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    Chapter 1   
 An Introduction to Scaffolds, Biomaterial 
Surfaces, and Stem Cells                     

     Jun     Deng     and     Changyou     Gao    

1.1           Introduction 

 The loss of tissues and organs is one of the most serious threats to human health, 
leading to suffering or death of millions of people each year [ 1 ]. Up to present, 
repair and regeneration of damaged tissues and failed organs is still a hard nut to 
crack in clinic [ 2 ]. Organ transplantation by using autografts and allografts is con-
sidered as the most effective technique and remains the dominating therapy for dam-
aged tissues, which has improved the living conditions of millions of patients [ 2 ]. 
However, the application of organ transplantation is compromised because of their 
drawbacks such as immune response, donor shortage, and donor site morbidity [ 3 ]. 

 The idea of “tissues engineering” was fi rstly put forward in the 1980s, which 
combines the principles of biology, medicine, materials, and engineering to fabri-
cate in vitro substitutes for subsequent in vivo implantation [ 4 ]. During the past 
three decades, great achievements have been made by using the tissue engineering 
method. For example, Dermagraft®, a full-thickness skin substitute composed of 
poly(lactic acid) (PLA), poly(glycolic acid) (PGA), and fi broblasts, has been com-
mercialized to treat diabetic ulcers and has achieved great success [ 5 ]. However, 
some critical issues in tissue engineering still remain. For example, the formation of 
new tissues needs complicated cell isolation, expansion, and long-term maturation 
in vitro [ 6 ]. The sources of autologous cells are limited. In particular, remodeling of 
tissues in vitro is diffi cult to mimic the integrated structures and comprehensive 
functions of the real in vivo extracellular matrix (ECM) [ 6 ]. To overcome these 
drawbacks, the idea of in situ tissue regeneration is developed by implanting tissue- 
specifi c biomaterials alone or combining with cells and biomolecules to the sites of 
injury [ 7 ]. The in situ tissue regeneration can take the advantage of the in vivo 
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microenvironment aiming to guide the fate of cells to regenerate new tissues in situ 
without complicated in vitro manipulation [ 7 ]. Therefore, since its emergence, the 
in situ tissue regeneration has gained great attention and is a promising therapeutic 
alternative for tissue loss [ 2 ,  8 ]. 

 Biomaterials play a crucial role in the success of in situ tissue regeneration 
because they can support cell growth and ECM formation. Thus, various formats of 
biomaterials such as porous scaffolds [ 9 ], hydrogels [ 10 ], membranes [ 11 ], tubes 
[ 12 ], and micro- and nanospheres [ 13 ] are available and can be fabricated specifi -
cally according to the requirements of different damaged tissues. Multiple technolo-
gies including freeze-drying [ 14 ], gas foaming [ 15 ], electrospinning [ 16 ], 
layer-by-layer (LbL) assembly [ 17 ], and three-dimension (3D) printing [ 18 ] are 
used to process biomaterials with organized structures and well-defi ned functions. 
Various types of biomaterials such as natural biomaterials [ 19 ,  20 ], synthetic poly-
mers [ 19 ,  21 ], bioceramics [ 22 ], and ECM-based biomaterials [ 23 ] are employed 
for the in situ tissue regeneration. 

 Most studies regarding matrices as regulators of cell behaviors have attributed 
the effects of the matrix to their “bulk” mechanical and chemical properties [ 24 ,  25 ]. 
In fact, upon implant into the living body, it is the biomaterial surface/interface that 
directly contacts with the biological systems [ 26 ]. Cells interact with the matrix 
through the cell-matrix interface, and thereby the “interfacial” properties such as 
energy [ 27 ], wettability [ 28 ], and surface topography [ 29 ] play a pivotal role in 
regulating cell adhesion, proliferation, differentiation, and functions. In addition, 
the biological microenvironment is comprised of the aqueous milieu enriched with 
soluble proteins and sugars [ 30 ]. Upon contact with physiological fl uids (e.g., 
blood), various types of proteins such as albumin, immunoglobulin (IgG), fi brino-
gen (Fg), fi bronectin (Fn), and vitronectin (Vn) adsorb onto the implant surface 
from body fl uids within seconds to minutes [ 26 ]. Thus, the cell-surface interaction 
is ultimately an interaction between cells and surface-bound proteins. The type, 
amount, conformation/orientation, and bioactivity of the adsorbed proteins subse-
quently infl uence the overall kinetics and thermodynamics of the binding events 
between cells and implant surface [ 31 ]. On one hand, certain adsorbed adhesive 
proteins mediate the attachment and activation of platelets, macrophages, and other 
infl ammatory cells, triggering clotting and immune responses in the host [ 32 ]. On 
the other hand, the adsorbed ECM proteins assist in specifi c cell adhesion and 
spreading through integrin binding and regulate other subsequent signaling events 
(proliferation, differentiation, motility, gene expression, and survival) [ 33 ]. 
Therefore, the interfacial interactions are crucial in determining the success of 
implant devices. 

 Stem cells are the focus of many applications for in situ tissue regeneration and 
tissue engineering due to their extensive abilities to self-renew and to generate dif-
ferentiated progeny [ 34 ]. There are main three broad categories of stem cells, 
including resident stem cells, embryonic stem cells, and pluripotent stem cells [ 35 ]. 
Tissues that can now be engineered using stem cells comprise a diverse range from 
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epithelial surfaces (skin, cornea, and mucosal membranes) to skeletal tissues [ 36 ]. 
In addition, one of the strategies in the in situ tissue regeneration is to treat patients 
by transplanting stem cells or their differentiated derivatives [ 35 ]. Although the 
chemical compositions and physical properties of ECM vary considerably [ 37 ], 
they are the key niche for stem cells in almost all tissues. It has been demonstrated 
that the ECM not only anchors stem cells but also directs their fate [ 38 ]. The adhe-
sion molecules (e.g., proteins and growth factors) on the ECM can regulate the 
interactions between stem cells and ECM [ 39 ]. The interaction of ECM with stem 
cells depends not only on its surface protein composition but also on its physical and 
chemical properties. There is strong evidence that ECM surface topography, bulk 
stiffness, surface energy, and chemical composition can profoundly infl uence on 
stem cell behaviors [ 37 ,  40 ]. 

 All these fi nding are increasingly directing the design of appropriate scaffolds 
for tissue repair and regeneration [ 40 ]. Considerable progress has been made in the 
design of bioactive and bioresorbable scaffolds that support tissue regeneration. 
ECM protein motifs, growth factors, and/or genes can be incorporated into the scaf-
folds by physical incorporation or chemical immobilization, which are used to regu-
late cell activity and functions by providing signals to stimulate or inhibit cellular 
adhesion, recruitment, migration, growth, differentiation, and gene expression [ 40 , 
 41 ]. Thus, many carriers such as micelles [ 42 ], vesicles [ 43 ], microgels/nanogels 
[ 44 ], and microcapsules [ 45 ] are developed for delivery and controlled release of 
soluble factors and/or genes.  

1.2     Scaffolds 

 The scaffolds are defi ned as 3D porous solid biomaterials designed to perform some 
or all the biological functions and play a unique role in tissue engineering and 
regenerative medicine. The major function of the scaffolds is to provide a temporary 
support to body structures, allowing the stress transfer overtime to injured sites and 
facilitating tissue regeneration on the scaffolds. Meanwhile, the scaffolds should 
have some other functions, such as ( 1 ) suffi cient transport of gases, nutrients, and 
regulatory factors to cell survival, ( 2 ) biodegradable at a controllable rate matching 
the tissue regeneration, and ( 3 ) without or with very low infl ammation and toxicity. 
Therefore, design and fabrication of scaffolds is one of the major tasks of biomate-
rial research in tissue engineering and regenerative medicine. So far different types 
of scaffolds, including sponges (porous scaffolds), microsphere scaffolds, hydrogel 
scaffolds, and micro-/nanostructured scaffolds, have been extensively developed 
(Fig.  1.1 ).

1 An Introduction to Scaffolds, Biomaterial Surfaces, and Stem Cells
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1.2.1       Porous Scaffolds 

 The 3D polymeric porous scaffolds with higher porosity and interconnected pore 
network are highly useful for tissue engineering and regeneration. The porous net-
work of the scaffold simulates the ECM, allowing effective cell infi ltration and 
interaction with the outside environment and providing a good substrate for gas and 
nutrient exchange. Ideal pore size and porosity can be varied for different types of 
tissues and cells [ 51 ,  52 ]. The porosity and pore size of the scaffolds govern their 
mechanical properties and play a pivotal role in cell proliferation, migration, and 
differentiation [ 52 ]. Ma et al. fabricated 3D poly(ethylene terephthalate) (PET) non-
woven fi brous scaffolds with variable pore size and porosity using thermal compres-
sion [ 53 ]. The high porosity (HP) matrices have a porosity of 0.896 and average 
pore size of 39 μm, while the low porosity (LP) ones have a porosity of 0.849 and 
average pore size of 30 μm. Cells cultured in the LP matrix could spread across 
adjacent fi bers more easily, leading to faster cell proliferation, while the smaller 
pore size of LP matrices limits the formation of large cell aggregates and reduces 

  Fig. 1.1    Different types of scaffolds. ( a ) Images of PLGA porous scaffolds ([ 46 ,  47 ], copyright 
2010 Elsevier). ( b ) Graphical representation of protein hydrogels ([ 48 ], copyright 2009 PNAS). ( c ) 
Schematic of microsphere scaffolds (Adapted with permission from [ 49 ], copyright 2016 American 
Chemical Society). ( d ) Micro-/nanostructured scaffolds ([ 50 ], copyright 2016 Royal Society of 
Chemistry. Reprinted with permission)       
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cell differentiation. Conversely, cells cultured in HP matrices show a higher degree 
of cell aggregation and differentiation. The porosity and pore size signifi cantly 
infl uence the mechanical properties as well. Although higher porosity and pore size 
in scaffolds can enhance the nutrient and gas exchange, the mechanical properties 
of the scaffolds will be compromised due to the large amount of void volume [ 54 ]. 
In general, scaffolds should have strong enough mechanical strength that matches 
the native tissues in vivo to maintain integrity until new tissue regeneration and suf-
fi cient space for cell proliferation and nutrient exchange. Therefore, there is a limit 
to the amount of porosity and pore size that could be incorporated into a scaffold 
without compromising its mechanical properties. 

 The porous scaffold can be fabricated with specifi c pore size, porosity, and struc-
ture using various methods, such as salt leaching [ 56 ], phase separation [ 57 ], freeze- 
drying [ 58 ], electrospinning [ 59 ], selective laser sintering [ 60 ], and 3D printing 
[ 61 ]. A variety of natural molecules (e.g., collagen, fi brinogen, and chitosan) and 
synthetic biodegradable polymers (e.g., poly(L-lactic acid) (PLLA), poly(glutamic 
acid), poly(lactide-co-glycolide) (PLGA), poly(ε-caprolactone) (PCL), poly(D, L- 
lactic acid) (PDLLA), and poly(ethylene oxide) (PEO)) are widely used as the scaf-
folding materials [ 62 ]. For example, Liu et al. developed a facile glutaraldehyde 
(GA) cross-linking method to prepare collagen/chitosan porous scaffolds (S2) by 
one step of cross-linking and freeze-drying. Compared to the S1 scaffolds prepared 
by the traditional method consisting of multisteps including freeze-drying, cross- 
linking, and refreeze-drying [ 55 ], the S2 can overcome the shortcomings such as 
rough surface and inner structure collapse, resulting in a smooth surface and more 
controllable pore size (Fig.  1.2 ) [ 55 ].

  Fig. 1.2    Macroscopic shape of S1 ( a ) and S2 ( d ) and the corresponding microstructure from the 
surface ( b ,  e ) and cross-sectional view ( c ,  f ) (Reprinted from [ 55 ] with permission. Copyright 2012 
Elsevier)       
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1.2.2        Hydrogel Scaffolds 

 Since the use of hydrophilic networks of cross-linked poly(2-hydroxyethyl methac-
rylate) (PHEMA) as soft contact lens material in 1960 [ 63 ], the hydrogels have 
gained increasing interest in biomedical applications [ 64 ]. Hydrogels are defi ned as 
physically or chemically cross-linked polymer networks that can absorb and main-
tain large amount of water [ 65 ], which is from 10 % to 20 % (an arbitrary lower 
limit) up to thousands times of their dry weight [ 66 ]. The networks are formed by 
molecular entanglements, covalent bonding, and/or secondary forces including 
ionic, H-bonding, and hydrophobic forces. The networks can also be formed by 
biospecifi c recognitions such as the interactions between Concanavalin A and poly-
saccharide [ 67 ] and between avidin and biotin [ 68 ], respectively. 

 Hydrogels are classifi ed into different categories depending on various parame-
ters including the preparation method, the overall charge, and the mechanical and 
structural characteristics. The homopolymer and copolymer hydrogels can be dis-
tinguished based on the preparation method. The hydrogels can also be classifi ed as 
neutral, anionic, and cationic depending on the charges of the building blocks, 
respectively. Moreover, classifi cation of hydrogels can be made according to their 
physical structures: amorphous, semicrystalline, hydrogen-bonded, supramolecu-
lar, and hydrocolloidal, respectively. 

 Because of their soft and rubbery consistence, they closely resemble the struc-
tures and properties of many types of living tissues. Meanwhile, the high water 
content of the hydrogels contributes largely to their excellent biocompatibility [ 64 ]. 
Therefore, hydrogels are especially suitable for the applications in the revolutionary 
fi eld of tissue engineering as scaffolds to guide the growth of new tissues, such as 
cartilage healing, bone regeneration, and wound care. They can act as carriers for 
drug delivery too [ 66 ]. By loading cell growth factors, they can more strongly sup-
port the proliferation [ 67 ], migration [ 69 ], and differentiation of cells [ 70 ] during 
tissue regeneration. Hydrogels in tissue engineering application should meet a num-
ber of design criteria including physical parameters (e.g., degradation rate and 
mechanics) and biological parameters. Therefore, the properties of hydrogels should 
be well defi ned and characterized with good reproducibility. 

 The hydrogels fabricated from naturally derived polymers have potential advan-
tages of biocompatibility, cell-controlled degradability, and intrinsic cellular inter-
actions. However, they may exhibit a narrow and limited range of mechanical 
properties. Although the synthetic polymers can be prepared with precisely con-
trolled structures, mechanical properties, and functions, the biocompatibility is lim-
ited. Thus, various types of hydrogels are prepared by combinations of these two 
classes of materials. So far a wide and diverse range of polymers have been used to 
fabricate hydrogels, which contain natural polymers (e.g., collagen, chitosan, hyal-
uronan, and gelatin), synthetic polymers (e.g., PEG-PLGA-PEG, PEG-PCL-PEG, 
and PEG-bis-(PLA-acrylate)), and their hybrids (e.g., poly(N-(2-hydroxypropyl) 
methacrylamide)-g-peptide (P(HPMA-g-peptide)) and P(PLGA-co-serine)). 
Recently, Mosiewicz et al. developed a hydrogel that could be used for in situ cell 
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manipulation through enzymatic hydrogel photopatterning [ 71 ]. Briefl y, a peptide 
substrate of activated transglutaminase factor XIII (FXIIIa), a key ECM cross- 
linking enzyme, is rendered photosensitive by masking its active site with a photo-
labile cage group. Then, covalent incorporation of the caged FXIIIa substrate into 
PEG hydrogels and subsequent laser-scanning lithography affords highly localized 
biomolecule tethering (Fig.  1.3 ) [ 71 ].

1.2.3        Micro-/Nanostructured Scaffolds 

 Nature structural materials are built at ambient temperature from a fairly limited 
selection of components and are usually comprised of hard and soft phases arranged 
in complex hierarchical architectures with the dimensions varying from nanoscale 
to macroscopic physiological scale. The nano-/microstructure of some natural 
materials such as bone, teeth, and antler has been well characterized [ 72 ]. For exam-
ple, bone is composed of cells embedded in the bone ECM, which is an ordered 
network assembled from two major nanophases: collagen fi brils made of type I col-
lagen molecules (~300 nm long, ~1.5 nm in diameter) and hydroxyapatite 
(Ca 10 (PO 4 ) 6 (OH) 2 )) nanocrystals (plate-shaped, 50 × 25 nm in size, 1.5–4 nm thick) 
distributing along the collagen fi brils [ 72 ]. These structures inspire the investigators 
to fabricate new micro-/nanostructured scaffolds mimicking the nature materials in 
tissue regeneration application, such as fi brous scaffolds, microsphere scaffolds, 
and hybrid (polymer-bioceramic composite) scaffolds. For instance, the develop-
ment of nanofi bers has enhanced the scope for fabricating scaffolds that can poten-
tially mimic the architecture of natural human tissues at the nanometer scale. 
Microsphere scaffolds have spatial extension and temporal duration control, provid-
ing the stiffness gradient for interfacial tissue engineering [ 73 ]. The micro-/nano-
structured scaffolds possess a larger surface area, which provides much more 
adsorption sites for bioactive molecules. Thus, the micro-/nanostructured design is 
also proved to be a strategic method in improving the bioactivity and biological 
responses of the scaffolds.

