 
macroscopic view; (b) 
Microscopic view. 
Reproduced with 
permission [36] Copyright 
© 2014 The American 
Ceramic Society
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2.2.3  Macroporosity

The mechanical properties of bioceramic/bioglass scaffolds could also be improved 
by decreasing the macroporosity. Zhang, et al. [30] decreased the porosity of HA 
scaffolds from 70 to 52.5%. The bending strength increased from 9 to 73 MPa. The 
strength increment was remarkable. Roohani-Esfahani, et  al. [39] decreased the 
porosity of bioglass-ceramic bone scaffolds (Sr-Ca2ZnSi2O7-ZnAl2O4-glass phase) 
from 70 to 50%. The compressive strength increased from 50–90  MPa to 130–
180 MPa. The bending strength increased from 10–20 MPa to 30–50 MPa. Deville, 
et al. [22] decreased the porosity of HA scaffolds from 56 to 47%. The compressive 
strength increased from 65 to 145 MPa.

3  Manufacturing Methods

In recent years, some advanced manufacturing methods have been developed to 
fabricate strong bioceramic/bioglass bone scaffolds for load-bearing applications. 
3D printing and freeze casting are able to tailor the macrostructure conveniently for 
better mechanical properties. The two most popular traditional manufacturing 

Fig. 10 SEM images showing the cross section structure of 13-93 bioglass scaffolds: (a) and (b) 
columnar porous structure; (c) and (d) lamellar porous structure. Reproduced with permission [37] 
Copyright © 2009 Wiley Periodical, Inc.
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methods include slip casting (polymer template burn-out) and thermally bonding 
particles can also make strong scaffolds by optimizing the processing factors. This 
part will review the recent advancements of these manufacturing methods and the 
resultant strong bioceramic/bioglass scaffolds. This review will also comment the 
advantages and disadvantages of these methods.

3.1  3D printing

3D printing is an advanced rapid manufacturing method that can build strong mate-
rials layer-by-layer with fine-tuned structures and customized 3D geometries, as 
well as high mechanical properties. For bioceramic/bioglass materials, the most 
popular specific 3D printing techniques include 3D plotting/direct ink writing, 
robocasting/robotic assisted deposition, stereolithography (SLA), and powder based 
3D printing. Other laser related 3D techniques of fused deposition modeling (FDM), 
laser-assisted bioprinting (LAB), and selective laser sintering (SLS) are mostly used 
for metals and polymers, as well as composites. These techniques involve fusing the 
materials and rapid temperature change so that they are not preferable for 

Fig. 11 SEM images showing: (a) Surface of as-printed 6P53B biogalss scaffold through a 
100 μm nozzle with a spacing of 200 μm, insert displaying the structure after sintering; (b) Surface 
of sintered scaffold with pores of 500 μm. Insert showing cross section; (c) Sintered scaffold with 
regular grids; (d) A sectional view of the bonded bioglass filaments. Reproduced with permission 
[38] Copyright © 2011 Wiley-VCH Verlag GmbH & Co. KGaA, Weinheim
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bioceramics and bioglass that have high melting temperatures and low thermal 
shock resistance. During the rapid temperature change, bioceramics and bioglass 
are easy to generate microcracks in that reduce the mechanical properties of the 
scaffolds. Here this review will only discuss 3D plotting/direct ink writing, robo-
casting/robotic assisted deposition, stereolithography (SLA), and powder based 3D 
printing.

3D plotting has been used to manufacture bioceramic/bioglass bone scaffolds 
including 13-93 bioglass, 6P53B bioglass, 2B6Sr bioglass, 13-93B3 bioglass, 
strontium doped Ca-Zn-Si-Al-O bioglass-ceramic, HA bioceramic, TCP bioc-
eramic, HA/TCP biphasic bioceramic, CS bioceramic, and Sr5(PO4)2SiO4 bioc-
eramic [25, 26, 28, 29, 36, 38–58]. Through varying the 3D plotting process factors, 
the porous structures include pore size, porosity, pore shape/morphology, and pore 