   Up to present, various technologies have been developed to fabricate the micro-/
nanostructured scaffolds, such as biomimetic mineralization [ 75 ,  76 ], layer-by- 
layer deposition [ 77 ], solution casting [ 78 ], self-assembly [ 79 ], thin-fi lm or tape 
deposition [ 80 ], freeze casting [ 81 ], and additive manufacturing (e.g., 3D inkjet 
printing, robocasting, stereolithography, or two-photon polymerization) [ 82 ,  83 ]. 
For example, freeze casting has been widely used to fabricate hybrid scaffolds (e.g., 
poly(methyl methacrylate) (PMMA)/ceramic and PMMA/SiC hybrid materials) 
with fi ne lamellar or brick-and-mortar architectures [ 72 ,  73 ,  84 ]. Lin et al. fabri-
cated the HAp bioceramics with distinct nanostructured topographies using a hydro-
thermal treatment method [ 74 ]. The HAp bioceramics with nanosheet, nanorod, and 
micro-/nano-hybrid-structured surfaces in macroscopical size are obtained by con-
trolling the compositions of the reaction media (Fig.  1.4 ) [ 74 ]. Compared with the 
traditional sample with fl at and dense surface, the fabricated HAp bioceramics with 
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hierarchical 3D micro-/nanotextured surfaces possess higher specifi c surface area, 
which selectively enhances adsorption of specifi c proteins including Fn and Vn in 
plasma and thereby stimulates osteoblast adhesion, growth, and osteogenic differ-
entiation [ 74 ].   

1.3     Biomaterial Surface/Interface and Bio-interactions 

 Upon contact with the biological systems, it is the biomaterial surface that interacts 
directly with biomacromolecules and living cells, and thereby the cell behaviors are 
signifi cantly infl uenced by the surface properties (Fig.  1.5 ). Hence, the properties of 
biomaterial surface play a vital role in determining the biological identity and bio-
compatibility. So far much attention has been paid to understanding the bio- 
interactions of biomaterial surface and the living systems.

  Fig. 1.4    FESEM images of the control sample  S0  and the fabricated HAp bioceramics with differ-
ent topographic surfaces: nanosheet ( S1 ), nanorod ( S2 ), and micro-/nano-hybrid ( S3 ) (Reprinted 
with permission from [ 74 ]. Copyright 2013 American Chemical Society)       
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  Fig. 1.5    Schematic presentation of the interfacial interactions. Cell behaviors are signifi cantly 
infl uenced by the surface properties of the biomaterials and growth factors (Reprinted from [ 85 ] 
with permission. Copyright 2013 Wiley)       
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1.3.1       The Interactions of Biomaterial Surfaces with Proteins 
and Cells 

 After being placed in a biological milieu containing cells, the fi rst molecules reach-
ing to the biomaterial surface are water and salt ions, followed by proteins, and 
eventually cells come into contact (Fig.  1.6 ) [ 26 ]. The adsorption of proteins on 
surfaces is a unique phenomenon of major physiological and toxicological signifi -
cance. Protein adsorption is the fi rst step in many biological processes, for instance, 

  Fig. 1.6    Schematic illustration of the successive events following after implantation of a medical 
implant. The fi rst molecules to reach the surface are water molecules (ns time scale). Then, protein 
adsorption starting on the micro- to millisecond time scale and continuing for much longer time. 
Eventually cells reach the surface (Reprinted from [ 26 ] with permission. Copyright 2013 Elsevier)       
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transmembrane signaling or the blood coagulation cascade [ 86 – 88 ]. Protein adsorp-
tion on artifi cial tissue scaffolds is the key factor for a proper tissue response [ 89 ]. 
Moreover, the contact of biomedical implants with blood stream may cause protein 
adsorption and may further result in thrombosis [ 90 ,  91 ].

   Because of their complex structure, proteins typically exhibit different affi nities 
in different regions of their surface depending on the local composition of amino 
acid residues. Proteins adsorbed on the biomaterial surface/interface are resulting 
from attractive coulomb and van der Waals interactions, hydrogen bonding, and the 
entropy gain of solvent molecules or counterion release. Protein adsorption on bio-
material surface is infl uenced by many factors such as environment (e.g., pH, tem-
perature, and ion concentration), protein types, and biomaterial surface properties 
[ 92 ,  93 ]. Generally, proteins direct their hydrophobic patches to the hydrophobic 
surfaces [ 94 ]. Analogously, proteins tend to expose their positively or negatively 
charged regions to the oppositely charged biomaterial surfaces/interfaces [ 95 ]. 
Thus, proteins prefer to adhere more strongly to high surface tension than to low 
surface tension, to nonpolar than to polar, and to charged than to uncharged sub-
strates [ 92 ]. General experimental fi nding suggests that in most cases the nonpolar 
surfaces destabilize proteins and thereby facilitate conformational reorientations, 
leading to strong surface-protein interactions. Upon adsorption to a solid surface/
interface, proteins undergo conformation changes in order to make the free energy 
minimum [ 92 ]. It can be expected that the protein’s biological functions are affected 
by the conformational changes upon adsorption. Indeed, some types of proteins or 
peptides exhibit their functions only after adsorption [ 96 ,  97 ]. 

 When cells arrive, they “see” a protein-covered surface. It is widely recognized 
that adsorbed ECM proteins assist in specifi c cell adhesion and spreading through 
integrin binding and regulate other subsequent signaling events [ 33 ] including pro-
liferation, differentiation [ 98 ], motility [ 99 – 101 ], gene expression, and survival. 
Woo et al. observed that the selectively enhanced protein (e.g., Fn and Vn) adsorp-
tion on nano-fi brous PLA scaffolds could enhance osteoblastic cell attachment 
[ 102 ]. Deng et al. found that the adhesion and migration behaviors of vascular 
smooth muscle cells (VSMCs) on salt-etched polyelectrolyte multilayers [ 100 ] and 
poly(hydroxyethyl methacrylate) (PHEMA) [ 103 ] and poly(ethylene glycol) (PEG) 
[ 99 ] brushes are modulated by Fn adsorption. Besides, the protein adsorption and 
cell behaviors are infl uenced by the surface properties (e.g., surface rigidity, modu-
lus, charge, topology, roughness, and chemical compositions) [ 104 ,  105 ], environ-
mental factors (e.g., pH, temperature, and ion concentration) [ 106 ,  107 ], and the cell 
types [ 108 ,  109 ].  

1.3.2     Mediation of Cell Migration by Gradient Biomaterials 

 Cell migration in vivo is a very important and normal process in both physiological 
and pathological aspects. For example, during embryonic development in mam-
mals, cells migrate beneath the ectoderm to create a different germ layer, and this 
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targeted cell translocation is required for proper tissue formation [ 110 ]. Upon 
wound occurrence, the fi broblasts and infl ammatory cells migrate into the tempo-
rarily formed clots. Meanwhile, the epidermal cells migrate and proliferate to cover 
the surface [ 111 ]. Cells in vivo migrate in response to diverse gradients of stimuli 
including physical, chemical, and signal gradients. Physical gradients occur natu-
rally in bone structure and are defi ned as the gradual change in a physical property 
such as porosity, stiffness, and topology [ 112 ]. The dense cortical bone is located at 
the outer layer of the bone, inside which is the low-density trabecular bone. The 
pore size decreases from inside to outside. These structures can provide excellent 
permeability and desired mechanical support [ 112 ]. The cell migration in vivo is 
widely recognized as the gradients of ECM proteins, growth factors, and other sig-
naling molecules. Inspired by these natural phenomena, gradient biomaterials have 
been created to investigate the cell migration in vitro.

   Therefore, various techniques including “top-down” and “bottom-up” have been 
developed to prepare gradient surfaces [ 114 ]. The “top-down” approach is usually 
used to introduce active sites for further functionalization on an inert  s urface with-
out reactive group. This method modifi es the surface gradually via external sources 
such as corona discharge [ 115 ], ultraviolet irradiation [ 116 ,  117 ], plasma [ 118 , 
 119 ], chemical degradation [ 120 ,  121 ], and so on to change the surface properties. 
For example, Han et al. developed gradient poly(sodium 4-styrenesulfonate) (PSS)/
poly(diallyldimethylammonium) chloride (PDADMAC) multilayers with a gradu-
ally changed swelling ratio by using a salt-etched method [ 122 ]. The “bottom-up” 
technology is mostly used to introduce species of functional molecules onto sur-
faces with an adjustable grafting density, chain length, and mobility [ 123 – 125 ]. The 
gradient surfaces of materials can be obtained by time and spatially controlled reac-
tions or by reactions in a gradient concentration of molecules. For instance, Ren 
et al. fabricated a molecular weight gradient of poly(2-hydroxyethyl methacrylate) 
(PHEMA) brushes with a thickness ranging from 3 to 30 nm and slopes of 0.8–3.2 
nm/mm by using surface-initiated atom transfer radical polymerization (ATRP) and 
a dynamically controlled reaction process [ 126 ]. 

 Since they are more similar to the situation in vivo and also have the potential 
application of inducing cell migration in the tissue regeneration process, the gradi-
ents in a 3D matrix are more important. However, the “top-down” and “bottom-up” 
are only used for fabricating the gradient surface on 2D surface, but are not suitable 
in a 3D matrix owing to their relative complicated structure. There are only a few 
technologies that have been successfully applied in a 3D matrix (e.g., porous scaf-
folds and hydrogels) [ 127 ,  128 ]. For example, Woodfi eld et al. fabricated a pore- size 
gradient using a novel 3D fi ber deposition technique [ 127 ]. DeLong et al. developed 
hydrogels with a basic fi broblast growth factor (bFGF) gradient by diffusing two 
types of hydrogel precursor solutions (PEG-conjugated bFGF solution and only 
PEG solution) in a gradient maker [ 69 ]. Cells were observed to align on hydrogels 
modifi ed with a bFGF gradient in the direction of increasing tethered bFGF concen-
tration as early as 24 h after seeding [ 69 ]. Oh et al. fabricated a surface area gradient 
porous polycaprolactone (PCL)/Pluronic F127 cylindrical scaffold by a centrifuga-
tion method (Fig.  1.7a ) [ 113 ]. The cylindrical scaffolds exhibit gradually increasing 
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surface areas along the longitudinal direction. Then, growth factors are immobilized 
via heparin binding to produce scaffolds with gradually increasing concentration of 
growth factors from the top position (near to rotation center) to the bottom position 
(bottom of the centrifuge tube, far to the rotation center) (Fig.  1.7b ) [ 113 ]. The 
released amount of growth factor from the cylindrical scaffold gradually decreased 
along the longitudinal direction (from the bottom of the centrifuge tube to the top of 
the centrifuge tube) in a sustained manner for up to 35 days, which can allow for a 
minutely controlled spatial distribution of growth factors in a 3D environment (Fig. 
 1.7b ) [ 113 ].  

1.3.3     Infl uence of Biomaterial Surface on Stem Cell Fate 

 The promise of cellular therapy and tissue regeneration depends strongly on the 
cells used and the cell-biomaterial interaction in vitro and in vivo [ 129 ,  130 ]. 
However, the lack of available donor cell sources limits its ultimate clinical applica-
bility. Stem cells (SCs) like mesenchymal stem cells (MSCs) are chosen for cell 
therapy due to their pluripotent nature and self-renewal capacity (Fig.  1.8 ). Control 
over their differentiation to a lineage of choice in an effi cient and scalable manner 
is critical for the ultimate clinical success of cellular therapeutics [ 131 ,  132 ]. Surface 
modifi cation to biomaterials can directly infl uence on stem cell behavior by altering 
surface interactions and microenvironment architecture and ultimately manipulat-
ing the signal transduction pathways in stem cells [ 133 – 135 ]. Diverse factors can 

  Fig. 1.7    ( a ) Schematic diagram showing the fabrication process of the surface area gradient 
porous scaffold by a centrifugation method. ( b ) Schematic diagrams of the successive binding of 
heparin and growth factor onto the fi bril surface of PCL/F127 cylindrical scaffold and the forma-
tion of 3D growth factor gradient on the scaffold (Reprinted from [ 113 ] with permission. Copyright 
2011 Elsevier)       
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contribute to overall stem cell fates (i.e., differentiation into specifi c lineages), 
including the mechanical properties (e.g., elasticity or rigidity and stiffness), chemi-
cal and biological signals, and surface pattern [ 133 – 136 ].

   The physical interactions between cells and the elasticity of substrates can infl u-
ence on stem cell fates, although genetic or molecular mediators have been consid-
ered to be the controlling factors [ 138 ,  139 ]. Recently, numerous studies have 
proved that the elasticity of cell culture substrates defi nes the lineage commitment 
of stem cells [ 24 ,  28 ,  140 – 143 ]. It was observed that the stem cells tend to differen-
tiate into specifi c tissue lineages when they are cultured on materials with similar 
elasticity to those tissues [ 24 ,  28 ,  140 – 143 ]. For example, soft cell culture materials 
guide mesenchymal stem cells (MSCs) into neuronal differentiation regardless of 
the use of induction medium [ 24 ,  144 – 146 ]. However, the MSCs tend to osteoblast 
differentiation when they are cultured on stiff substrates [ 147 ,  148 ]. In addition to 
the physical properties, stem cell differentiation can be directly mediated by pre-
senting appropriate biological [ 37 ,  149 ] or chemical factors [ 150 ,  151 ] in their 

  Fig. 1.8    The multipotentiality of MSCs. The ability of mesenchymal stem cells (MSCs) in the 
bone marrow cavity to self-renew ( curved arrow ) and to differentiate ( straight ,  solid arrows ) 
toward the mesodermal lineage (Reprinted from [ 137 ] with permission. Copyright 2008 Nature 
Publishing Group)       
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microenvironment. For example, activin A has been demonstrated to promote the 
differentiation of stem cell-derived embryoid body (EB) toward the endoderm germ 
layer [ 152 ]. The use of retinoic acid and activin A can successfully enhance in vitro 
differentiation of mouse embryonic stem cells (mESCs) into  α -,  β -,  γ -, and  δ -cells, 
all of which are pancreatic endocrine cells [ 153 ]. Dexamethasone [ 154 ],  β -glycerol 
phosphate [ 154 ], alendronate (Aln) [ 155 ,  156 ], and BMP [ 157 ,  158 ] can promote 
in vitro differentiation of mESCs into cartilage. Therefore, chemical and biological 
molecules have been used to modify the biomaterial surface to control the stem cell 
differentiation. More recently, these chemical and biological molecules are directly 
incorporated within the scaffold structure or into the scaffold biomaterial in a vari-
ety of ways. For example, soluble growth factors can be directly incorporated or 
encapsulated during the scaffold fabrication process [ 159 ,  160 ]. Another commonly 
used method is simple physical adsorption of chemical or biological molecules on 
the biomaterial or scaffold surface. Carstens et al. reported that human BMP-2 
(rhBMP-2)-adsorbed collagen sponges show in situ osteogenesis in a craniofacial 
mandibular defect [ 161 ]. Compared to the above approaches, covalent conjugation 
of chemical or bioactive molecules to the biomaterials provides a more reproducible 
and controlled way since both ligand amount and ligand density can be controlled. 
Arginine-glycine-aspartic (RGD) peptide molecules are covalently conjugated to 
PEG chains using the widely used N-hydroxysuccinimidyl-ester (NHS) molecules 
[ 162 ]. The high density of RGD molecules-conjugated PEG hydrogel enhances 
osteogenic differentiation of MSCs [ 163 ]. Aln molecules are covalently attached 
onto the aminolyzed PCL membrane in a gradient manner via the coupling reaction 
between the derived aldehyde groups and -NH 2  groups (Fig.  1.9 ) [ 155 ]. The BMSCs 
show gradient osteogenic differentiation on the Aln-grafted gradient surface with a 
stronger tendency on the high density of Aln molecules (Fig.  1.9 ) [ 155 ].

  Fig. 1.9    Schematic diagram of aminolysis and Aln immobilization on a PCL membrane and infl u-
ence on the differentiation of BMSCs in a gradient manner (Reprinted from [ 155 ] with permission. 
Copyright 2012 American Chemical Society)       
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1.4         Regenerations of Some Clinic-Targeted Tissues 

 Due to the poor regenerative capacity of tissues in vivo, the repair of tissue defects 
is always a great challenge in surgery therapy [ 164 ]. Tissue engineering combines 
the principles and technologies of bioengineering, medicine, and biology to repair 
or regenerate tissues by using the building blocks of native tissues, including cells, 
growth factors, and scaffolds, providing a promising approach for tissue repair and 
regeneration [ 165 ,  166 ]. Here, regeneration of some clinic-targeted tissues such as 
cartilage, skin, blood vessels, and cardiovascular is described briefl y. 

1.4.1     Cartilage Regeneration 

 Osteoarthritis, which is mainly caused by cartilage destruction, affects approxi-
mately 27 million adults in the United States [ 167 ]. Cartilage has limited capacity 
of self-repair due to its lack of vascularity, resulting in poor replicative capacity of 
chondrocytes, the main cell type in cartilage. The limited capacity of damaged car-
tilage to regenerate and the potential morbidity associated with implanting or trans-
ferring bone and cartilage make cartilage regeneration an attractive alternative. 
Therefore, the cartilage tissue engineering aims to create biologically compatible 
cartilage constructs, which are composed of certain cell types seeded within bioma-
terial scaffolds. Tissue-engineered cartilage contains a variety of components, such 
as various constituent cell types, biomimetic scaffolds, inductive bioactive factors, 
and genes. 

 The cells seeded into the scaffolds are responsible for the synthesis and metabo-
lism of ECM. Initially, chondrocyte is used in cell-based therapy for repairing car-
tilage lesions, which is the principal cell type found in cartilage [ 168 ]. However, the 
availability of chondrocytes (e.g., adult chondrocytes and juvenile chondrocytes) is 
limited. Pluripotent stem cells such as ESCs are attractive options for tissue regen-
eration because of their potential for indefi nite self-renewal and ability to differenti-
ate into multiple tissue types [ 169 ,  170 ]. Although most of the pluripotent stem cells 
may be a viable treatment solution for cartilage regeneration, their undifferentiated 
nature and tendency to grow without restraint may lead to concern of tumor forma-
tion [ 171 ]. Mesenchymal stem cells (MSCs), another type of the pluripotent stem 
cells, have minimal tumorigenic capacity and thereby are of great promise for 
regenerating cartilage. MSCs have the ability to differentiate into various cell lin-
eages including adipocytes, osteoblasts, chondrocytes, and myocytes [ 172 ]. 
Therefore, MSCs are an ideal option for cartilage regeneration because of their 
available and accessible supply and their capacity for considerable expansion and 
differentiation. 