Fig. 12 Direct writing 3D printed bioglass-ceramic bone scaffolds with different pore shapes. (a) 
Hexagonal; (b) Curved; (c) Rectangular; (d) Zigzag; (e) SEM images showing the fracture surface 
of the scaffold, revealing that the filaments are fully dense; (f) the scaffolds consisting of three 
phases of Sr-Ca2ZnSi2O7 grains, ZnAL2O4 crystals, and a glassy phase between the grain; (g) 
Compressive strength of scaffolds with distinct pore geometries VS porosity; (h) Bending strength 
VS porosity. Reproduced from Roohani-Esfahani, et al. Scientific Report 2016 [39]
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connecting part width, can be optimized towards better mechanical properties. 
Among these studies, some strong bioceramic/bioglass bone scaffolds have been 
fabricated for load-bearing applications. Cesarano III, et al. [44] 3D plotted a HA 
bioceramic scaffold with a grid structure and a continuous fully interconnected 
macroporosity in all directions (Fig. 13). The pore diameter was 270 μm and the 
pore connecting part had a width of 500 μm. The compressive strength achieved 
195 MPa, matching that of cortical bones. This strong scaffold is promising for the 
repair of load-bearing bone defects (e.g., mandible). Roohani-Esfahani, et al. [39] 
3D plotted a new family of bioglass-ceramic bone scaffolds that were composed of 
strontium doped hardystonite (Ca2ZnSi2O7, HT) grains, clusters of submicro gahn-
ite (ZnAl2O4) crystals, and a glassy phase. As displayed in Fig. 12, the scaffolds 
have four different porous structures: hexagon, curve, rectangle, and zigzag. The 
pore diameter ranged from 450 μm to1200 μm. The porosity was from 50 to 70%. 
The compressive strength and bending strength achieved were 50–90  MPa and 
10–20 MPa respectively for 70% porosity, 130–180 MPa and 30–50 MPa for 50% 
porosity. The hexagonal structure had the highest mechanical properties. Fu, et al., 
Jia, et al., and Deliormanli, et al. [28, 29, 38, 45, 59–61] 3D plotted strong bioglass 
scaffolds of 13-93, 13-93B, 6P53B, and 2BSr. The porosity was around 50%. As 

Fig. 13 Customized 3D bioceramic scaffold for mandible reconstruction. (top) 3D model of the 
scaffold geometry for the mandible defect; (bottom) Various views of the bioceramic scaffold 
manufactured by direct writing 3D printing. Reproduced with permission [44] Copyright © 2005 
The American Ceramic Society
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shown in Fig.  14, the scaffolds have a grid porous structure. The compressive 
strength was 35 MPa–142 MPa that indicated an immediate load-bearing capacity 
(Fig.  15). Seitz, et  al. [41] manufactured strong HA bioceramic scaffolds with 
powder based 3D printing technique (Fig.  16). The pore diameters in Z and X 
direction were 447 μm and 569 μm respectively. The pore connecting part width 
was 330 μm. The compressive strength was 21 MPa. Bian, et al. [58] manufactured 
a TCP bioceramic scaffold with a SLA 3D printing technique. The porosity was 
45%. The pore diameter ranged from 400 to 500 μm. The compressive strength was 
23 MPa. By using SLA, Gmeiner, et al. [36] 3D printed a 45.5SiO2–24.25CaO-
24.25Na2O-6P2O5 bioglass scaffold. The biaxial bending strength achieved 
124 MPa. This strong bioglass scaffold is promising for load-bearing bone recon-
struction. 3D plotting is the most popular 3D printing method reported in the litera-
ture. It can fabricate load-bearing bioceramic/bioglass bone scaffolds. Powder 
based 3D printing, SLA, and robocasting involve relatively more polymer binders 
so that the pore connecting part of the printed scaffolds has relatively low density. 
The mechanical properties are not as strong as the 3D plotted ones. Further research 
is required to make these 3D printing techniques more powerful towards manufac-
turing strong scaffolds.

Fig. 14 Bioglass scaffolds with different patterns 3D printed by direct writing. (a) Periodic pat-
tern; (b) Anatomic pattern with a dense outer layer and a porous inner layer; (c) Graded pattern; (d) 
Cross-sections of the scaffolds. Reproduced with permission [29] Copyright © 2011 Elsevier B.V
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3.2  Freeze Casting

Freeze casting has been drawning increasing attention since it was reported in 
Science (2006) [22]. This powerful manufacturing technique comes from bioinspi-
ration. Some natural materials including coral, nacre, shell, bone, and tooth, are 
super strong and tough thanks to their well aligned/oriented hierarchical structure 
from macro to micro/nano scales. Scientists and engineers have been trying very 
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hard to transfer the clever structure design from natural materials to synthetic mate-
rials. Freeze casting is the ground-breaking method that is able to make bioinspired 
dense and porous materials with super high mechanical properties for load-bearing 
applications. As shown in Fig. 17, during directional freezing of ceramic slurry, the 
ice crystals grow along the temperature decreasing direction and the ceramic parti-
cles are pushed and entrapped between the ice dendrites. Afterward, the ice is sub-
limated by freeze drying that remove the ice through solid-gas phase transition. So, 
the porous scaffold structure is a negative replica of the ice. By tailoring the freezing 
kinetics and direction, well-aligned fine structures can be achieved (Figs. 18 and 
19). Because the pore wall has a nacre-like micro brick-and-mortar structure, freeze- 
casted scaffolds behave with super high mechanical properties. As displayed in 
Fig.  20, the high mechanical properties result from extending and branching of 
crack propagation that consume more cracking energy. Deville, et al. [22, 23, 62] 
optimized the freeze casting factors and fabricated strong HA bioceramic scaffolds 
for repair of load-bearing bone defects. The porosity ranged from 70 to 47%. The 
compressive strength achieved from 15 to 145 MPa, four times higher than those 
manufactured by traditional methods. The pore diameter was 100 μm–800 μm, well 
fulfilling the requirements of bone tissue scaffolds towards transport of nutrients 
and migration of cells, as well as formation of new bones and vasculature. Fu, et al. 
[37] manufactured a strong 13-93 bioglass bone scaffold with freeze casting. The 
scaffold had an oriented porous structure. The compressive strength reached 
20 MPa–50 MPa. The pore diameter was around 100 μm. Freeze-casted scaffolds 
have an immediate load bearing capacity and ideal pore size, but the pore 
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Fig. 17 Freeze casting for manufacturing porous materials. (a) The mechanism of freeze casting; 
(b) Compressive strength of freeze-casted HA bioceramic scaffolds compared with those fabri-
cated by traditional techniques. Reproduced with permission [23] Copyright © 2006 American 
Association of the Advancement of Science
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Fig. 18 Zonal structure of freeze-casted bioceramic scaffolds. Reproduced with permission [22] 
Copyright © 2006 Elsevier Ltd.

Fig. 19 Typical laminar porous structure of freeze-casted bioceramic scaffolds. Reproduced with 
permission [22] Copyright © 2006 Elsevier Ltd.
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interconnectivity is not as high as those fabricated with 3D printing. Another disad-
vantage is that the freeze-casted scaffolds always have a dense outer layer that 
requires extra manufacturing to expose the inner porous structure.

3.3  Slip Casting (Polymer Template Burn-Out)

Slip casting is one of the most popular methods that can fabricate highly macropo-
rous scaffolds. It has been used extensively to manufacture porous advanced ceram-
ics. The process involves ceramic slip/slurry preparation, polymer foam casting, 
squeezing and recasting, drying, and sintering. The scaffold pore size and porosity 
are mainly dependent on the polymer foam structure and ceramic slurry concentra-
tion. Due to the high porosity and high interconnectivity, the slip casting derived 
scaffolds exhibit low mechanical properties. Lin, et al. [64] slip-casted a bioglass 
scaffold with a polyurethane sponge as the template. As shown in Fig. 21, the com-
pressive strength ranged from below 1 MPa–6 MPa for 90%–60% porosity. The 
pore diameter was from 100 μm to 500 μm. Chen, et al. fabricated a highly macro-
porous bioglass scaffold with slip casting. The porosity was 89%–94%. The bend-
ing strength was below 5 MPa [65, 66]. By optimizing the slip casting factors and 
decrease porosity, stronger bioceramic/bioglass scaffolds can be fabricated. Zhang, 
et al. [30] decreased the porosity of hydroxyapatite scaffolds from 70 to 52.5% with 
a double slip casting technique. The bending strength increased from 9 to 73 MPa. 
The strength increment was remarkable. The porous structure of such strong bioc-
eramic scaffold is shown in Fig.  22. It can be seen that the double slip casted 

Fig. 20 Toughening mechanism of microcracking and crack bridging for ceramics with well- 
aligned grains. Reproduced with permission [63] Copyright © 2014 Macmillan Publisher Ltd.
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scaffolds had unfavorable pore interconnectivity. So it is still challenging to make 
load-bearing scaffolds with high interconnectivity by slip casting.