 Cells must be seeded on a 3D scaffold that retains the seeded cells and provides 
mechanical support to aid in the development of cartilage over time. Thus, mainly 
four types of scaffolds including protein-based polymers, carbohydrate-based 
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 polymers, synthetic polymers, and composite polymers are applied in cartilage tis-
sue engineering [ 62 ]. Inspired by nature, the protein-based polymers such as fi brin, 
gelatin, and collagen have been widely used in bioengineered scaffolds. For exam-
ple, collagen is the major component of ECM and can be used as a scaffold that 
could retain cell phenotypes. Being seeded with autologous chondrocytes in colla-
gen type I-based scaffold, the obtained construct was implanted in 21 patients with 
grade III chondral defects of the distal femur [ 173 ]. The patients treated with these 
scaffold materials have signifi cantly lower pain scores [ 173 ]. Hyaluronan, alginate, 
chitosan, and agarose are typical examples of carbohydrates and have been used as 
hydrogel scaffolds. They have a strong ability to adsorb and maintain water, which 
is similar to the properties of cartilage ECM. In one study, signifi cant improvement 
in function and relief of pain was seen in cartilage defect patients being treated with 
hyaluronic acid-based scaffolds [ 174 ]. Synthetic polymers such as PLA, PCL, and 
PLGA are the most common materials used in cartilage regeneration. Previous 
work has demonstrated that a synthetic polymer-based scaffold containing PLGA 
and calcium sulfate could enhance the growth of cartilage and bone [ 175 ]. 

 In contrast to scaffolds, cells and growth factors are used to stimulate cell growth, 
enhance chondrogenesis, and augment the management of cartilage defects. The 
fi ve main groups of growth factors used in cartilage regeneration are transforming 
growth factor- β  superfamily, fi broblast growth factor family, insulin-like growth 
factor, platelet-derived growth factor, and platelet-rich plasma [ 176 ]. Recently, a 
composite construct comprising of bone marrow mesenchymal stem cells (BMSCs), 
plasmid DNA encoding transforming growth factor- β 1 (pDNA-TGF- β 1), fi brin gel, 
and poly(lactide-co-glycolide) (PLGA) sponge was designed and employed to 
repair articular cartilage defects (Fig.  1.10a ) [ 46 ]. To improve the gene transfection 
effi ciency, a cationized chitosan derivative N,N,N-trimethyl chitosan chloride 
(TMC) was employed as the vector (Fig.  1.10a ) [ 46 ]. In comparison with BMSCs 
or TMC/pDNA-TGF- β 1 constructs, both the cartilage and subchondral bone were 
perfectly regenerated and integrated with the host tissues in the BMSC/TMC/
pDNA-TGF- β 1 composite constructs (Fig.  1.10b ) [ 46 ]. These composite constructs 
have great potential for in situ cartilage regeneration.

1.4.2        Skin Regeneration 

    Skin, the largest organ of human body, plays a signifi cant role in protecting the body 
against outside environment. It mainly consists of the epidermis, dermis, and hypo-
dermis [ 178 ]. Severe acute and chronic wounds on the skin such as burns, abrasions, 
lesions, and ulcers may result in signifi cant disability or even death. Because of the 
antigenicity of donor tissue and the limitation of donor sources, skin grafts have 
been a challenging task for surgeons, limiting their wide application [ 179 ,  180 ]. 
Therefore, various models for skin epidermis and dermis reconstruction have been 
developed to enhance skin cell growth during wound healing. Many new approaches 
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(e.g., physical and pharmacological methods) have been explored to improve human 
skin cell growth [ 181 ,  182 ]. Tissue engineering is emerging as an effective method 
for developing skin substitutes and ameliorating the healing process. 

 To simulate the in vivo environment, a series of natural materials including silk, 
collagen, fi brin, and sugar are preferred for tissue-engineering applications. For 

  Fig. 1.10    ( a ) Schematic illustration of the fabrication procedures of the composite construct by 
fi lling BMSCs, TMC/DNA complexes, and fi brin gel into a PLGA sponge and chemical structure 
of TMC. pDNA-TGF- β 1 was used in the in vivo experiment. ( b ) The macroscopic shape of ( a ) 
PLGA sponges and ( b ) PLGA sponges/fi brin gel/BMSCs/(TMC/pDNA-TGF- β 1) constructs. ( c ) A 
full-thickness trauma was created on the articular cartilage with a diameter × depth of 4 × 4 mm, 
which was subsequently implanted with a composite construct ( d ) (Reprinted from [ 46 ] with per-
mission. Copyright 2010 Elsevier)       
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example, collagen is the main structural protein in vertebrates and the most useful 
biomaterial in bioengineering. A collagen/chitosan porous scaffold is fabricated for 
skin tissue engineering by a freeze-drying method, which serves as a potential can-
didate for dermal equivalent with enhanced biostability and good biocompatibility 
[ 180 ]. Besides the natural materials, the synthetic polymers are widely used in skin 
repair as well. For instance, PCL containing collagen is used to construct tissue- 
engineered skin substitutes [ 183 ]. Moreover, a biodegradable hybrid mesh com-
posed of synthetic PLGA and collagen is used for skin tissue engineering, in which 
fi broblasts are cultured to obtain a construct. After it is implanted in the back of 
nude mice for 2 weeks, dermal tissues are formed, which became epithelialized 4 
weeks [ 184 ]. Growth factors such as vascular endothelial growth factor (VEGF), 
TGF- β 1, TGF- β 2, and platelet-derived growth factor (PDGF) and higher levels of 
TGF- β 3 enhance cell proliferation and stimulate angiogenesis. Therefore, incorpo-
ration of appropriate growth factors in artifi cial skin scaffolds will enhance host 
intake and minimize scarring [ 185 ]. Shi et al. fabricated a bilayer dermal equivalent 
(BDE) by combining collagen/chitosan porous scaffold with a silicone membrane, 
whose macroscopic shape and microstructure are illustrated in Fig.  1.11a  [ 177 ]. The 
regenerated dermis can support the transplantation and survival of thick skin. This 
dermal equivalent can be further functionalized by incorporating TMC/pDNA- 
VEGF complexes, which enhance the migration of host cells (Fig.  1.11b ) [ 2 ,  186 ].  

  Fig. 1.11    ( a ) Macroscopic appearance ( a1 ) and microstructure ( a2 ) of the bilayer dermal equiva-
lent (BDE) (Reprinted from [ 177 ] with permission. Copyright 2007 Springer). ( b ) Schematic pre-
sentation of functionalized BDE. The released biomacromolecules from the matrixes enhance the 
migration of host cells (Reprinted from [ 2 ] with permission. Copyright 2015 The Royal Society of 
Chemistry)       
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1.4.3     Nerve Regeneration 

 Nerve regeneration remains a great challenge. For example, the incidence of periph-
eral nerve injury (PNI) is between 13 and 23 per 100,000 persons per year in the 
developed countries, resulting in partial or total loss of motion, sensory, and auto-
nomic function in the involved segments of the body [ 187 ]. About 300,000 people 
are affected by PNI annually in Europe alone [ 188 ,  189 ]. Although the peripheral 
nervous system has great potential for axonal regeneration after injury, spontaneous 
peripheral nerve repair is always incomplete with poor functional recovery [ 190 ]. A 
number of medical therapies has been undertaken for hundreds years with the inten-
tion of improving outcomes [ 191 ,  192 ]. The most common used methods for current 
clinical treatment involve the end-to-end anastomosis and utilization of autografts. 
However, both of these procedures have their drawbacks and often ineffective 
because of the gap length between the injured nerves, formation of neuromas, and 
shortage of donor sources. Therefore, these ineffective therapies and limited avail-
ability of donor nerves motivate the development of artifi cial biodegradable nerve 
grafts.

   Since the regeneration of damaged nerves is a complicated biological process 
that requires multiple signals to facilitate neurocyte survival and stimulate neurite 
growth, artifi cial nerve grafts should ideally possess several functionalities, for 
example, a favorable environment for regenerating axons and enhancing cellular 
growth and migration and offering the guidance and protection abilities from the 
surrounding tissues [ 194 ]. Furthermore, nerve grafts must possess suffi cient 
mechanical strength for suturing to the nerve stumps and suitable biodegradation 
properties [ 195 ,  196 ]. Thus, natural biomaterials [ 197 ] (e.g., collagen, chitosan, 
fi brinogen, and alginate) and synthetic polymers [ 198 ,  199 ] (e.g., aliphatic polyes-
ters) are common materials used for production of nerve grafts. To improve the 
biological performance of artifi cial grafts, several additional functionalities includ-
ing topographical guidance, electrical activity, and neurotrophic activity have been 
introduced into the devices. Topography plays a fundamental role in nerve repair 
[ 200 ]. Electrospinning is widely used to develop aligned topography that supports 
cell adhesion and regulates the growth of neurons [ 201 ]. Besides, electrical stimula-
tion is closely related to nerve regeneration as well [ 202 ]. Thus, electrically con-
ducting polymers such as polypyrrole (PPY) and its derivatives are widely used in 
nerve repair because of their biocompatibility and conductivity [ 203 ]. Xu et al. fab-
ricated a conducting composite nerve conduit with PPY and PDLLA, which was 
used to repair a rat sciatic nerve defect. It performs similarly to the golden standard 
of autologous graft [ 204 ]. Furthermore, trophic elements such as neurotrophic 
agents (e.g., acetylcholine [ 205 ], laminin-derived peptides including IKVAV and 
YIGSR [ 206 ,  207 ], and nerve growth factor (NGF) [ 208 ]) and Schwann cells [ 209 ] 
have frequently been combined with artifi cial conduits. Schmidt et al. fabricated a 
neural conduit with submicrometer-scale features, electrical conductivity, and neu-
rotrophic activity by coating PPY onto the PLGA nanofi bers with chemical immo-
bilization of NGF onto the surface of the fi bers [ 210 ]. The NGF-immobilized 
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  Fig. 1.12    ( a ) Schematic of the immobilization of nerve growth factor (NGF) gradients within 
membranes or conduits. ( b ) Axons regeneration 12 weeks after implantation. ( b1 ) Empty nNC, 
( b2 ) uniform nNC, ( b3 ) gradient nNC, and ( b4 ) autograft. ( c ) TEM images of ultrathin sections 
showing myelinated axons at the middle and distal portion 12 weeks after implantation. ( c1  and  c2 ) 
Empty nNC, ( c3  and  c4 ) uniform nNC, ( c5  and  c6 ) gradient nNC, and ( c7  and  c8 ) autograft 
(Reprinted from [ 193 ] with permission. Copyright 2013 Elsevier)       
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PPY-coated PLGA fi bers facilitate PC12 neurite formation and neurite growth 
[ 210 ]. Poly(caprolactone)-block-poly(L-lactic acid-co-e-caprolactone) (PCLA) 
nanofi brous nerve conduits immobilized with an NGF gradient by combining the 
differential adsorption duration of NGF and silk fi broin coating are fabricated (Fig. 
 1.12a ) [ 193 ]. A rat sciatic nerve defect model is used to evaluate the effi cacy of the 
NGF gradient-immobilized nanofi brous nerve conduits (nNCs) in vivo. After 12 
weeks implantation, the NGF gradient-immobilized nNCs achieve positive results 
with morphological and functional improvements, which are similar to autografts, 
and better than empty and uniform NGF-immobilized nNCs (Fig.  1.12b ) [ 193 ].  

1.4.4     Regeneration of Blood Vessels 

 The blood vessels are composed of endothelial cells (ECs) that are in contact with 
the blood, vascular smooth muscle cells (VSMCs) that cover the ECs as well as 
form the middle layer, and the fi broblasts and matrix that form the vessels’ outer 
layer [ 211 ,  212 ]. These layers of cells play a vital role in repairing, remodeling, and 
maintaining the blood vessels following an injury. Lack of vascularization is still a 
major issue for successful tissue engineering therapies. The formation of new blood 
capillaries is essential to alleviate the symptoms by supplying the necessary nutri-
ents and oxygen to and removing waste products from cells. To date, there are dif-
ferent strategies are under investigation in order to develop a functional blood 
vessel. These strategies are mainly classifi ed as tissue-engineered cell-seeded scaf-
folds or bioactive, cell-free approaches. 

 Tissue-engineered cell-seeded scaffolds have been intensively studied in order to 
replace a vein or artery. Thus, many functional materials have been developed 
including synthetic and natural biomaterials [ 212 ,  213 ]. One approach to generate 
the functional implants is the culture of cell-seeded scaffolds under defi ned and 
highly physiological conditions in a bioreactor system prior to implantation [ 214 , 
 215 ]. One of these is the generation of native ECM sheets produced by smooth 
muscle cells (SMCs) from another species [ 216 ] or from human induced- pluripotent 
stem cell-derived SMCs [ 215 ]. After the engineered vessels are decellularized, the 
grafts are seeded with endothelial cells of the graft recipient. However, when aiming 
to generate a graft for bypass surgery, it takes a rather long time to produce autolo-
gous tissue-engineered implants. 

 Another focus on regeneration of blood vessels is scaffold functionalization with 
chemokines and growth factors. Angiogenic growth factors are major cues of vas-
cularization [ 217 ]. In particular, VEGF stimulates cells to produce matrix metallo-
proteinases and enhances the proliferation and migration of ECs toward the 
interstitium to sprout new vascular networks [ 218 ]. Thus, angiogenic matrixes have 
been developed to deliver locally angiogenic growth factors or their encoding 
DNA. For example, dextran sulfate and chitosan polyelectrolyte complexes loaded 
with VEGF are embedded into tissue engineering scaffolds. The encapsulation of 
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VEGF enhances its effi ciency by protection and controlled release from the scaf-
folds, sustaining cell infi ltration and organization and stimulating blood vessel for-
mation [ 219 ]. However, it is a major challenge for the growth factors-loaded 
scaffolds in terms of controllable release and bioactivity preservation for a longer 
period of time [ 220 ]. Thus, scaffolds carrying DNA-encoding angiogenesis factors 
represent an alternative, which act as bioreactors for the local production of tissue- 
inductive factors [ 221 ]. Mao et al. fabricated a collagen scaffold containing plasmid 
DNA encoding VEGF, which show faster angiogenesis in the in vivo experiments 
[ 222 ]. Although certain genes can be introduced into vascular cells to enhance their 
survival and proliferation, the manipulation may elicit the oncogenic worry. Previous 
works reported that long-lasting blood vessels can be formed in mice by co- 
implantation of human umbilical vein endothelial cells (HUVECs) and 10T1/2 mes-
enchymal precursor cells in a three-dimensional fi bronectin type I collagen gel 
[ 223 ]. This method can bypass the need for risky genetic manipulation.  

1.4.5     Cardiovascular Engineering 

 Cardiovascular diseases (CVDs) including coronary heart disease, rheumatic heart 
disease, congenital heart disease, myocardial infarction, and strokes are the leading 
cause of death in the world [ 224 ]. According to the estimation of the World Health 
Organization, the number of deaths shows an increase from 17.3 million in 2008 to 
23.3 million by 2030 [ 225 ]. Various new therapies and risk-reducing strategies to 
prevent CVDs are performed to treat many patients suffering from these diseases. 
However, to date, there are no effective therapies to fully cure the CVDs because of 
an insuffi cient number of organ donors [ 226 ,  227 ]. The regenerative strategies such 
as cell-based therapies and scaffold-based therapies have a promising potential for 
recovering severe cardiovascular disease. 

 One focus in the fi eld of regenerative medicine is the generation and develop-
ment of functional biomaterials. These materials should be bioactive (e.g., releasing 
drugs, proteins, growth factors, and ECM components) and suitable mechanical 
functionality. Enormous efforts have been paid to generate and design biomaterials 
for cardiovascular tissue engineering (Fig.  1.13 ) [ 228 ,  229 ]. The biomimetic materi-
als can mimic ECM architecture and provide potentially controllable in vivo-like 
microenvironments for cells [ 230 ]. Therefore, various biomimetic materials are 
developed for myocardial repair, cardiac patch generation, and heart valve tissue 
engineering [ 227 ,  228 ]. Hydrogels are commonly used in cardiovascular engineer-
ing, which can be made of PEG [ 231 ], chitosan [ 232 ,  233 ], fi brin [ 234 ], collagen 
[ 235 ], and alginate [ 236 ]. Kraehenbuehl et al. fabricated a PEG-vinyl sulfone 
hydrogel through Michael addition reaction in situ for cross-linking [ 237 ]. Loaded 
with cells and bioactive factors, these PEG-based hydrogels were used to preserve 
the contractile function of cardiomyocytes and resulted in decreased infarct sizes 
[ 237 ]. Electrospinning is another widely used method for creating fi ber-containing 
and highly porous scaffolds in cardiovascular engineering application [ 238 ]. 
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Nanofi brous scaffolds of electrospun PCL exhibit comparable mechanical proper-
ties like the native myocardium [ 239 ] and have been shown to be benefi cial for 
cardiac applications [ 240 ].

   Another focus in the fi eld of regenerative medicine is cell-based therapy, which 
has been clinically performed by the direct injection of dissociated cells [ 241 ]. This 
strategy avoids problems that may be related to synthetic materials, such as infl am-
mation, stenosis, and infection, allowing for the complete graft integration and 
increase of the patency rate. The cell sources of cell therapy used for cardiovascular 
disease are mainly ESCs, induced pluripotent stem cells (iPSCs), and autologous 
cells [ 224 ,  227 ,  228 ]. ESCs and iPSCs are attractive for cardiovascular disease due 
to their ability to differentiate into beating cardiomyocytes easily by some certain 
methods [ 242 ,  243 ], while other human stem and progenitor cells can hardly do 
[ 228 ]. Autologous cells such as bone marrow- and peripheral blood-derived cells 
are under clinical trials for cardiovascular disease [ 244 ]. Although various cell 
injection therapies are now clinically performed and some therapies cause modest 
therapeutic effects, the effi cacies are found to be unable to reach the level as clini-
cians expected [ 245 – 248 ]. Furthermore, it is a big issue for the cell injection therapy 
in terms of cell retention in the target tissue, since the injected cells are largely 
washed out or died [ 249 ,  250 ]. 

 Some studies are focused on fabrication of completely biological tissue- 
engineered vascular grafts without the use of scaffolds. Thus, the cell-sheet-based 
technology have been developed, which consists of the in vitro growing of cells in 

  Fig. 1.13    Biomaterials for cardiac applications. Injectable hydrogels and/or cardiac patches are 
used as treatment options for cardiac damage. Both materials can either be cell-seeded or loaded 
with bioactive molecules such as RNA, small molecules, growth factors, or proteins (Reprinted 
from [ 228 ] with permission. Copyright 2013 Wiley)       
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the culture medium containing ascorbic acid to generate a large production of ECM 
[ 251 ]. After a certain maturation period of time, the cell sheets are detached from 
the culture fl asks using various technologies [ 252 ,  253 ]. For example, the cell sheet 
engineering using a unique temperature-responsive culture surface, which is 
 covalently grafted with a temperature-responsive polymers such as poly(N- 
isopropylacrylamide) (PNIPAm), has been originally developed [ 252 – 255 ]. Three-
dimensional tissues can be easily prepared by layering cell sheets, and the cells 
within sheets can be effectively delivered without cell loss due to the ability to 
preserve their own ECM [ 252 ,  253 ]. Kondoh et al. observed that the transplantation 
of skeletal myoblast cell sheets improves the cardiac performance and prolongs the 
life span of animals signifi cantly, associating with the reorganization of the cyto-
skeletal proteins of host cardiac tissue and the reduction of myocardial fi brosis 
[ 256 ]. 

 The use of bioreactors is advantageous when generating a tissue-engineered 
heart valve in vitro, which mimics the biophysical signals (e.g., various forces such 
as strain, pressure, torsion, or fl ow in tissues) presenting in the native organo- 
physiological environment [ 224 ,  228 ]. For instance, the additional pulsatile fl ow 
bioreactor in a porous scaffold improves ECM production by vascular cells [ 257 ]. 
The pulsatile fl ow bioreactor also shows an increased collagen and elastin produc-
tion and a signifi cantly improved recellularization of the heart valve [ 258 ,  259 ].      
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    Chapter 2   
 Polymeric and Biomimetic ECM Scaffolds 
for Tissue Engineering                     

     Guoping     Chen      and     Naoki     Kawazoe   

2.1           Introduction 

 Polymeric and biomimetic scaffolds have been a broad application in tissue engi-
neering to control cell functions and to provide temporary support for the regenera-
tion of functional new tissues and organs [ 1 – 3 ]. The scaffolds can be prepared from 
biodegradable polymers, either synthetic or naturally derived. The most frequently 
used biodegradable synthetic polymers for tissue engineering are aliphatic polyes-
ters such as poly(glycolic acid) (PGA), poly(lactic acid) (PLA), poly(lactic acid-co- 
glycolic acid) (PLGA) and poly( ε -caprolactone) (PCL). Naturally derived polymers 
are produced from living organisms and can be categorized as proteins, polysac-
charides, polyhydroxyalkanoates and polynucleotides. The fi rst two categories are 
usually used to prepare porous scaffolds, which are usually modifi ed or cross-linked 
to control their degradation to support cell culture and tissue formation. Acellular 
matrices are also very useful scaffolds for tissue engineering because of their simi-
larity to the in vivo microenvironments [ 4 ]. 

 Scaffolds can be prepared by many methods such as particle leaching [ 5 ], freeze- 
drying [ 6 ], phase separation [ 7 ], gas foaming [ 8 ], electrospinning [ 9 ], fi ber bonding 
[ 10 ] and 3D printing [ 11 ]. The nano- and microstructures of scaffolds can be tai-
lored for specifi c tissue engineering applications. The physical and biochemical 
properties of scaffolds for tissue engineering can affect the functions of cells cul-
tured in vitro or in vivo. Porous scaffolds with a variety of nano- and microstructure, 
mechanical property and biochemical composition have been prepared by these 
methods. 

 Scaffold properties have diverse infl uences on cell functions. The pore structure 
of scaffolds can affect the cell behaviors such as distribution, migration, assembly 
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and tissue formation. Open pore structure of scaffolds is the premise to enable 
homogeneous cell seeding and homogenous tissue formation. Scaffolds with isotro-
pic and open pore structure enable a homogeneous distribution of cells and forma-
tion of a homogenous tissue. 

 Chemical composition of scaffolds can also greatly affect cell functions. Cell 
adhesion and spreading are usually more promoted by the use of naturally derived 
polymer scaffolds compared with synthetic polymer scaffolds. Cells in normal tis-
sue are surrounded with ECM which serve as a substrate to modulate cell behaviors. 
ECM of normal tissue have multiple components such as collagen, laminin, aggre-
can, hyaluronic acid and fi bronectin. Scaffolds with a chemical composition similar 
to that of normal tissue ECM should benefi t cell proliferation and tissue formation 
[ 12 ]. This chapter introduces the methods to prepare polymer porous scaffolds with 
well-controlled microporous structures, cell-derived biomimetic ECM scaffolds 
and hybrid scaffolds of biodegradable synthetic polymers and naturally derived 
polymers.  

2.2     Scaffolds Prepared with Ice Particulates 

 Scaffolds used for tissue engineering should have an adequate microporous struc-
ture for enabling cellular penetration into the construct to obtain a desirable cell 
distribution [ 13 ,  14 ]. Although a number of three-dimensional porous scaffolds 
have been developed from various types of biodegradable polymers, their pore 
structures need to be improved to make their surface pores open and bulk pores 
interconnected. When porous scaffolds are used for cell seeding and 3D cell culture, 
cells are easily allocated and distributed in the peripheral areas which results in 
nonhomogeneous cell distribution and partial tissue formation in the outermost 
peripheral layers of the scaffolds. Open structure of surface pores is desirable to 
guarantee smooth entry of cells into the pores during cell seeding [ 15 ]. Meanwhile 
pore interconnectivity is required to allow cells to penetrate from the surface pores 
into the bulk pores to reach all the pores throughout the scaffolds. 

 There are a few methods that have been developed for controlling various aspects 
of the pore structures, such as pore size, porosity and interconnectivity of the scaf-
folds [ 6 ,  16 ,  17 ]. Among these methods, the porogen-leaching method offers many 
advantages for the easy manipulation and control of pore size and porosity. In this 
method, the porogen materials can leave replica pores after leaching. Selection of 
porogen materials is important to decide the pore structures. Isolated particles of 
porogen materials result in the formation of isolated pores, a situation which is not 
desirable for tissue engineering scaffolds. To improve pore interconnectivity, the 
porogen materials are bonded before mixing them with polymer matrix [ 18 ,  19 ]. 
However, the bonded porogen materials require organic solvents for leaching and 
the residual solvents are toxic to cells. Mixing of polymer solution with the bonded 
porogen materials becomes diffi cult if the polymer solution has a high viscosity. To 
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overcome these problems, an approach using pre-prepared ice particulates as a 
porogen material has been developed [ 20 – 22 ]. 

 In the pre-prepared ice particulate method, ice particulates are at fi rst prepared. 
Ice particulates can be easily prepared by spraying or injecting water into liquid 
nitrogen through a sprayer or capillary. Ice particulates formed by spraying method 
are spherical. Their diameters can be controlled by the spraying speed. The ice par-
ticulates can be sieved by sieves with different mesh pores under low temperatures 
to obtain ice particulates with desired diameters. Subsequently the pre-prepared ice 
particulates are homogenously mixed with polymer solution. The mixing tempera-
ture is set at a temperature where the ice particulates do not melt and polymer solu-
tion does not freeze. Finally the mixture is frozen and freeze-dried to form porous 
structures. Ice particulates can be easily and completely removed by freeze-drying. 
The porous scaffolds are cross-linked after freeze-drying if the polymers are water 
soluble. During the preparation procedures, pre-prepared ice particulates not only 
work as porogens to control the pore size and porosity but also work as nuclei to 
initiate the formation of new ice crystals during freezing process if polymer aqueous 
solution is used. Pore structure is decided by both pre-prepared ice particulates and 
newly formed ice crystals. The newly formed ice crystals can increase the pore 
interconnectivity if they grow from the pre-prepared ice particulates. 

 Collagen porous scaffolds have been prepared by the pre-prepared ice particulate 
method [ 22 ]. At fi rst, an aqueous collagen solution and ice particulates are prepared. 
An aqueous solution of collagen at a concentration of 2 % (w/v) is prepared by dis-
solving porcine type I collagen in a mixture solution of ethanol and acetic acid 
(10:90 v/v, pH 3.0) at 4 °C. The ethanol and acetic acid mixture solution is used to 
decrease the freezing temperature of the collagen aqueous solution. The collagen 
aqueous solution does not freeze at −4 °C, guaranteeing homogeneous mixing with 
the ice particulates. Ice particulates are prepared by spraying water into liquid nitro-
gen using a sprayer. The ice particulates are sieved at −15 °C by sieves with mesh 
pores of 150, 250, 355, 425 and 500 μm to obtain ice particulates having diameters 
of 150–250, 250–355, 355–425 and 425–500 μm. Subsequently, the 2 % (w/v) 
aqueous collagen solution is mixed with the sieved ice particulates at a ratio of 
50:50 (v/w). Before mixing, the collagen solution and the ice particulates are moved 
to a −4 °C low-temperature chamber for 6 h to balance their temperatures. Finally, 
the four sets of mixtures are frozen and freeze-dried. The freeze-dried constructs are 
cross-linked with glutaraldehyde vapor by placing them in a closed box with 20 mL 
of a 25 % aqueous glutaraldehyde solution at 37 °C. After cross-linking, the con-
structs are washed and immersed in 0.1 M aqueous glycine solution to block the 
unreacted aldehyde groups. After washing, the collagen porous scaffolds are 
obtained. 

 Gross appearance and microstructures of the collagen porous scaffolds are shown 
in Fig.  2.1 . The collagen porous scaffolds have large spherical pores and small 
pores. The small pores surround the large spherical pores and are located on the 
walls of large pores. The large spherical pores are evenly distributed and well 
stacked. The small pores on the walls of large pores connect the large pores, making 
the scaffold well interconnected. The size and density of large pores are dependent 
on the size and ratio of ice particulates used to prepare the scaffolds because they 
are the negative replicas of the ice particulates. The small pores are the negative 
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replicas of ice crystals that are formed during freezing, which size is dependent 
upon the freezing temperature. When the collagen porous scaffolds are used for 
culture of bovine articular chondrocytes, cells can be easily seeded and homoge-
nously distributed throughout the scaffolds. The homogenous cell distribution in the 
four types of collagen porous scaffolds should be due to the good interconnectivity 
of the scaffolds. The interconnectivity among the spherical large pores facilitates 
the smooth delivery of cells in the scaffolds to each corner of the scaffolds.

   The ratio of ice particulates and collagen concentration has some infl uence on 
the pore structure and mechanical property of collagen porous scaffolds. When col-
lagen porous scaffolds prepared with 25, 50 and 75 (v/w) % ice particulates having 
a diameter from 335 to 425 μm are compared, the large spherical pores in scaffolds 
prepared with 25 (v/w) % ice particulates are sparsely distributed. When 75 % ice 
particulates are used, some collapsed large pores are observed. With a high ratio of 
ice particulates, the collagen aqueous solution fi lling the spaces between the spheri-
cal ice particulates decreases and the collagen matrix surrounding the large pores 
decreases. In addition, mixing of the ice particulates and the collagen aqueous solu-
tion becomes diffi cult when the ice particulate ratio is high. The collapsed large 
pores can be due to the less dense collagen matrix and incomplete mixing. Collagen 
scaffolds prepared with 50 (w/v) % ice particulates have the most homogenous pore 
structure. 

  Fig. 2.1    Gross appearances ( a ) and SEM images ( b – i ) of the cross sections of four types of col-
lagen porous scaffolds prepared with ice particulates having diameter ranges of 150–250 ( b ,  f ), 
250–355 ( c ,  g ), 355–425 ( d ,  h ) and 425–500 μm ( e ,  i ) at low ( b – e ) and high ( f – i ) magnifi cations 
(Adapted from Ref. [ 22 ] with permission from Elsevier)       
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 The effect of the collagen concentration on the pore structure is investigated by 
fi xing the ice particulate ratio at 50 % (w/v) and changing the collagen concentra-
tion from 1 % to 3 % (w/v). Collapsed large pores are observed in the collagen 
scaffolds prepared with 1 % and 3 % collagen aqueous solutions. The collapsed 
large pores in collagen scaffolds prepared with the 1 % collagen aqueous solution 
may be because of the low concentration which results in a less dense collagen 
matrix surrounding the large pores. The case involving the 3 % collagen aqueous 
solution may be due to incomplete mixing because the 3 % collagen solution is too 
viscous. The collagen scaffold prepared with the 2 % collagen solution has the most 
homogeneous pore structure. 

 When collagen concentration is fi xed at 2 % and the ratio of ice particulates is 
changed, the Young’s modulus of collagen porous scaffolds increases in the follow-
ing order: 75 % <25 % <50 %. The collagen porous scaffolds prepared with 50 % 
ice particulates have the highest Young’s modulus. The difference in the mechanical 
properties is mainly ascribed to the different pore structures. The spherical pores 
formed by ice particulates are thought to resist mechanical loading, therefore rein-
forcing the collagen scaffolds. The high mechanical strength of the collagen scaf-
fold prepared with 50 % ice particulates should be due to the most appropriate 
packing of the large spherical pores and appropriate fi lling of the collagen matrix 
between the large spherical pores. The low mechanical strength of the collagen scaf-
fold prepared with 75 % ice particulates may be due to the partially collapsed large 
pore structure. When the ratio of ice particulates is fi xed at 50 (w/v)%, the Young’s 
modulus increases as the collagen concentration increases. A dense collagen matrix 
surrounding the large pores can be formed to reinforce the scaffolds when the col-
lagen concentration increases. 

 The ice particulate method has also been used to prepare porous scaffolds of 
gelatin and HA/collagen scaffolds [ 23 ,  24 ]. This method is applicable for all of the 
biodegradable polymers, especially for naturally derived polymers. Most of the 
naturally derived polymers are water soluble. There are many advantages of pre- 
prepared ice particulate method for scaffold preparation of naturally derived poly-
mers because the method is proceeded at low temperature and no organic solvent is 
used. The method is good for incorporation of growth factors in the porous scaffolds 
while maintaining their bioactivities. 

 The method can also be used for scaffold preparation of biodegradable synthetic 
polymers [ 25 ]. Synthetic polymers are dissolved in organic solvents that have a 
much lower freezing temperature than the melting temperature of the ice particu-
lates. The temperature of biodegradable polymers can be decreased to avoid melting 
of ice particulates during mixing of synthetic polymer solution and the pre-prepared 
ice particulates. Freezing of the mixture can induce phase separation of synthetic 
polymer solution among the ice particulates, resulting in the formation of micropo-
rous wall after freeze-drying. However, the mechanical property of biodegradable 
synthetic polymer scaffolds prepared by this method is much lower than the scaf-
folds prepared by normal porogen-leaching method using salt particles or sugar 
particles as a porogen material.  
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2.3     Funnel-Like Porous Scaffolds and Micropatterned 
Porous Scaffolds 

 To make the scaffold surface pores open, a method by using embossing ice particu-
lates as a template has been developed [ 26 ]. The method is similar to the abovemen-
tioned ice particulate method. The ice particulates are formed on a surface and then 
used as a template to prepare porous scaffolds. As a general procedure, water drop-
lets are at fi rst formed on a thin fi lm by spraying or injecting water or applying 
moisture on a hydrophobic surface. The size of the water droplets can be controlled 
by the number of spraying times, injected water volume or the moisture application 
time. Embossing ice particulates are formed after freezing the water droplets. And 
then the embossing ice particulates are used as a template to prepare porous scaf-
folds. The freezing, freeze-drying, cross-linking and washing steps during scaffold 
preparation are the same as those of the abovementioned procedures of pre-prepared 
ice particulate method. An aqueous solution of naturally derived polymers is eluted 
onto the embossing ice particulates and the construct is frozen. The frozen construct 
is freeze-dried to remove the embossing ice particulates and ice crystals newly 
formed during freezing. Porous scaffolds having open surface pore structures are 
prepared after cross-linking and washing. 

 The method has been used to prepare porous scaffolds of collagen, chitosan, 
hyaluronic acid and glycosaminoglycan collagen that have open surface pore struc-
tures [ 26 – 29 ]. The porous scaffolds have large open pores on their surfaces and 
small pores underlying the large surface pores. Such structure is similar to a funnel 
and therefore the porous scaffolds are referred as funnel-like porous scaffolds. The 
morphology, size and density of large surface pores are dependent on the embossing 
ice particulates because they are the negative replicas of the embossing ice particu-
lates. The small pores are the negative replicas of ice crystals that are newly formed 
during freezing. The size of small pores is dependent on the freezing temperature as 
mentioned above. 

 The embossing ice particulate method can be used to prepare micropatterned 
pore structures in porous scaffolds [ 30 ]. In such an application, the embossing ice 
particulates are micropatterned. Micropatterned ice particulates or ice lines are at 
fi rst prepared and used as templates to prepare the micropatterned porous scaffolds. 
The micropatterned ice particulates or ice lines are prepared by ejecting water drop-
lets through a dispensing machine at a low temperature. By designing an ejection 
program, the micropatterns can be tethered. Figure  2.2a–h  shows some micropat-
terns of ice particulates and the respective micropatterned collagen porous scaf-
folds. The micropatterned pore layers can be stacked to construct collagen porous 
scaffolds with 3D micropatterned pores (Fig.  2.2i, j ).