3.4  Thermally Bonding of Particles

Thermally bonding of particles is also popular for manufacturing bioglass bone 
scaffolds. This porous structure generating method involves glassy phase micro- 
welding of particles, fibers or spheres at high temperatures. 10 μm–1000 μm inter-
connected porous structure can be achieved. By tailoring the particle size and shape, 
various pore diameters and mechanical properties could be achieved. The typical 
porous structure is shown in Fig. 23. It was reported that the bioglass scaffolds, 
fabricated by thermally bonding of particles, have a pore size of 50 μm–800 μm, a 

60
0

2

4

6

8

65 70 75 80 85 90
Porosity (%)

M
ec

ha
ni

ca
l S

tr
en

gt
h 

(M
P

a)

MBG Scaffold without PGS coating

Trabecular bone minimum
mechanical strength

Fig. 21 The compressive 
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slip-casted bioglass 
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© 2015 Elsevier B.V

Fig. 22 SEM images showing the porous structure of HA bioceramic scaffolds fabricated by 
single slip casting and double slip casting. (a) Macropores made by single slip casting; (b) 
Macropores made by double slip casting; (c) Microporous HA scaffolds obtained by sintering the 
foam. Reproduced with permission [30] Copyright © 2011 The American Ceramic Society
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porosity of 40%–80% and a compressive strength of below 50 MPa [59, 60, 67–73]. 
For example, Fu, et al. [60] manufactured 13-93 bioglass scaffolds by welding the 
255–325 μm particles. Scaffolds with porosities of 40–45% and pore diameters of 
100–300 μm exhibited a compressive strength of around 22 MPa. Baino, et al. fab-
ricated silicate based bioglass scaffolds by the same method [71]. A high compres-
sive strength of 40 MPa was obtained for the scaffold with a porosity of 35% and a 
pore diameter of 100–300 μm. Thermally bonding of particles is able to manufac-
ture bioglass bone scaffolds with appropriate porosity, pore size, and mechanical 
properties. However this method is rarely used to fabricate bioceramic bone scaf-
folds because the raw materials of dense ceramic particles over 100 μm are not easy 
to make and melting points of ceramics are significantly higher than glass.

Fig. 24 shows the compressive strength range of bioglass scaffolds fabricated by 
the four different methods discussed above. As can be seen, 3D printed scaffolds 
have the highest strength matching that of cortical bones. Freeze- casted scaffolds 
had the second highest strength. Scaffolds fabricated by thermally bonding particles 
and slip casting exhibit relatively lower strength. So 3D printing and freeze casting 
are the most promising methods to manufacture load-bearing bone scaffolds.

4  In Vitro Characterization of Load-Bearing Capacity

As mentioned in the introduction section, an ideal bone scaffold for the repair of 
load-bearing bone defects should possess both excellent biological properties and 
mechanical properties. It has been well documented that bioceramic/bioglass scaf-
folds are bioactive, bioresorbable, osteoconductive, and osteoinductive so that they 
are capable to support osteogenic cell attachment, growth, proliferation, and func-
tion in vitro [12, 20, 25, 26, 31, 32, 34, 40, 52, 56, 61, 65, 66, 70]. Furthermore 
numerous in vivo studies have demonstrated that bioceramic/bioglass scaffolds pro-
mote bone formation and vasculature formation in small animal models (rats and 
rabbits) [15, 28, 74–78] and large animal models (dogs, sheep, goats, and human) 

Fig. 23 Typical 
microstructure of bioglass 
scaffolds fabricated by 
thermally bonding of 
particles. Reproduced with 
permission [60] Copyright 
© 2007 Wiley Periodicals, 
Inc.
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[14, 31, 74, 79–82]. So they have been clinically used for the reconstruction of non- 
load- bearing bones. However their main shortcoming of limited mechanical proper-
ties makes them far away from load-bearing applications. Load-bearing capacity is 
especially important for bone scaffolds used to repair critical sized bone defects in 
load bearing bones such as the skull and the femur or in bones that experience com-
plex deformation during function loading such as the mandible and the spine. The 
insufficient mechanical property of bioceramic/bioglass bone scaffolds is reported 
to be one of the most important obstacles for widespread clinical applications in 
load-bearing bone defect sites [45]. Advanced manufacturing techniques (e.g., 3D 
printing, freeze casting) have been developed in recent years to fabricate bone scaf-
folds with load-bearing capacity. A large number of studies reported the processing 
details, characterized the macro/microstructure, evaluated the in vitro biological 
performance, and assessed the compressive strength and elastic modulus. It should 
be noted that load-bearing bones experience very complex forces and functions dur-
ing every day activities. Besides compressive strength and elastic modulus, load- 
bearing capacity refers to more crucial mechanical properties including bending 
strength, tensile strength, fracture toughness, weibull modulus (mechanical reliabil-
ity), and fatigue resistance, which are rarely reported in the literature for  bioceramic/
bioglass bone scaffolds. This section will review the progress of comprehensive 
evaluation of load-bearing capacity and highlight the direction of future research on 
the assessment of mechanical properties of bone scaffolds.