   To prepare the 3D micropatterned pore structures, polymer solution is eluted on 
the micropatterned ice particulates that is formed on a fi lm (fi rst layer of ice particu-
lates) and frozen. The frozen polymer solution on the fi rst layer of micropatterned 
ice particulates is used to prepare the second layer of micropatterned ice particulates 
(second layer of ice particulates) instead of the fi lm. Polymer solution is eluted on 
the second layer of ice particulates and frozen. By repeating the procedure, polymer 
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  Fig. 2.2    Light microscopy images of four types of ice micropattern templates ( a ,  c ,  e ,  g ) and SEM 
images of collagen porous scaffolds with one layer of micropatterned pores that are prepared with 
the respective ice micropattern templates ( b ,  d ,  f ,  h ) and of a collagen sponge with three- 
dimensional micropatterned pores that is prepared with ice micropattern template shown in ( a ) ( i  
top surface,  j  cross section) (Adapted from Ref. [ 30 ] with permission from John Wiley and Sons)       
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matrix embedded with multilayers of micropatterned ice particulates can be 
obtained. After freeze-drying, cross-linking and washing, polymer porous scaffolds 
with 3D micropatterned pore structures are prepared. Collagen porous scaffolds 
with 3D micropatterned pore structures are shown in Fig.  2.2i, j . The cross section 
SEM image shows the stacked 3D pore structure. 

 Microgrooved collagen porous scaffolds have been prepared with this method by 
using micropatterned ice lines as a template [ 31 ]. By controlling the width of ice 
lines, three types of collagen porous scaffolds with microgroove width of 120, 200 
and 380 μm are prepared (Fig.  2.3 ). They are referred as G120, G200 and G380. The 
microgrooved porous scaffolds have aligned concave microgrooves that exhibit 
semicircular shape in cross sections.

   The collagen microgroove porous scaffolds have been used for culture of L6 
skeletal myoblasts for skeletal muscle tissue engineering. Figure  2.4  shows cell 
aggregation and cell bundle formation in the G200 scaffolds. The width of micro-
grooves has some effects on cell orientation and cell bundle formation. Scaffolds 
with wide microgrooves (G200 and G380) enable the formation of discrete cell 
bundles after 14 days of culture. Scaffolds with narrow microgrooves (G120) result 
in the formation of some cell bundles in microgrooves and mostly cellular fl akes 
covering most of the area of scaffolds. Staining of myosin heavy chain (MHC) 
shows that well-aligned myotubes are formed in G200 and G380, while in G120 
some myotubes are aligned in microgrooves and other myotubes in cellular fl akes 
have random orientation.

   Furthermore the embossing ice particulate method can be used to micropattern 
bioactive molecules in 3D porous polymer scaffolds. As an example, collagen porous 
scaffolds with micropatterned fi bronectin, VEGF and NGF have been prepared by 
the method [ 32 ,  33 ]. In this case, a collagen aqueous solution containing the bioac-
tive molecules other than pure water is used to prepare the micropatterned ice lines. 
The ice micropatterns of the mixture of collagen/bioactive molecules are used to 
prepare collagen porous scaffolds having micropatterns of bioactive molecules. Not 

  Fig. 2.3    SEM images of microgrooved collagen porous scaffolds with mean microgroove widths 
of 120, 200 and 380 μm. Upper images show the top view and lower images show the vertical 
cross-sectional view of different scaffolds. Scale bar = 100 μm (Adapted from Ref. [ 31 ] with per-
mission from Elsevier)       
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only single bioactive molecule but also a few types of bioactive molecules can be 
co-micropatterned in the porous scaffolds. The bioactive molecules can be mixed 
and micropatterned together or the bioactive molecules can be micropatterned sepa-
rately to construct the porous scaffolds having co-micropatterns of a few types of 
bioactive molecules. Collagen porous scaffolds with micropatterned NGF and VEGF 
show stimulative effects on the regeneration of neural network and capillary net-
work, respectively.  

2.4     Biomimetic ECM Scaffolds 

 Extracellular matrices (ECM) are a complex network composed of a variety of pro-
teins and proteoglycans. ECM play a very important role in regulation of cell func-
tions. ECM derived from decellularized tissues has been widely explored as a source 
of biological scaffolds for tissue engineering. Acellular ECM has been prepared by 
decellularization of tissues and organs, such as the small intestinal submucosa, heart 
valve, blood vessel, skin, nerve, tendon, ligament, urinary bladder, vocal fold, amni-
otic membrane, heart, liver and lung [ 4 ]. The ECM scaffolds obtained from decel-
lularized tissues and organs offer the advantage of maintaining the structures of the 
respective tissues and organs. However they suffer from problems of autologous 
tissue/organ scarcity, host responses and pathogen transfer when allogeneic and 
xenogeneic tissues and organs are used. 

  Fig. 2.4    SEM images of cells that are cultured in the microgrooved collagen porous scaffolds 
having a mean microgroove width 200 μm for 24, 48 and 72 h ( a ) and fl uorescence micrograph of 
cell bundle formation in the scaffolds after culture for 14 days. Cell seeding concentration is 2.0 × 
10 6 /ml. Myoblasts are visualized using F-actin staining. Scale bar = 200 mm (Adapted from Ref. 
[ 31 ] with permission from Elsevier)       
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 The cell culture method has been used as an alternate way to make ECM scaf-
folds. Cell-derived ECM has been used to make various scaffolds for tissue engi-
neering applications [ 34 – 36 ]. Cultured cells offer several advantages of 
pathogen-free and availability over the decellularization of tissues and organs. 
Recently a method using 3D cell culture has been developed to construct cell- 
derived ECM porous scaffolds [ 37 ,  38 ]. The method is based on 3D cell culture in 
a selectively removable template. At fi rst cells are cultured in a template. The cells 
proliferate and excrete their own extracellular matrices. Subsequently the cellular 
components are removed by decellularization after the cells have excreted enough 
amount of extracellular matrices. Finally the templates are selectively removed, 
while the extracellular matrices are remained. After cross-linking, ECM scaffolds 
are obtained. 

 The method has been used to prepare ECM scaffolds from human bone marrow 
mesenchymal stem cells (MSC), human articular chondrocytes and human dermal 
fi broblasts by using PLGA mesh as a template [ 38 ]. The ECM scaffolds from MSC 
(ECM-M), chondrocytes (ECM-C) and fi broblasts (ECM-F) have a mesh-like 

  Fig. 2.5    Gross appearance ( a – c ) and SEM images ( d – i ) of ECM porous scaffolds prepared from 
MSC ( a ,  d ,  g ), chondrocytes ( b ,  e ,  h ) and fi broblasts ( c ,  f ,  i ). Scale bar = 500 μm in ( d – f ) and 50 
μm in ( g – i ) (Adapted from Ref. [ 37 ] with permission from Elsevier)       
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appearance similar to that of the PLGA mesh template (Fig.  2.5 ). The ECM scaf-
folds have different composition that is dependent on the cell type and culture 
condition.

   Furthermore the method has been used to prepare ECM scaffolds that can mimic 
the dynamic ECM change during stem cell differentiation. For example, chondro-
genesis involves a cascade of strictly regulated events, including condensation of 
MSC, chondrogenic differentiation and maturation of chondrocytes. Accompanying 
with the progression of chondrogenesis, ECM composition and structure are remod-
eling and changing. At the early stage, ECM rich in collagen I and fi bronectin are 
secreted and gradually replaced by collage II and aggrecan-rich ECM as the chon-
drogenesis proceeds in vivo. When cartilage becomes mature, more cartilage- 
specifi c ECM are accumulated by surrounding differentiated chondrocytes. The 
method has been used to prepare 3D scaffold mimicking ECM remodeling during 
chondrogenesis progression [ 39 ]. 

 Stem cell-stage ECM scaffold (SC-ECM scaffold), early-stage chondrogenesis- 
mimicking ECM scaffold (CE-ECM scaffold) and late-stage chondrogenesis- 
mimicking ECM scaffold (CL-ECM scaffold) have been prepared from MSC that 
are cultured in growth medium or chondrogenic induction medium and controlled 
at different chondrogenesis stages (Fig.  2.6 ). The ECM scaffolds are defi ned as 
“stepwise chondrogenesis-mimicking ECM scaffolds.” The alteration of composi-
tion of these ECM scaffolds shows different effects on the chondrogenic differentia-
tion of MSC. These stepwise chondrogenesis-mimicking ECM scaffold should not 
only provide a good in vitro model for investigation of cell-matrix interactions dur-
ing cartilage tissue development but also provide important information for the 
design and preparation of tissue engineering scaffolds.

2.5        Hybrid Porous Scaffolds 

 Porous scaffolds of biodegradable synthetic polymers and naturally derived poly-
mers have their respective advantages and problems. Porous scaffolds prepared 
from synthetic biodegradable polymers such as PGA, poly(L-lactic acid) (PLLA), 
PLGA and PCL have relatively strong mechanical strength. Their degradation can 
be controlled by crystallinity, molecular weight and copolymer ratio of the poly-
mers. However, synthetic polymer scaffolds are devoid of cell recognition signals 
and their hydrophobic surface property hinders smooth cell seeding. On the other 
hand, naturally derived polymers such as collagen, gelatin and hyaluronic acid have 
the advantages of specifi c cell interactions and hydrophilicity, while their mechani-
cal property is inferior to synthetic polymer scaffolds. Biodegradable synthetic 
polymers and naturally derived polymers have hybridized to prepare their hybrid 
scaffolds to combine the advantageous properties of both types of polymers and 
overcome their drawbacks [ 40 ,  41 ]. One type of hybridization is to form micro-
sponges of naturally derived polymers in the void spaces or opening of a porous 
skeleton of biodegradable synthetic polymers [ 42 – 45 ]. The void space or opening 
of biodegradable synthetic polymer porous skeleton is fi lled with microsponges of 
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naturally derived polymers. The pore surface of biodegradable polymer porous 
skeleton is also coated with naturally derived polymers. When the hybrid scaffolds 
are used for 3D cell culture, cells only contact and interact with naturally derived 
polymers. The porous skeleton of biodegradable polymers serves as a mechanical 
skeleton to provide necessary mechanical strength to support the whole scaffolds. 
Another type of hybridization is to construct naturally derived polymer porous 
structures in the open space of a cup, cage, or cylinder of biodegradable synthetic 
polymers [ 46 ,  47 ]. All the hybrid porous scaffolds have high mechanical strength, 
good cell interaction and surface hydrophilicity. 

  Fig. 2.6    SEM images of ECM porous scaffolds prepared from cells at stem cell stage ( a ), early 
stage of chondrogenesis ( b ) and late stage of chondrogenesis ( c ) at low and high magnifi cations 
(Adapted from Ref. [ 39 ] with permission from Elsevier)       
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 As a typical example of hybrid scaffolds, PLGA-collagen hybrid mesh can be 
prepared by introducing collagen microsponges in the interstices of a PLGA knitted 
mesh [ 44 ,  45 ]. Collagen sponge can also be formed on one side of the PLGA knitted 
mesh or both sides of the PLGA knitted mesh to construct semi-type or sandwich- 
type PLGA-collagen hybrid scaffolds (Fig.  2.7 ) [ 48 ].

   The semi-type and sandwich-type PLGA-collagen hybrid scaffolds have been 
used for culture of bovine articular chondrocytes for cartilage tissue engineering 
(Fig.  2.8 ). Both hybrid scaffolds show a spatially even cell distribution, natural 
chondrocyte morphology, abundant cartilaginous extracellular matrix deposition 
and excellent biodegradation in vivo. The histological structure and mechanical 
properties of the engineered cartilage using the semi-type and sandwich-type hybrid 
scaffolds match the native bovine articular cartilage. The hybrid scaffolds are useful 
for tissue engineering and regenerative medicine.

  Fig. 2.7    SEM observation of THIN, SEMI and SANDWICH PLGA-collagen hybrid scaffolds. 
( a – c ) top view of the THIN scaffolds; ( d ,  g ) top view of the SANDWICH and SEMI scaffolds, 
respectively; ( e ,  h ) bottom view of the SANDWICH and SEMI scaffolds, respectively; ( f ,  i ) cross- 
sectional view of the SANDWICH and SEMI scaffolds, respectively (Adapted from Ref. [ 40 ] with 
permission from Elsevier)       
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2.6        Summary 

 Porous scaffolds can be prepared from varieties of biodegradable polymers and 
extracellular matrices. Their composition can be controlled by combining a few 
types of polymers and matrices. They can also be hybridized to overcome the draw-
backs of single polymers. Their microporous structures can be controlled by using 
different fabrication methods. Pre-prepared ice particulate method and embossing 
ice particulate method can well control the micropore structures and introduce 
micropatterns in the scaffolds. Cell-derived ECM scaffolds not only mimic the cel-
lular microenvironment but also mimic the dynamics of ECM remolding during 

  Fig. 2.8    Gross view of the implants of chondrocyte-seeded scaffolds after 2, 4 and 8 weeks 
implantation. ( a ,  d ,  g ) THIN scaffold; ( b ,  e ,  h ) SEMI scaffold; ( d ,  f ,  i ) SANDWICH scaffold 
(Adapted from Ref. [ 40 ] with permission from Elsevier)       
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stem cell differentiation or tissue development. The polymer porous scaffolds and 
biomimetic ECM scaffolds can be widely used for engineering of various types of 
tissue and organs.     
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    Chapter 3   
 Bioactive Hydrogels and Their Applications 
in Regenerative Medicine                     

     Xiaolei     Nie     ,     Yon     Jin     Chuah     , and     Dongan     Wang    

3.1           Bioactive Hydrogel Gelation Mechanism 

 Hydrogel is the composition of cross-linked hydrophilic polymers [ 60 ] that has the 
capability of holding a large amount of water. Bioactive hydrogels possess unique 
functional groups that could enhance the functionality of the scaffolds such as cell 
adhesion, biodegradability and chemical release. To date, many existing distinctive 
cross-linking systems have been established to facilitate the formation of hydrogels 
which can be classifi ed into physical, chemical and biological cross-linking. 

3.1.1     Physical Cross-Linking 

 The mechanism of physical cross-linking comprises of either self-assembling or 
ionic cross-linking. Self-assembly is the programmed cross-linking under the out-
side stimuli (e.g. temperature and pH) by physical forces. For instance, thermore-
sponsive hydrogel involves the change of temperature to trigger the gelling 
behaviour without the use of any external stimulus. One of the established examples 
is poloxamer, now popularly known as Pluronic ®  or Synperonic ®  PE [ 25 ,  26 ], and is 
commonly utilised as antifoaming operators, wetting specialists, dispersants, thick-
eners and emulsifi ers. This is achieved through the process of hydrophobic-driven 
gelation whereby a hydrophobic region is coupled to a hydrophilic segment and 
creates a polymer amphiphile. These amphiphiles are water soluble at low tempera-
ture, but the hydrophobic regions will aggregate when the temperature rises thus 
resulting in gelation [ 49 ]. Pluronic ®  or Synperonic ®  PE is a copolymer of 
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polyethylene glycol (PEG) and poly(propylene oxide) (PPO) with a triblock unit of 
PEG-PPO-PEG, where PEG is hydrophilic and PPO is hydrophobic. This copoly-
mer will form micelles in an aqueous solution with hydrophilic heads facing towards 
the outside arrangement and the hydrophobic tails towards the inward side of the 
micelles. When temperature rises, the micelles will start to aggregate and eventually 
result in the gelation of the materials [ 28 ]. 

 Another example for physical gelation is ionic cross-linking which involves the 
electrostatic attraction between oppositely charged ions within the polymer chains. 
Usually, this application involves the use of divalent cations (e.g. Ca 2+ , Ba 2+ ) and 
anions (e.g. β-glycerophosphate) to facilitate the formation of hydrogel [ 8 ]. For 
instance, alginate forms a hydrogel in the vicinity of calcium divalent cations. In 
this framework, the two carboxylic groups on various chains of polymers are associ-
ated together by the divalent cations because of the electrostatic strengths between 
inverse charges [ 1 ]. The gelation completes within minutes. The rate of the gelation 
could likewise be slowed down by low temperature (e.g. 4 °C) or anions that coexist 
in the arrangement (e.g. SO 4  2−  in arrangement) which both result in lower gelation 
speed as contrasted to Cl − .  

3.1.2     Chemical Cross-Linking 

 Hydrogel formation with chemical cross-linking includes photo-cross-linking, 
Michael reaction, disulphide formation, Schiff’s base reaction and click reaction. 
Photo-cross-linking is achieved with light exposure (e.g. UV light) to initiate the 
reaction. This is achieved by incorporating a photoinitiator into the framework of 
polymer which the exposure of light will generate free radicals by rearrangement, 
fragmentation or energy transfer. This formation of free radical is later followed by 
the propagation step of polymerisation to facilitate the formation of hydrogel [ 50 ]. 