Fig. 24 The compressive strength range of bioglass scaffolds fabricated by the four different 
manufacturing methods discussed above. Purple area: 3D printing; Green area: freeze casting; 
Pink area: thermally bonding of particles; Blue area: slip casting. Reproduced with permission [59] 
Copyright © 2011 Elsevier B.V
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Compressive strength is most commonly used to assess bioceramic/bioglass 
bone scaffolds because compression is the most relevant in vivo loading mode for 
implanted bone substitutes. Compressive strength is usually tested on cylinder or 
cubic samples with two flat and parallel loading surfaces. A wide range of compres-
sive strength values for bioceramics and bioglass were reported in the literature. 
0.5–195 MPa was obtained for porosities of 35–95% [15, 22–27]. Most of the val-
ues are in the range of sponge bones (below 20 MPa). Note that some recent studies 
stated that strong bone scaffolds were fabricated by advanced manufacturing tech-
niques including 3D printing and freeze casting. Such scaffolds had a high compres-
sive strength matching that of cortical bones indicating their immediate load-bearing 
capacity. With decreasing the porosity and the pore size, the compressive strength of 
bone scaffolds could be increased remarkably.

The elastic modulus, also known as Young’s modulus, is a physical property of 
materials that determines the resistance to being deformed elastically (i.e., non- 
permanently) under a compressive or tensile force [83, 84]. The elastic modulus is 
defined as the slope of its stress-strain curve (compression or tensile) within the 
elastic deformation region [84]. A stiffer material behaves at a higher elastic modu-
lus. Bone scaffolds for load-bearing applications require an appropriate elastic mod-
ulus matching that of natural bones. If the elastic modulus of a bone substitute is 
higher than the bones, “stress shielding” will take place. In this case, the stress will 
be removed from the bones, which results in the bone density reduction or bone 
fracture non-healing. This commonly happens when a permanent bone implant is 
fixed in the body, for example, hip or knee prosthesis. The current bioceramic and 
bioglass bone scaffolds have a lower modulus than natural bones. For load-bearing 
applications, internal or external fixation is required. Therefore, there will be no 
loading or very less loading on the bone scaffolds so that the bone defects could not 
be regenerated properly because of no stimulus for continued bone remodeling. By 
Wolff’s law, bone in a healthy person or animal will remodel in response to the 
loads it is placed under, otherwise no satisfactory bone remodeling will occur. So 
the bone scaffolds should be strong enough to bear loading to some extent for bone 
remodeling in load-bearing sites. A significant amount of studies reported the elas-
tic modulus of current bioceramic/bioglass scaffolds. It achieved 0.35–35 GPa [43] 
as summarized in a recent review paper.

In addition to compressive strength and elastic modulus, bending strength is the 
third commonly evaluated mechanical properties for bone scaffolds. Bending 
strength of ceramic and glass materials is measured by three-point or four-point 
bending test. Four-prism shaped specimens with well-polished tensile surfaces are 
required for this test. The surface polishing is to illuminate the effect of the flaws 
and defects that can reduce the mechanical properties of flaw sensitive materials. 
The ASTM approved the testing method only for dense ceramic and glass materials. 
Bioceramic/bioglass bone scaffolds have a macroporous structure and are much 
weaker than their dense bulks, so it is difficult to obtain specimens with the required 
shape and well-polished surfaces (without flaws). Therefore only very limited stud-
ies reported bending strength values for bioceramic/bioglass scaffolds. Most of the 
values are in the range of sponge bones (10–20 MPa) [45]. However a much higher 
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value of 73.6 MPa [30] was achieved by double slip casting. It is still well below 
those for cortical bones (135–193 MPa) [45]. It should be mentioned that interna-
tional standards should be developed for testing the bending strength of porous 
scaffolds.

Tensile strength of ceramic and glass materials is commonly determined on 
dump-bell-shaped samples held in the grips of a tensile mechanical testing machine. 
International standards are available for dense bulks according to ASTM. But there 
are no testing standards for porous scaffolds. It is very complex and difficult to 
manufacture tensile test specimens, especially the fragile porous ceramic and glass 
ones. So, the indirect testing of tensile strength has been developed by diametric 
compression of discs and annuli. A limited number of studies reported tensile 
strength values of bioceramic bone scaffolds. They are in the range of sponge bones 
(1–5 MPa) [85–87] and well below those of cortical bones (50–151 MPa) [59]. Due 
to the compression loading modes for the human bones during most of the everyday 
activities, the tensile strength of bone scaffolds is not necessary to evaluate towards 
the load-bearing capacity.

Fracture toughness is a mechanical property that describes the ability of a mate-
rial to resist fracture. Ductile materials, like metals, have very high fracture tough-
ness and undergo ductile fracture. Brittle materials, like ceramics and glass, have 
very low fracture toughness and undergo brittle fracture. Bones sit between the 
ductile materials and brittle materials. Compared with ceramics and glass, bones 
have significantly higher fracture toughness so that they can bear sudden load at 
very high stress levels avoiding catastrophic failure. Bone scaffolds implanted at 
load-bearing sites are subjected to sudden loading from body activities so that it is 
essential to evaluate their fracture toughness. ASTM describes the standard method 
for testing the fracture toughness of ceramics and glasses. Beam-shaped specimens 
containing sharp notches or cracks are placed in the grips under three-point or four- 
point loading. However it is very difficult to test the fracture toughness of bioc-
eramic/bioglass scaffolds because they are too fragile to machine for obtaining the 
specimens with required geometry and polished surfaces. Even dense bioceramics 
and bioglass only have a toughness of below 1 MPa • m1/2 much lower than that 
(2–12 MPa • m1/2) of cortical bones [45, 59]. The toughness of porous scaffolds is 
nearly zero. Due to the intrinsic brittleness, extrinsic toughening is required to make 
tough bone scaffolds. A related concept of fracture toughness is the work of fracture 
that expresses the total energy consumed to generate a unit area of fracture surface 
during complete fracture [88]. Because of the simplicity of the testing, work of 
fracture is used to assess the fracture toughness. Several studies reported the work 
of fracture of bioceramic/ bioglass scaffolds [45, 46, 65, 89]. International standards 
should be developed for testing the work of fracture of porous scaffolds since it may 
vary due to the difference of specimen geometry, specimen dimension, and testing 
conditions.

The Weibull modulus is a dimensionless parameter of the Weibull distribution 
that is used to evaluate the variability in measured strength (compressive, bending, 
and tensile) of brittle materials and map the reliability (or the probability of failure) 
at varying stresses [45]. As brittle materials, ceramics and glass are flaw sensitive so 
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that their brittle failure often originates at the physical flaws (weak points) existing 
in the surface or the body. Therefore the maximum stress that a specimen can be 
measured to sustain before failure may vary from sample to sample, even under 
identical testing conditions. If the Weibull modulus is low, the material will have a 
broadly distributed strength and low mechanical reliability. The porosity has a sig-
nificant effect on the reliability of bioceramics and bioglass. Some studies have 
employed the Weibull modulus to evaluate the mechanical reliability of bioceramic/
bioglass bone scaffolds [47, 90]. The 3D printed HA and TCP bioceramic scaffolds 
exhibited a Weibull modulus of 3.2–9.3 based on compression tests [47, 90]. The 3D 
printed 13-93 bioglass scaffolds had a Weibull modulus of 6.0 and 5.3 [45] based on 
compression tests and three-point bending tests, respectively. The CaO-Al2O3-P2O5 
bioglass-ceramic scaffolds possessed a Weibull modulus of 3–8 based on four-point 
bending tests. It is crucial and essential to assess the Weibull modulus when evaluat-
ing the load-bearing capacity of bioceramic/bioglass bone scaffolds.