 Other types of chemical cross-linking mainly involve the incorporation of func-
tional groups in the polymer chains. For instance, Michael addition occurs with the 
involvement of both thiol groups and methacrylate/acrylate or vinyl groups [ 19 ]. 
Disulphide formation requires the reaction between two thiols [ 30 ]. Schiff’s base 
reactions involve the reaction between aldehyde and amine groups. With the dehy-
dration of one water molecule in a condensation reaction, carbon nitrogen double 
bond is formed [ 49 ]. Click chemistry portrays the class of gelation instrument that 
can accomplish high specifi city and exact spatiotemporal control whereby a particu-
lar impetus is exploited and the polymer chains are correspondingly modifi ed [ 43 ]. 
However, the click chemistry mechanism requires usage of heavy metal, which 
leads to the toxicity of the hydrogel scaffold.  
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3.1.3     Biological Cross-Linking 

 Biological cross-linking usually involves enzyme-mediated reaction and molecular 
recognition and the use of bioactive particles. One such example of cross-linking is 
through the use of enzymes. By understanding the kinetics of the enzymes, it is 
utilised to catalyse the gelation development process. For instance, horseradish per-
oxidase is a protein with the presence of hydrogen peroxide that oxidises phenols to 
initiate carbon-oxygen (C-O) bond or carbon-carbon (C-C) bond between the two 
phenols [ 33 ]. 

 Another major biological cross-linking approach is biomolecular recognition. 
Recognition and signalling molecules, such as antigen and antibody, transmem-
brane proteins and ligands are essential and abundant in organisms to perform basic 
life functions. Takashi Miyata et al. has reported a framework embracing immuno-
globulin G (IgG) as the antigen and antibody [ 47 ] whereby IgGs facilitate the aggre-
gation of monomers and consequently result in the gelation of the hydrogel. 

 Each of these gelation systems has its pros and cons. For instance, physical 
cross-linking approaches are feeble, while chemical cross-linking approaches are 
stronger mechanically. In the case of chemical cross-linking approach, it frequently 
involves chemicals that bring negative effects to the cells. For biological cross- 
linking, the use of bioactive particles is prone to denaturation or degradation and 
thus can be unstable. The pros and cons of each gelation system are illustrated in 
Table  3.1  and the schematic graph are shown in Fig.  3.1 .

3.2          Methodology to Incorporate Bioactive Factors 
into the Hydrogels 

 Hydrogel is often custom designed as a vehicle of cells, drugs and bioactive mole-
cules. In regenerative medicine, hydrogel is often used to deliver cells to the desired 
site. Numerous studies have incorporated bioactive molecules to either mimic the 
native tissue environment or to provide signal to the encapsulated cells so as to 
enhance the process of tissue regeneration. 

 The bioactive elements can be incorporated into the hydrogel platforms in differ-
ent approaches. Similar to the gelation system, these approaches can be classifi ed 
into physical, chemical and biological approaches. Physical methodologies include 
basic blending and physical forces. Blending the bioactive factors directly into the 
hydrogel is a straightforward approach but often meets with issues such as a burst 
discharge of the bioactive factors while a more managed and controllable discharge 
is desired. To achieve a much controllable discharge of bioactive factors, the inter-
action of hydrophobic strengths or the electrostatic forces between two elements 
can be tailored. Although this approach is only applicable to charged particles, 
many biological particles are charged, for instance, human growth hormone [ 54 ] 
and siRNA [ 31 ]. These particles are negatively charged and result in a more stable 
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and controllable discharge of the bioactive factors with reduced starting burst. The 
release profi le could be controlled by the charge density of the hydrogel; its dis-
charge rate can be adjusted by varying the pH. A more extreme pH leads to a higher 
discharging rate. 

 Chemical approaches involving covalent bonding between the bioactive factors 
and hydrogel usually require the components to have a functional group, such as 
carboxylic group, amine group or thiol group. For instance, doxorubicin, a widely 

   Table 3.1    Different cross-linking mechanisms and their respective advantages and disadvantages   

 Cross-linking mechanism  Pros  Cons 

 Physical  Self-assembly  No external chemicals 
involved; reversible; 
reacting to external stimuli 
like pH, temperature and 
presence of ions 

 Mechanically weak 
 Ionic 
cross-linking 

 Charged loaded drugs may 
interfere with the cross-linking 

 Chemical  Photo-cross- 
linking 

 Spatiotemporal control on 
gelation based upon the 
direction, location and 
timing of the light and the 
photoinitiator 

 Extra light source and 
photoinitiators are required 

 Michael 
addition 

 High specifi city; 
controllable gelation 
kinetics 

 Potentially toxic chemicals 
involved 

 Disulphide 
formation 
 Click chemistry 
 Schiff’s base 
reaction 

 Mild gelation  Low specifi city due to the 
abundance of amine groups in 
various growth factors and 
extracellular matrix 

 Biological  Enzymatic 
cross-linking 

 High specifi city  Requirement on suitable 
conditions for enzyme to be 
active; due to the catalyst nature 
of enzymes, it remains active 
after cross-linking which leads 
to other side effects 

 Biomolecule 
recognition 

 Could be mechanically weak 
due to rapid degradation 

Physical cross- linking Chemical cross-linking Biological cross-linking

  Fig. 3.1    Graphical illustration of physical, chemical and biological cross-linking mechanism       
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used anticancer drug, contains an amine group which can be incorporated into a 
hydrogel containing polyphosphazene to achieve a more spatiotemporally con-
trolled release with minimal toxicity [ 10 ]. This method is in large advantage espe-
cially when compared with the physical approach since it is applicable to 
hydrophobic particles too. However, it is of concern that after the covalent bonding, 
the bioactivity of the particles is lost due to the loss of a functional group. 

 Biological methodologies comprise of two sections; either the consolidation 
depends on the bioactivity of the particles that structures the hydrogel or the dis-
charging of the therapeutics is reliant on the natural properties of the framework. 

 On one hand, to incorporate bioactive factors in to the hydrogel scaffold, natural 
binding processes are adopted, which means the fuse could likewise be because of 
the affi nity between two organic recognition particles, including acknowledgement 
between two single strands of DNAs [ 64 ] and tying between two chains of peptides 
or proteins [ 72 ]. By means of this strategy, a maintained discharge is accomplished 
because of the larger binding energy between the hydrogel and the bioactive com-
ponents and in the meantime, the binding capacity is better maintained. However, 
this present technique’s discharge profi le is still a burst at the beginning and reaches 
plateau later, where the distinction is that the underlying burst is not as intense as the 
straightforward blending. It is basically a milder discharge taking after the same 
pattern. Hence it is better that a fully controlled discharge could be accomplished. 
Thus on demand discharge is widely studied. 

 The fully controllable release is achieved by the hydrogel that will be debased 
based on the cell expansion status or the in vivo environment around the hydrogel. 
To make the debasement course of hydrogels match the cell multiplication profi le, 
natural particles are embedded into the hydrogel system. Ordinarily cleavable 
locales will be fastened to the hydrogel polymers. The purported cleavage site is the 
substrates to specifi c compounds discharged by the cell in the expansion process. 
Accordingly, when the cells multiply abundant enough, it debases the hydrogels, 
and the bioactive element is further discharged to bolster the development of cells. 
This kind of framework is greatly valuable as a result of its responsive property to 
certain outside stimuli. For instance, a synthetic insulin-emitting vehicle is utilising 
this sort of scaffold. Numerous strategies have been used to make the hydrogel sen-
sitive to glucose. One compound used is called glucose oxidase which can process 
glucose into gluconic acid [ 29 ]. As a result, the pH surrounding the hydrogel 
decreases and the degradation process is accelerated. Not only glucose oxidase but 
also concanavalin A [ 4 ] and phenylboronic acid [ 32 ] are adopted in integrating 
glucose- responsive hydrogel. Other than glucose, numerous different signs have 
been investigated to empower the arrival of bioactive factors, for example, mechani-
cal signals [ 35 ], light [ 73 ], antigens [ 13 ] and electric fi eld [ 48 ]. 

 From the above examination, it is clear that each of the bioactive factor incorpo-
ration strategies has its own strengths and weaknesses. They are summarised in 
Table  3.2 . Subsequently, to realise the best bioactive discharge impact, a combina-
tional hydrogel is researched. An established model of combinational hydrogel is a 
hydrogel containing nanoparticles or microspheres within the framework. Through 
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this complexation, the therapeutics could be discharged in a prolonged and con-
trolled way simultaneously.

3.3        Function of Bioactive Hydrogels 

 The motivation behind such a variety of strategies to manufacture the hydrogel- 
based scaffolds and join diverse sorts of bioactive factors into the framework is its 
application. The bioactive hydrogels could be utilised to direct cell destiny, and in 
turn cells could coordinate the hydrogel’s “destiny”. This interactive relationship 
mimics the genuine tissues well. Accordingly, bioactive hydrogels are helpful in 
drug delivery and tissue engineering and numerous different territories, for exam-
ple, biological glue and production of integral cell sheets which could improve 
medicine and benefi t the patients. 

3.3.1     Bioactive Hydrogel Directs Cell Fate 

 It is generally realised that cell destinies are infl uenced by the situations encompass-
ing the cells. The environment could infl uence the cells’ multiplication, differentia-
tion, apoptosis, migration and secretion [ 14 ]. The examination of bioactive hydrogel 
in coordinating cell destinies began from the two-dimensional level, essentially in a 
petri dish, on a culture plate or on the surface of the hydrogels. Step by step, the 
examination began to concentrate on the three-dimensional stereoscopic hydrogel 
system which is altogether different from the 2D condition yet is quite nearly mim-
icking the genuine in vivo environment. 

   Table 3.2    Summary of advantages and disadvantages of various bioactive factor incorporation 
methods in hydrogel   

 Incorporation method  Advantages  Disadvantages 

 Physical  Simple mixing  Straightforward  Initial burst 
 Electrostatic force  Controlled release  Only applicable to ionic or polar 

molecules  Ionic force 
 Chemical  Covalent link  Sustained release  Potential damage to the function of 

bioactive factors 
 Biological  Incorporation  Sustained release  Hydrogels are to be synthesised or 

modifi ed to improve the affi nity with 
bioactive factors 

 Release  Controlled release  Risks due to the application of 
external stimuli 
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3.3.1.1     Bioactive Hydrogel Directs Cell Fate in 2D Environment 

 Naturally derived hydrogels are bioactive; they suit the advancement of cells. 
However, they might incite immunology impacts. And the batch-to-batch variation 
is large. Moreover, the control from the researcher is imprecise. Synthetic materials 
are defi nitely controlled by the researcher. However numerous synthetic materials 
do not have the favour of the cells. In this manner, adhesive ligand structures are 
consolidated into the engineered hydrogel framework to build the bond and affi nity 
between cells and hydrogels [ 11 ]. For instance, a peptide grouping found in com-
mon adhesive proteins, such as fi brin, collagen and laminin – arginine-glycine- 
aspartic acid (RGD) tripeptide – is joined into the hydrogel system to enhance its 
cell adhesion [ 57 ]. Cells can be categorised into anchorage-dependent and non- 
anchorage- dependent cells. Both of them actually tend to attach to a surface; while 
the anchorage-dependent cells can survive only if they are attached to a surface [ 40 ], 
the non-anchorage-dependent cells are still able to survive without attaching to a 
surface, and attachment to a surface initiates differentiation of the cell lineage. 
Other than cell adhesion, ligands’ density and dispersion pattern in hydrogel-based 
platform also infl uence the expansion, apoptosis, migration [ 34 ] and morphology of 
cells [ 53 ]. A higher ligand density is more suitable for the attachment of cells. 
Normally a more adhesive surface is more suitable for the proliferation of cells. 
However, if the surface is too cell adhesive, the cell migration is diminished and 
thus the cell proliferation is prohibited. 

 The stiffness and elasticity are well known to be infl uential to the differentiation 
of cells. Generally speaking, a harder material is more suitable for the differentia-
tion of stem cells into osteogenic cells [ 21 ]. On the other end, a softer material is 
more suitable for the differentiation of stem cells into endothelial cells and smooth 
muscle cells [ 58 ]. Those materials with a medial range of stiffness are more suitable 
for the differentiation into skeletal muscle cells, myogenic muscle cells, chondro-
cytes and neural cells [ 20 ]. The scope of stiffness that is suitable for the cell to 
develop is a few kilopascals. From a more general perspective, a relative stiffer 
surface is more suitable for the attachment of cells [ 13 ] and hence affects the move-
ment of cells along the gradient towards a stiffer surface [ 39 ]. 

 Other than the density of the ligands and the solidness of the material, a more 
delegate control on cell destiny could be accomplished by controlling the pattern of 
the ligands or the topology of the ligands. One basic shape is the square zone. As 
indicated by Ingber et al., a square island with edge length under 10 μm is not suit-
able for the living of cells, while a square island with edge length more than 25 μm 
is most favourable for the proliferation of cells [ 7 ]. On the top of size, the shape of 
the adhesive points assumes an indispensable part too. Channels or nano-gratings 
are more suitable for the differentiation into neural cells or muscle cells which need 
an alignment to be functioning [ 9 ], and micro- or nano-pit surfaces at a suitable size 
in a rectangle or square shape are proper for the differentiation into osteoblasts [ 12 ]. 

 With the effectiveness of the hydrogel infl uencing the cell destiny on a surface, 
three-dimensional spaces which are more like in vivo conditions are the focus of 
research currently.  
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3.3.1.2     Bioactive Hydrogel Directs Cell Fate in 3D Environment 

 Based on the experience in directing cell fate on a surface plane, cell-adhesive pro-
teins or peptide sequences are incorporated into the spatial hydrogel network to 
improve the affi nity to the cells. The same sequences found effective on a plane are 
adopted in the spatial network and still reported as effective [ 75 ]. Peptides, as a 
biochemical signal grafted in the hydrogel, can be manipulated to vary the cell 
material interaction property of the network. Stiffness is also found to be able to 
direct the cell differentiation in three-dimensional spatial environments similar to 
the stiffness study on a plane. It is found that 2.5 kPa induces the differentiation to 
adipose cells while 110 kPa induces the differentiation towards osteogenic direction 
[ 27 ]. The scale of the pressure is much larger than in a surface environment. 
Nevertheless, the trend is the same, meaning a tougher material is more inductive 
towards the osteogenesis, while a softer environment is more towards the softer tis-
sues, such as adipose tissues. 

 When the hydrogels are fabricated, the expected cell adhesion or stiffness prop-
erties are presented at the beginning, but gradually the control on these properties is 
lost due to the degeneration of the peptides or hydrogels. Therefore, research is 
conducted to add in temporal control on the system. Photopolymerisation is one 
method [ 17 ]. The light needs to be applied manually. Although this method is able 
to generate locally specifi c control of gelation or hardening of the scaffold material, 
however the process is not reversible and the material can only become tougher than 
before. Thus, later a photodegradable compartment is added to the system. Hence, 
a photoreversible system is fabricated [ 15 ]. Like the controlling of chemical signals, 
the incorporation of photodegradable molecules decreases the cross-linking density 
upon the application of light [ 22 ]. Via the incorporation of photo-cross-linker and 
photodegradable molecules, a dynamic hydrogel is invented. This is more infl uen-
tial in cell differentiation induction than a static system. According to Young and 
Engler, the increasing of stiffness during a period of 300 h, which matches the natu-
ral development process of a mesoderm to myocardium, results in a more successful 
differentiation than any static network [ 74 ].   

3.3.2     Stimuli-Responsive Hydrogel 

 Bioactive hydrogels can interact with the cells. It is not just the hydrogels that can 
coordinate the cells’ destiny; additionally, the cells can decide the “destiny” of the 
hydrogel, that is, the degradation profi le. As a result, a stimuli-responsive hydrogel 
is achieved to release cells or bioactive factors on target on time. 

 When a hydrogel is inside a biological environment, it naturally degrades by 
hydrolysis. To control the degradation profi le is important because when the degra-
dation profi le is optimised, the cells’ expansion is best regulated. If the degradation 
rate is too quick, the hydrogel loses its capacity as scaffold, while if the degradation 
is too slow, it hinders the recovery of tissues. This capacity is acknowledged by the 
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insertion of biological particles into the hydrogel framework. Those natural parti-
cles are substrates to matrix metalloproteinases (MMPs) or collagenases which are 
abundantly secreted by proliferating cells [ 42 ]. Accordingly, when cells multiply, 
the hydrogels can degrade correspondingly and give space to the expansion of cells. 
One of the substrates is the bis-cysteine peptide sequence CGPQGIWGQGCR; it is 
utilised by Jordan S. Miller et al. to encourage the blood vessel invasion. These 
peptide sequences are incorporated into PEG hydrogels along a line where the endo-
thelial cells are easier to intrude by digesting the peptide sequence and forming in 
blood vessels [ 46 ]. 

3.3.2.1     Drug Delivery Vehicles 

 MMP substrates are likewise helpful to discharge therapeutics like growth factors, 
which ought to coordinate the multiplication status of cells, based on the prolifera-
tion status of cells [ 38 ]. For example, a modifi ed VEGF growth factor is incorpo-
rated into a fi brin-based scaffold by a research team in Zurich University; upon the 
degradation of fi brin by plasmin, the VEGF is released and induces angiogenesis 
[ 18 ]. Other than a discharge profi le corresponding to a cell development profi le, 
other controlled deliveries of medications on target are likewise in need. The arrival 
of medications in response to pH is valuable in the treatment for cancers. Around 
cancer cells, the pH is lower [ 55 ]. Therefore, the hydrogels that degrade much faster 
under acidic conditions are great delivery vehicles for medications hostile to cancer 
to minimise side effects. As a rule, the hydrogel perfect to be the medication deliv-
ery vehicle ought to have the capacity to discharge drugs at a particular site with a 
controlled rate. 

 Different from the fancy delivery vehicles mentioned in the previous paragraph, 
a fundamental delivery vehicle is a covering for the therapeutics to prevent the dam-
age from the cruel environment in the stomach [ 62 ], since oral administration is 
practically the most convenient method for dosing. Without a shell, numerous medi-
cations will be degenerated in the extreme acidic condition in the stomach and lose 
their capacity. Alginate is one of such a material which can resist the low-pH condi-
tion. The assurance on medications and a maintained discharge are relied upon 
hydrogel vehicles. This is helpful in the delivery of medications that should be taken 
persistently. The use of managed discharge can diminish the recurrence of dosage 
and provide convenience to patients [ 63 ].  