Fatigue is the weakening of a material (gradually losing mechanical properties) 
caused by repetitive and cyclic applied loads. It is deemed to be the progressive and 
localized structural damage that takes place when a material is subjected to cyclic 
loading. If the loads are above a certain threshold, micro cracks will begin to gener-
ate at the stress concentrating areas such as the surface, persistent slip bands, and 
grain boundaries/interfaces [91]. Eventually a crack will grow up to a critical size, 
the crack will propagate suddenly, and the material will fracture. The fatigue resis-
tance can be expressed by fatigue life. ASTM defines fatigue life as the number of 
stress cycles that a specimen sustains before material failure [92]. For some materi-
als, there is a theoretical value for stress amplitude below which the material will 
not fail for any number of cycles, called a fatigue limit, endurance limit, or fatigue 
strength [93]. There are three commonly used methods to measure the fatigue life: 
the stress-life method, the strain-life method, and the linear-elastic fracture mechan-
ics method [94]. One of the primary causes of bone fracture in humans is repetitive 
and cyclic loading of bones during daily living [95]. The gradual loss of stiffness 
and strength throughout cyclic loading resulting from fatigue damage accumulation 
is hypothesized as the fatigue failure mechanism in bones [96]. It has been demon-
strated that both ceramics and glass undergo mechanical degradation under cyclic 
fatigue loading [97]. Therefore, besides assessment of sudden/catastrophic failure, 
it is essential to evaluate the fatigue resistance of bioceramic/bioglass scaffolds for 
load-bearing applications. Only a limited number of investigations reported fatigue 
behavior of bioceramic/bioglass bone scaffolds. A recent study reported a 3D 
printed strong bioglass-ceramic scaffold for repair of large-scale and load-bearing 
bone defects [39]. The scaffold achieved a compressive strength of 110 MPa and a 
bending strength of 30 MPa. It also behaved with high mechanical reliability. The 
fatigue life was up to 106 cycles at 1–10 MPa compressive cyclic load, and 105 cycles 
at 3–30 MPa compressive cyclic load. Another study evaluated the cyclic fatigue 
resistance of HA scaffolds using a diametric compression test in Hank’s solution for 
9 × 105 cycles [86]. The cyclic nature of in vivo loading modes makes it essential to 
assess the fatigue resistance of bone scaffolds for load-bearing applications.
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Load-bearing capacity means much more than compressive strength. In addition 
to compressive strength, it is required to evaluate the elastic modulus, bending 
strength, fracture toughness, mechanical reliability, and fatigue resistance of bioc-
eramic/bioglass bone scaffolds for load-bearing applications. Current international 
testing methods are only available for dense ceramic and glass materials. It is urgent 
to develop relevant mechanic testing methods for porous materials.

5  In Vivo Assessment via Load Bearing Bone Defect Model

The ultimate goal of bone tissue engineering is to repair large bone defects in vivo 
with bone scaffolds. Human bones at load-bearing sites undergo super complex 
loading during everyday activities. Although one can evaluate the mechanical 
behavior and osteogenesis of bone scaffolds, animal studies are required to assess 
the biomechanical performance and bone formation/remodeling. Various load- 
bearing bone defect models have been developed for this purpose, for example, 
critical sized long bone defect models (femur, tibia, and ulna) [15, 28, 79, 80], spine 
fusion model [14], and mandible model [98, 99]. The animals used for these models 
include rat, rabbit, goat, sheep, dog, pig, etc. Small animal studies (rat and rabbit) 
cost less, but the results may not reflect the real bone formation and bone remodel-
ing provided by the implanted bone scaffolds, because the human body, bone struc-
ture, and regenerative ability are significantly different to small animals. Large 
animal studies cost much more, but the results are more convincing.

Long bone defect models are the most popular for assessment the in vivo bone 
regeneration ability of bone scaffolds under load-bearing conditions. Bi, et al. [15] 
investigated the repair of a critical sized rat femur defect using strong bioglass scaf-
folds of 13-93 and 13-93B. The results indicated that under load-bearing conditions, 
the bioglass scaffolds were able to regenerate bones. After a 12-week post- 
implantation, the new bone percentage (38%) for bioglass scaffolds was compara-
ble with that (40%) for autografts. Jia, et al. [28] investigated bone regeneration of 
bioactive glass scaffolds of 13-93 and 2B6Sr in a rabbit femur segmental defect 
model. After 9 months, the bioglass scaffolds degraded and the femur defect was 
repaired with new bone formation and remodeling. Lovati, et al. [100] studied the 
bone formation of HA bioceramic scaffolds in sheep tibia and femur segmental 
defect models. The results demonstrated that the tibia is characterized by a lower 
bone regeneration ability compared to the femur.

The spinal fusion model is another popular load-bearing bone defect model. To 
achieve a stable spine fusion, the bone scaffolds must have good osteogenic, osteo-
conductive, and osteoinductive abilities; in addition, they should be strong enough 
to bear loading forces that are applied on the spine during the fusion process. Yuan, 
et  al. [14] evaluated the in vivo bone formation ability of HA/TCP bioceramic 
 scaffolds in a dog spinal fusion model. After 12-week post-implantation, the TCP 
scaffolds produced 20–40% new bones and generated excellent bone integration. 
The mandible defect model is another promising load-bearing model that can be 
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used to assess the in vivo bone regeneration ability of bone scaffolds under load-
bearing conditions. Recently Sun, et al. [98] established a critical-size mandibular 
defect model in growing pigs. It was found that 5 cm is the critical size towards 
mandible bone self-healing. Shah, et al. [99] developed a load-bearing critical-size 
composite rabbit mandible bone defect model. It was used to investigate bone 
regeneration, vascularization, and infection prevention in response to new biomate-
rial formulations. Cesarano III, et  al. investigated the possibility of using strong 
tissue engineered bioceramic scaffolds to reconstruct the human mandible [44]. 
Because of the strict regulation, the scaffold did not get approval from FDA for 
implantation in the human body. However the study demonstrated that the bioc-
eramic scaffold had an immediate load-bearing capacity and an anatomical 3D 
shape that are required for bone substitutes.