3.3.2.2     Cell Delivery Vehicles 

 A bioactive hydrogel-based scaffold is helpful in the delivery of medications as well 
as cells. These vehicles are generally utilised as a part of tissue engineering. The 
alleged tissue engineering is to convey right cells into the right site to recover the 
harm on tissues or organs. The advantage of cells on a scaffold compared with cells 

3 Bioactive Hydrogels and Their Applications in Regenerative Medicine



66

without a scaffold is the reduction on cell migration and immune response as well 
as improvement on cell viability. 

 Factors to be considered in fabrication of hydrogels for tissue engineering is cell 
adhesion, bioactive factor delivery and degradation profi le. This could be accom-
plished by incorporation of cell-adhesive peptide sequence, bioactive factors and 
catalyst-cleavable moieties. These days, the clinically accessible tissue engineering 
items include the skin, cartilage and cornea.   

3.3.3     Other Functions 

 In the previous part, it is discussed that good hydrogels need to have the property of 
cell adhesion. However, in some unique utilisation of hydrogels, it is non-cell adhe-
sion that is a profi table property. This sort of material is utilised as adhesion evasion 
after the surgery to avoid entanglements. It can likewise be utilised to treat urinary 
incontinence [ 2 ]. 

 The three-dimensional hydrogel system is not just successful in conveying medi-
cations and cells. It has in vitro application also. It can be utilised as a testing model. 
As examined beforehand, the cell status on a plane is altogether different from that 
in a stereo space. However, the genuine environment in a living organism is a stereo 
space. This clarifi es why numerous therapeutics are effective in the in vitro test yet 
comes up ineffective in the animal test. Thus to enhance the effectiveness of the 
drug testing process, three-dimensional in vitro cell cluster models are invented. 
The model comprises of a hydrogel scaffold and the objective cells dwelling in the 
scaffold. 

 As discussed in the fi rst section, some hydrogels can gel spontaneously or under 
certain stimuli. This kind of phase change from solution to colloid is helpful as a 
bio-glue to seal the sutures after surgery. In addition, this phase change is utilised to 
produce intact cell sheet. The poly N-isopropylacrylamide (PNIPAm) is utilised as 
it is able to change from hydrophilic to hydrophobic under different temperatures. 
In this way, researchers have created clinically applicable cornea and treat visual 
defi ciency [ 51 ].   

3.4     Classical Example: Polyethylene Glycol (PEG) 

 PEG is a gold standard hydrogel in tissue engineering. Because of nomenclature, it 
is also called poly(ethylene oxide) (PEO). PEG is a prevalently studied synthetic 
polymer in the tissue engineering fi eld. To compensate the weaknesses of a PEG as 
a synthetic material, including absence of cell attachment and lack of control on 
degradation rate, modifi cations on PEG are made. 
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3.4.1     Cell Adhesion 

 PEG is a very hydrophilic polymer, which is not most favoured by cells. The mate-
rial that is most suitable for the attachment of cells is moderately hydrophobic in 
those hydrophilic materials. It is demonstrated by the low viability of anchorage- 
dependent cells inside PEG hydrogels [ 6 ]. The natural extracellular matrix (ECM) 
is the best model to be imitated to accomplish cell adhesion. The ECM is for the 
most part composed of proteins and glycosaminoglycans (GAGs); a few GAGs can 
connect to some serine-rich proteins to form proteoglycans (PGs) [ 68 ]. Among the 
proteins, collagen, elastin, fi brin and laminin are the most plenteous and common 
ones. Collagen is a moderately intense molecule and maintains the structure of 
ECM, while elastin gives fl exibility to the ECM. Fibrin and laminin are cell- adhesive 
molecules. And GAGs are likewise partially taking the mechanical loadings on the 
ECM and all the more vitally they permit the pass and reservation of supplements 
and signal particles [ 68 ]. 

 To mimic the cell-adhesive natural ECM, the peptide sequences isolated from the 
ECM proteins have been incorporated to the hydrogel. The common sequences are 
RGD [ 44 ], KQAGDV [ 23 ], REDV [ 69 ] and PHSRN [ 70 ] from fi brin; YIGSR [ 70 ], 
IKVAV [ 67 ], PDGSR [ 67 ], LRE [ 70 ], LRGDN [ 67 ] and IKLLI [ 67 ] from laminin; 
GFOGER [ 45 ] from collagen; and VAPG [ 76 ] from elastin. In these peptides, RGD 
is the most broadly utilised and thoroughly studied on in light of the easy isolation 
and early revelation of the peptide. RGD could be connected to the PEG hydrogel 
by most of the beforehand specifi ed strategies, including photo-cross-linking, 
Michael addition, click chemistry and enzymatic cross-linking [ 16 ]. When a chemi-
cal strategy is used, the PEG is added with an acrylate group so that there are chemi-
cal groups to react. There are two types of RGD; one is linear and the other is cyclic. 
It is found that the cyclic RGD has better cell-adhesive function than linear RGD, 
which is because it is a better imitation to native RGD structure. It improves the cell 
adhesion more than 200 times contrasted to its linear form [ 24 ].  

3.4.2     Degradation Profi le 

 To make the hydrogel framework degrade coordinating the development profi le of 
cells, which is another property of the regular ECM, biologically active particles are 
mixed inside the hydrogel polymers. When PEG is fi rst invented, the enzyme- 
sensitive molecules have not been discovered. Alteration has been made on PEG 
hydrogel to make it hydrolytically more degradable. It is accomplished by photopo-
lymerisation of PEG diacrylate cross-linked with ester bond [ 52 ] and polyester 
compartment like polylactic acid (PLA) or polyglycolic acid (PGA) [ 5 ]. This kind 
of degradation is fast but is still linear, which does not coordinate the expansion 
profi le of cells. Cells expand fast when the cell density is low but reaches saturation 
after several generations of duplication. Along with the study on natural tissue 
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regeneration and development process, it is found that there are biological particles 
in the extracellular matrix that could be cleaved by the matrix metalloproteinases 
(MMPs), plasmin and elastase secreted by the regenerating or stem cells in prolif-
eration. Digestion of the ECM opens more space for proliferation and generation of 
new tissue [ 65 ]. Thusly the substrates in this process are fused into the hydrogels. 
The substrates include GPQG-IAGQ [ 41 ] (the “-” line represents the cleavage site), 
GPQG-IWGQ [ 36 ], APG-L [ 71 ] and L-GPA [ 37 ], which are sensitive to MMPs, 
and YK-NRD [ 56 ] and VR-N [ 71 ], which are sensitive to plasmin. 

 When both cell-adhesive molecule and enzyme substrates are incorporated into 
a hydrogel, a cell adhesion-varying hydrogel is fabricated by consolidation of a 
CPENFFRGD peptide sequence, where the PENFF is cleavable by MMP and RGD 
is a cell-adhesive peptide. In this way, the cell attachment is diminished continu-
ously with the degradation of the gel. This is exhibited as powerful in coordinating 
stem cells’ differentiation into chondrocytes [ 59 ].  

3.4.3     Recognition of Bioactive Molecules 

 The GAGs in natural ECM are repositories and paths for signal particles. Hence the 
ability to carry growth factors is another foundation criterion of a good framework. 
To unite the growth factors tightly to the hydrogel-based scaffolds, the growth fac-
tors are modifi ed with functional groups, such as thiol, acryl or azide [ 77 ]. 
Simultaneously, the PEG is modifi ed with functional groups as well so that the 
growth factors can be covalently linked to the polymer by Michael addition [ 66 ]. 
Chemical incorporation method undertakes the risk of denaturation of bioactivity of 
the molecules. Therefore, biological incorporation method is researched to carry 
growth factors in the hydrogel-based scaffolds. The heparin is a biologically active 
molecule that is incorporated by carboxyl/amine conjugation and is able to recog-
nise growth factors [ 61 ]. Other than heparin, those cell-adhesive peptides are also 
binding sites for growth factors.  

3.4.4     Other Applications of PEG 

 Other than the standard bioactivity of hydrogel, PEG has some unique applications. 
West et al. have reported the fruitful design of PEG conveying nitrogen monoxide. 
The PEG hydrogel conveys nucleophiles that can complex with NO [ 3 ]. NO can 
diminish platelet gathering and expands blood vessels. This hydrogel is helpful in 
the treatment for thrombosis and restenosis. 

 Because of the high hydrophilicity of PEG, the hydrogel is not favoured by the 
cells for attachment. Therefore, PEG could be used as a space fi ller to avoid tissue 
adhesion after surgery or to treat urine incontinence.   
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3.5     Bioactive Hydrogel Design Strategy 

 From the previous content, it is clear that the bioactive hydrogels are very useful and 
have wide applications in drug delivery and tissue engineering. This section is going 
to give some design guidelines to help the researchers in designing and fabricating 
their own bioactive hydrogels fulfi lling their goals. 

3.5.1     Molecular Design 

 When the hydrogels are designed, the primary outline is on the molecular formula 
of the polymer chain. Much the same as in proteins, the primary structure, i.e. the 
arrangement of the amino acid sequence, decides the secondary and tertiary struc-
tures. Similarly, designing on hydrogels’ molecular structures determines the func-
tions of the hydrogels. There are two principle classes of procedures. One is 
top-down design. The other is bottom-up design. 

 The  top-down  design is to unite the particles having the expected properties or 
capacities into the hydrogels. As a result, the hydrogels possess the expected prop-
erty as well. These molecules are generally harvested from the microenvironment 
around the cells. A typical example is the beforehand mentioned cell-adhesive pep-
tides and proteinase-cleavable peptides. 

 In turn, the  bottom-up  confi guration is to outline the hydrogel synthetically block 
by block. This is based on the comprehension of the molecular formula of bioactive 
molecules. Despite the fact that it might confront a synthesis effi ciency issue, there 
is accurate control on the molecules. Typical examples are similar to the copolymer 
or tripolymer of different monomer pieces in the Pluronic ®  or Synperonic ®  PE.  

3.5.2     Property Design 

 Generally, when chemical cross-linking approaches are utilised to gel up the hydro-
gel, the mechanical property of the gel is strong. When the cross-linking mechanism 
is physical, the mechanical property is weak. Biological cross-linking’s mechanical 
strength has a wider range; however, the consistency is relinquished. 

 Cell-adhesive peptide consolidation can enhance cell affi nity. The stiffness, 
ligand density and ligand distribution pattern can control cell spreading, adhesion 
and the migration orientation. The topology of the substrate materials, density of 
ligands and stiffness are able to incite differentiation of undeveloped cells. The join-
ing of enzyme-cleavable moieties can accomplish cell expansion coordinating the 
degradation rate of scaffolds or discharge profi les of growth factors. The ionic, bio-
logical molecules and pH-sensitive hydrogels are helpful in outlining on target dis-
charge or controlled delivery of the therapeutics in light of homeostasis status.      
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    Chapter 4   
 Multilayer Microcapsules with Tailored 
Structures and Properties as Delivery Carriers 
for Drugs and Growth Factors                     

     Weijun     Tong      and     Changyou     Gao   

4.1           Introductions 

 Hollow capsules are of great interest due to their potential applications and funda-
mental importance as new colloidal structures in areas such as medicine, catalysis, 
cosmetics, as well as biotechnology [ 1 ]. One of the promising methods which can 
fabricate hollow capsules with tailored structures and functions is the layer-by-layer 
(LbL) assembly [ 2 ,  3 ] of multilayer fi lms onto colloidal particles, followed by core 
removal (Fig.  4.1 ) [ 4 ,  5 ]. Through this method, the capsules with well-controlled 
size and shape, fi nely tuned wall thickness, and variable wall compositions have 
been obtained [ 6 ]. The LbL microcapsules with integrated multifunctionality have 
high capacity for loading of a wide range of substances and sensitive response to 
diverse stimuli and thus are highly attractive for the biorelated applications [ 7 – 9 ]. 
At the beginning, the studies of LbL multilayer capsules are mainly focused on the 
fabrication and basic physicochemical properties [ 6 ]. However, the past decade has 
witnessed a rapid increase of researches concerning their functionalization and 
applications, particularly in the biomedical fi elds such as drug delivery [ 10 ]. In this 
chapter, we fi rst focus on the recent progress of the LbL microcapsules in our lab 
with respect to manipulation of their properties by chemical cross-linking and fab-
rication of the microcapsules based on new driving forces, the capsules with sub-
compartments, and the capsules which can transform their shape. Then, we will 
discuss the potential applications of LbL capsules as drug delivery carriers, empha-
sizing on the new encapsulation methods developed in our lab, the surface modifi ca-
tion of smaller particles, as well as the deformation and recovery behavior of 
microcapsules passing through a model capillary vessel. Finally, the loading of 
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growth factors into multilayer capsules and their incorporation into scaffolds are 
discussed.

4.2        Multilayer Microcapsules with Tailored Structures, 
Properties, and Functions 

4.2.1     Cross-Linking to Tailor the Properties of Microcapsules 

 The electrostatic interaction is fi rst used for the fabrication of LbL microcapsules. 
Although it is generally strong enough to hold the integrity of the microcapsules, in 
some cases cross-linking is still necessary for the capsules to survive through harsh 
conditions such as high ionic strength, extreme pH, and strong polar organic solvent 
[ 11 ,  12 ]. Moreover, cross-linking also can effectively manipulate the permeability 
and mechanical strength of the capsules. [ 11 ,  13 ]. For the multilayer fi lms and cap-
sules based on hydrogen bonding, further stabilization is also required for biomedi-
cal applications since most of them will be disassembled at physiological conditions 
[ 14 ,  15 ]. Many methods have been developed to cross-link the multilayer fi lms and 
capsules, such as carbodiimide chemistry [ 16 – 18 ], UV irradiation [ 13 ], as well as 
thermal cross-linking [ 19 ]. More recently, disulfi de [ 20 ,  21 ] and click chemistry 
[ 22 – 28 ] have also been proved effective for cross-linking the hydrogen-bonded 
multilayers and microcapsules. 

  Fig. 4.1    Schematic illustration of the polyelectrolyte deposition process and of subsequent core 
decomposition (Reprinted with permission from Ref. [ 5 ]. Copyright 1998 by Wiley-VCH)       
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 The above mentioned techniques are exclusively based on a reaction between the 
functional groups of the two components in the multilayers. We demonstrated that 
the multilayer microcapsules assembled from poly(allylamine hydrochloride) 
(PAH) and poly(styrene sulfonate) (PSS) could be considerably stabilized by cross- 
linking of only the PAH component with glutaraldehyde (GA) [ 29 ]. After cross- 
linking, the capsule wall was apparently thicker and with higher folds. The capsules 
were quite stable in 0.1 M NaOH even after 24 h. The elasticity modulus (680 MPa) 
of the capsule walls was doubled compared with that of the control. Furthermore, 
the permeability of the capsule walls was also greatly reduced after cross-linking. 
We further applied this method to the poly(ethylenimine) (PEI) and poly(acrylic 
acid) (PAA) weak polyelectrolyte microcapsules [ 30 ]. The cross-linked microcap-
sules can maintain their macroscopic topology at extreme low or high pH while 
reorganizing their localized microstructure to enable selective permeation or rejec-
tion of macromolecules at lower (< pH 4) and higher pH (> pH 6), respectively. 
Thus, it is possible to produce capsules that are dual-pH responsive and stable over 
a broad pH range.  

4.2.2     Capsules Directly Assembled Based on Non-electrostatic 
Interactions 

 Different driving forces can endow the microcapsules with different physicochemi-
cal structures, stimuli response, and thereby their functionality and applicability. At 
the beginning, the electrostatic interaction was the fi rst driving forces for the LbL 
assembly [ 4 ,  5 ,  31 ]; thus the building blocks were mainly charged species. Then 
hydrogen bonding has been employed for the assembly of microcapsules. Recently, 
the multilayer hollow microcapsules based on other non-electrostatic interactions 
such as covalent bonding, host-guest interaction, and bio-specifi c interactions have 
been fabricated, which show unique properties. 

 Covalent LbL-assembled microcapsule is stable enough to withstand the long- 
time etching of strong polar organic solvent [ 32 ]. We recently fabricated a new 
structure of microcapsules with high modulus and high stability through the cova-
lent LbL assembly (Fig.  4.2 ) [ 33 ]. Aminosilanized SiO 2  microparticles were used as 
templates. Poly(glycidyl methacrylate) (PGMA) and PAH were alternately immobi-
lized onto the particle surfaces through a coupling reaction between the epoxides 
and the amines. Thus, a highly cross-linked structure was produced in this process. 
The templates were removed by HF etching, resulting in hollow microcapsules. The 
microcapsules are stable in extreme pHs and elevated temperature. Using the 
method of osmotic-induced invagination [ 34 ,  35 ], the elastic modulus of the micro-
capsule walls without any treatments was found to be as high as 910 MPa, which is 
quite stable even under acid and base treatment.

   The reaction between amine and aldehyde is fast and effi cient in aqueous solu-
tion at room temperature; based on this reaction, single polyelectrolyte component 
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multilayers and microcapsules can be fabricated through direct covalent assembly 
of PAH with GA [ 36 ]. The structure and the cutoff molecular weight of the capsule 
walls are dependent on the molecular weight of used polymers [ 37 ]. This method 
can be applied not only on biomacromolecules with amine groups such as polypep-
tides and proteins but also on polysaccharides, because GA also can readily react 
with hydroxyl groups at very mild conditions. 