Pioneers have conducted human pilot clinical trials to evaluate the in vivo bone 
regeneration and remodeling performance of bioceramic scaffolds in load-bearing 
long bone defect models [79]. Four adult patients were involved in this study. 
4–7 cm long bone defects in the tibia, ulna, and humerus were used. HA scaffolds 
were implanted in those defects with internal and external fixation. X-ray and CT 
results indicated that the scaffolds well integrated with the hosting bones after 
5–8 months. The scaffolds were able to sustain loading forces after the fixators were 
removed. At 2.5 years, the complete bone scaffold integration was identified. After 
5 years, the long bones were remodeled to have a tubular structure. Strong bioc-
eramic/bioglass bone scaffolds can be fabricated by advanced manufacturing tech-
niques (3D printing and freeze casting). As the alternative of autografts and 
allografts, they are promising for the repair of large load-bearing bone defects. To 
advance the medical translation and commercialization of load-bearing bioceramic/
bioglass bone scaffolds, regulations from relevant government sectors should not be 
too strict. More large animal studies and human preclinical and clinical trials are 
required.

6  Bioinspiration Design and Future Perspectives

Human bones are strong, tough, reliable, and fatigue resistant so that they are capa-
ble to bear the complex loading forces during daily activities. In addition to bone, 
coral, nacre, bamboo, and animal shell also have an exceptional combination of 
mechanical properties although their components are quite weak. This is because 
such strong and tough natural materials have well-aligned hierarchical structure at 
nano, micro, and macro scales. For example, bone, the composite of 65 wt% car-
bonated hydroxyapatite (cHA) and 35 wt% collagen, has seven levels in architec-
ture: cHA crystals and mineralized collagen fibrils at a nanometer sale; a fibril array, 
its corresponding array patterns and osteons at a micrometer scale; and the  cortical/
concellous bone and the whole bone at a macroscopic scale [45, 101]. The high 
fracture toughness and mechanical reliability originate from the combination of 
intrinsic and extrinsic toughening mechanisms. The intrinsic toughening comes 
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from the plastic deformation of area ahead of the crack tip at the scale of under 
1 μm, involving the collagen molecule uncoiling, mineralized collagen fibril sliding, 
and microcracking. The extrinsic toughening comes from crack deflection/twist and 
crack bridging at the scale of over 1 μm. Through macrostructure design (pore size, 
pore shape, and porosity), high strength bioceramic/bioglass bone scaffolds can be 
fabricated by advanced manufacturing techniques including 3D printing and freeze 
casting. However high fracture toughness, mechanical reliability, and fatigue resis-
tance are also crucial for load-bearing applications. Mechanical reliability and 
fatigue resistance are dependent on fracture toughness to some extent. The fracture 
toughness of cortical bones (2–12  MPa  ·  m1/2) has an upper range that is much 
higher than the values for the bioceramics and bioglass (0.5–1 MPa · m1/2) [45]. So 
increasing the fracture toughness would be the primary task to develop load-bearing 
bone scaffolds. Inorganic materials are intrinsically brittle so that extrinsic toughen-
ing is the main method to develop high toughness bioceramic/bioglass scaffolds. 
Inspired by strong and tough natural materials, scientists and engineers have made 
great effort to mimic the architecture to develop synthetic materials with high com-
prehensive mechanical properties. A recent study reported a super tough alumina 
ceramic with nacre-like micro “brick-and-mortar” structure manufactured by freeze 
casting [63]. The fracture toughness increased by 10 times, up to 22 MPa · m1/2. The 
low modulus glassy phase between the alumina microplatelets serves as the poly-
mer component in the nacre to extrinsically toughen the alumina ceramic. It is 
believed that through bioinspiration design, strong, tough, and reliable bioceramic/
bioglass bone scaffolds could be developed for load-bearing applications.
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