 However, the main drawback of the abovementioned methods is that the obtained 
capsules may largely lose their stimuli-responsive properties due to the uncontrol-
lable covalent reactions [ 36 ,  37 ]. One solution to this problem is to carefully control 
the content of reactive groups in polymer chains, leading to a controllable reaction 
degree and a number of functional groups [ 38 ]. Bovine serum albumin (BSA) is a 
kind of biocompatible and biodegradable natural protein. It has a high content of 
aspartic and glutamic acids, lysine, and arginine [ 39 ,  40 ]. Only the amine groups of 
lysine can be cross-linked by GA [ 41 ], while the other amino acids with free car-
boxylic groups still exist, which can induce the pH response of the resultant cap-
sules. We recently demonstrated that [ 42 ] BSA hollow capsules could be obtained 
by covalent assembly of BSA and GA on a template followed by core removal. The 
capsules possessed reversible pH-responsive permeability, which can be used to 
encapsulate macromolecules. 

 Host-guest interaction is another type of driving forces frequently employed in 
supramolecular chemistry. It is known that the host-guest interaction is readily 

  Fig. 4.2    Schematic illustration of the process of direct covalent LbL assembly on a silica particle 
and fabrication of a hollow capsule by etching out the template core. The  blue lines  represent 
PGMA, the  red lines  represent PAH, and the  green dots  represent the covalent linkage between 
layers (Reprinted with permission from Ref. [ 33 ]. Copyright 2007 by Wiley-VCH)       
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mediated by the host and guest molecules with respect to their matching degree and 
concentration. If charge interaction is further introduced, multi-responsive micro-
capsules can thus be expected. According to this design, multilayer microcapsules 
were fabricated by using the interaction between β-cyclodextrin (β-CD) and ferro-
cene grafted to a weak polyelectrolyte PAH, which can further introduce charge 
interaction into the capsule walls (Fig.  4.3 ) [ 43 ]. The microcapsules that consist of 
PAH-g-β-CD and PAH-g-ferrocene indeed show multi-responsiveness to environ-
mental stimuli. For example, they swell and shrink at low and high pH, respectively. 
Incubation in a salt or β-CD solution can also mediate their swelling and shrinking 
behaviors. With these smart features, the microcapsules can serve as reservoirs for 
drugs, DNAs, enzymes, and so on.

   The specifi c interactions between complementary DNA bases are stable enough 
under physiological conditions in nature, which can be used for the assembly of 
multilayer fi lms and capsules [ 44 ]. Moreover, carbohydrate-protein interaction, 

  Fig. 4.3    Fabrication process and structure characterization of host-guest microcapsules. ( a)  LbL 
assembly of same polyelectrolyte on carbonate particles to obtain hollow microcapsules using 
host-guest interaction. The chemical structure of PAH-g-β-CD, PAH-g-ferrocene, and β-CD/fer-
rocene inclusive are shown in the second row. ( b)  The thickness of the PAH-g-β-CD/PAH-g- 
ferrocene multilayers assembled on silicon wafer as a function of layer no. ( c)  SEM, ( d)  SFM, and 
( e)  TEM images of the prepared (PAH-g-β-CD/PAH-g-ferrocene)3 microcapsules, respectively; 
bar is 5 μm. Inset in ( c ) is a higher magnifi cation image of one capsule; bar is 2 μm (Reprinted with 
permission from Ref. [ 43 ]. Copyright 2008, American Chemical Society)       
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which is a combination of multiple hydrogen bonding and hydrophobic interactions 
and participates in a wide variety of biological events [ 45 – 47 ], is also quite stable at 
physiological conditions. Therefore, this interaction can be used to assemble micro-
capsules which simultaneously possess good stability and responsiveness to exter-
nal stimulus due to its non-covalent nature. Concanavalin A (Con A) can specifi cally 
bind to polysaccharides such as dextran and glycogen [ 48 – 50 ]; thus it can be uti-
lized to fabricate thin fi lms with them through lectin-carbohydrate interactions [ 51 –
 53 ]. These fi lms can respond to glucose [ 50 ,  53 ]. Recently, the hollow capsules 
assembled by Con A and glycogen through LbL method were also obtained. They 
are stable at physiological pH range due to the relatively strong multiple hydrogen 
bonding but still can respond to glucose [ 54 ]. The sequential multilayer fi lm growth 
proceeds successfully on both planar and curved substrates when the Con A mole-
cules adopt confi rmation of tetramers or more complicated aggregates. The obtained 
capsules show layer-number-dependent shell shrinkage, distortion, and densifi ca-
tion. The capsules are stable in a pH range of 6–9 and show specifi c responses to 
glucose, mannose, fructose, and dextran. Triggered by these stimuli, the preloaded 
cargoes in the capsules can be released.  

4.2.3     Capsules with Subcompartments 

 The multi-compartmental micro- and nanostructures can be loaded with multiple 
cargoes and mimic the structure of cells; thus they have received tremendous atten-
tion recently [ 55 – 58 ]. Hollow capsules with subcompartments are ideal models 
which resemble the structure of cells. By combining of other techniques, diverse 
LbL capsules with different subcompartments have been obtained [ 59 ]. The sub-
compartments can be incorporated through two different ways: wall decoration and 
interior loading. 

 Kreft et al. fi rst reported the LbL microcapsules with a shell-in-shell structure for 
integrated and spatially confi ned enzymatic reactions [ 60 ]. De Geest et al. reported 
the assembly of multilayers on big hydrogel particles (hundreds of microns) in 
which tens of hollow LbL microcapsules or microparticles are loaded [ 57 ,  61 ]. 
Recently, Caruso group incorporated intact liposomes into LbL capsule walls or 
inside capsules to prepare “capsosomes,” which can be then employed as enzymatic 
reactors and delivery vehicles for hydrophobic cargoes [ 62 – 66 ]. 

 Alternatively, polymeric micelles also can be incorporated into the walls or inte-
riors of LbL capsules as the subcompartments. The micelles possess advantages of 
sustained release of hydrophobic substances. In particular, polymeric micelles pos-
sess a unique core/shell structure and relatively good stability [ 67 ]. Thus the micelle- 
incorporated microcapsules combine the advantages of both micro- and 
nanostructures. Polymeric micelles can be loaded into the shell through alternating 
assembly of poly(styrene-b-acrylic acid) (PS-b-PAA) micelles and oppositely 
charged polyelectrolyte on templates [ 68 ]. After core removal, the as-prepared 
microcapsules show extraordinary stability in concentrated HCl (37 %) and 0.1 M 
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NaOH. This extraordinary stability against highly acidic or alkaline conditions is 
possibly due to the hydrophobic interaction between PS cores of the micelles and 
hydrogen bonding of the PAA chains in adjacent layers and PAH chains. The incor-
poration of polymeric micelles in LbL capsule interiors has been presented by Li 
et al. [ 69 ] as well as Tong et al. [ 70 ]. In the latter method [ 70 ], LbL assembly was 
conducted on CaCO 3  microparticles pre-doped with PS-b-PAA micelles, resulting 
in encapsulation of micelles after core removal. The micelles inside the capsules can 
form a chain and network-like structure with more micelles near the capsule walls. 
Hydrophobic drugs as such can be loaded into the hydrophobic cores of micelles, 
while the negatively charged PAA corona of the micelles can result in spontaneous 
deposition [ 71 – 75 ] of water-soluble and positively charged drugs. The apparent 
concentrations of hydrophobic and water soluble are much higher than that of the 
feeding values. Therefore, capsules with this synergetic feature show their great 
promise in loading of drugs with different physicochemical properties.  

4.2.4     Shape Transformation of Capsules 

 The smart capsule systems are of high attraction due to their ability to respond to the 
alteration of environment conditions. LbL-assembled capsules can change their 
structure and properties intelligently in response to various stimuli. But most of the 
intelligence of the hollow structures results from controllable swelling and shrink-
ing, accompanying with permeability change [ 76 ]. Less concern is paid to shape 
transformation of the hollow structures, which is only observed in vesicles and hol-
low silica spheres previously [ 77 – 83 ]. Recently, single-component microcapsules 
were fabricated in our lab by an in situ reaction of reactive hydrophobic low- 
molecular- weight molecules with corresponding PE-doped CaCO 3  microparticles, 
followed by core removal [ 84 ,  85 ]. 

 The fi rst example is the capsules made of ferrocenecarboxaldehyde (Fc-CHO) 
and PAH-doped CaCO3 microparticles [ 84 ]. This single-component microcapsule 
is stabilized by hydrophobic aggregation of Fc moieties. Due to the redox properties 
of Fc, the PAH-Fc microcapsules can reversibly swell and shrink in response to 
oxidation and reduction. At the same time, the permeability also can be changed 
reversibly. PAH-pyrene (Py) microcapsules also can be fabricated through the reac-
tion of pyrenecarboxaldehyde with the doped PAH [ 85 ]. When this kind of capsules 
is incubated in acidic solution, one-dimensional nanotubes (1D-NTs) or nanorods 
(1D-NRs) are protruded from the microcapsules. The 1D-NTs keep growing with 
incubation time and eventually form a network. Meanwhile, the microcapsules are 
degraded gradually and disappear completely after 144 h (Fig.  4.4 ). The micelles 
assembled from PAH-Py polymers treated at similar conditions also can be trans-
formed into one-dimensional structures. The one-dimensional nanotubes are formed 
by 1-pyrenecarboxaldehyde with ordered π-π stacking and exhibit a helical struc-
ture and anisotropic property. The fi nal nanostructures are determined by the differ-
ent hydrolysis rate of Schiff base at different pH values. The linear PAH also can 
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guide the building-up process especially for the nanotubes. Through this mecha-
nism, hollow capsules budded with nanotubes or nanorods mimicking the cellular 
protrusion of fi lopodia are successfully fabricated by controlling the incubation 
time in solutions with different pH (Fig.  4.4 ).

   By chemical cross-linking and surface modifi cation, 1D-NR growth state from 
the PAH-Py microcapsules can be well controlled [ 86 ]. The 1D-NRs also can grow 
in the LbL-assembled capsules in a controllable manner [ 87 ]. For this purpose, PSS/
PAH multilayers were assembled on the surface of CaCO 3  (PAH-Py) microparti-
cles, yielding PAH-Py and (PSS/PAH)n double-shell capsules. By incubation of the 
obtained capsules in pH 2 solution, the 1D-NRs grow within the PSS/PAH multi-
layer capsules in three dimensions. The fl uorescence emission intensity of Py NRs 
inside the capsules can be tuned by a charge-transfer pair. This novel composite 
structure with PAH-Py NRs inside PE multilayer microcapsules provides a creative 
strategy for in situ nanomaterials fabrication, illuminating the trend for controllable 
properties and functions of smart nanodevices. The modulation of the protrusion of 
NRs also can be achieved by addition of small molecules such as 1-pyrenesulfonic 
acid sodium salt (PySO 3 Na) [ 88 ], demonstrating the tunable properties of such kind 
of nanostructures. 

 Inspired by the above results, PAH-Py NRs consisting of a Py-CHO core and 
PAH shell can be prepared by surface grafting of PAH onto Py-CHO NRs [ 89 ]. 
After coated with PAH, The NRs become more curved and fl exible as a result of 
partial loss of Py-CHO from the NRs. The PAH-Py NRs with a hydrophilic and 
charged PAH layer can be suspended stably in water for at least 3 months. Because 

  Fig. 4.4    TEM images showing the process of nanotube protruding from the PAH-Py microcap-
sules incubated in pH 0 HCl for 0, 24, 48, 96, and 144 h, respectively. ( f)  Optical images (inset, a 
higher magnifi cation) showing the protruded nanotubes from the PAH-Py microcapsules incubated 
in pH 0 HCl for 30 h. SEM images of a microcapsule with nanotubes after treatment in pH 0 HCl 
for ( g ) 30 h and ( h ) 72 h, respectively. ( i ) SEM image of a microcapsule with nanorods after treat-
ment in pH 2 HCl for 1 h (Reprinted with permission from Ref. [ 85 ]. Copyright 2011, American 
Chemical Society)       
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of the charge attraction and coordination effect of amino groups, Au NPs can be 
either adsorbed or in situ synthesized on the PAH-Py NR surface. The initial fl uo-
rescence emission of Py is largely remained due to the excellent isolation effect of 
PAH, which avoids direct contact between Py and the Au NPs. Using the similar 
process, other hybrid organic-inorganic functional nanomaterials with controlled 
physicochemical structures can be synthesized, such as tetraphenylethylene (TPE) 
nanoparticles [ 90 ]. TPE-substituted poly(allylamine hydrochloride) (PAH-g-TPE) 
was synthesized by a Schiff base reaction between PAH and TPE-CHO. The PAH- 
g- TPE forms micelles in water at pH 6, which are further transformed into pure 
TPE-CHO nanoparticles (NPs) with a diameter of ~300 nm after incubation in a 
solution of low pH value. In contrast, only amorphous precipitates are obtained 
when TPE-CHO methanol solution is incubated in water. The aggregation-induced 
emission feature of the TPE molecule is completely retained in the TPE NPs, which 
can be internalized into cells and show blue fl uorescence. Formation mechanism of 
the TPE NPs is proposed by taking into account the guidance effect of linear and 
charged PAH molecules and the propeller-stacking manner between the TPE-CHO 
molecules.   

4.3     Microcapsules as Drug Delivery Carriers 

 The LbL-assembled capsules with tailored structures and functions are versatile 
platforms for encapsulation, storage, and delivery of diverse substances. Thus the 
LbL-assembled capsules are ideal advanced drug carriers for the delivery of diverse 
drugs and growth factors. There are already several excellent reviews which sum-
marized the very recent progress in this fi eld [ 21 ,  91 – 99 ]. The following sections 
will mainly focus on the recent contributions of our lab to this fi eld. 

4.3.1     Controlled Loading Through Spontaneous Deposition 

 Many applications of the multilayer capsules must face a challenge of effi cient load-
ing of the desired substances. This is particularly diffi cult for loading of low- 
molecular- weight and water-soluble substances because small molecules can freely 
diffuse through the capsule walls [ 100 ]. We developed the “spontaneous deposi-
tion” method, which is based on a mechanism of high affi nity of the preloaded 
substances in the capsules with the cargoes that will be loaded. Gao et al. fi rst found 
that positively charged molecules such as dextran labeled with tetramethylrhoda-
mine isothiocyanate (TRITC-dextran) could deposit into the aged “hollow” micro-
capsules templated on melamine formaldehyde (MF) particles with a large amount 
[ 71 ]. The strong fl uorescence emitted from the interior of capsules could prove the 
existence of considerable high concentration of dextran in the capsule interiors (the 
so-called spontaneous deposition) (Fig.  4.5a ). Many other water-soluble substances 
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with positive charges such as polyelectrolytes [ 71 ], proteins [ 71 ], enzymes [ 72 ], and 
low-molecular-weight dyes and anticancer drugs (Fig.  4.5b, c ) [ 73 ] can be sponta-
neously deposited with a large quantity. Moreover, the deposition still occurs even 
if the molecules have very few positive charges such as the TRITC-dextran (Fig. 
 4.5a ), which gets positive charges from a few pendent TRITC groups. The driving 
force for this phenomenon is the electrostatic interaction between the negatively 
charged complex (PSS/MF) within the capsule interior and the loaded molecules. 
The PSS/MF complex is formed by the dissociated PSS from the very initial layer 
and the positively charged MF degradation product.

   The spontaneously deposited low-molecular-weight drugs in the LbL microcap-
sules templated on MF colloidal particles can be released in a sustained manner [ 73 , 
 74 ]. The amount of the loaded drugs can be controlled through changing the feeding 
concentration of the drugs, temperature, as well as salt concentration. This  tailorable 

  Fig. 4.5    ( a ) Fluorescence intensity averaged from inside the  circles  as a function of incubation 
time. TRITC-dextran (Mw ~65 kDa) and preformed MF-(PSS/PAH)5 capsules were used. ( b ) 
TEM images of daunorubicin (DNR) deposited MF-(PSS/PAH)5 capsules. ( c ) DNR and rhoda-
mine B ( RdB ) concentrations in the capsule interior as a function of temperature. MF-(PSS/
PAH)4(PSS/PDADMAC)5 capsules were used for DNR with a feeding concentration of 30 mg/ml 
and MF-(PSS/PAH)5 capsules for RdB, 80 mg/ml. The  numbers  in the fi gure represent the concen-
tration ratios of capsule interior and bulk.  PDADMAC  = poly(diallyldimethylammonium chloride) 
(Reprinted with permission from Ref. [ 73 ]. Copyright 2005 by Wiley-VCH)       
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deposition behavior is crucial for control release applications. The loaded drugs can 
be released in a sustained manner. The release profi le can be tuned by changing the 
interaction between the drugs and the PSS/MF complex. The presence of anticancer 
drug-loaded capsules can effectively kill HL-60 cells, a kind of human leukemia 
cell [ 73 ]. 

 For better control of the spontaneous deposition property, the capsules can be 
preloaded with charged polyelectrolyte using a polyelectrolyte-doped template [ 75 , 
 101 – 104 ]. At higher drug feeding concentration and higher salt concentration, large 
amount of daunorubicin (DNR) and DOX can be loaded [ 75 ,  103 ]. The drug con-
centration within the microcapsules is hundreds of times higher than the feeding 
concentration. The drug can be released from the capsules through a diffusion- 
controlled release mechanism at the initial stage (4 h). The in vitro experiments 
demonstrate that the encapsulated drug can effectively induce the apoptosis of 
HepG2 tumor cells. The encapsulated DOX also has better effi cacy than that of the 
free drug in terms of tumor inhibition in a 4-week in vivo culture period [ 104 ]. 

 Nonetheless, challenge is still remained to better maintain the drugs inside the 
capsules and then control their release profi le. Previous studies demonstrate that 
poly(diallyldimethylammonium chloride) (PDADMAC)/PSS capsules with PSS as 
the outmost layer can shrink dramatically at elevated temperature [ 105 ,  106 ], result-
ing in a thicker and denser capsule wall. So dextran (Mw from 10 to 70 kDa) can be 
effectively encapsulated with a slightly higher concentration than the feeding value 
[ 107 ]. The loading of water-soluble small molecular drugs also can be achieved 
using this method [ 108 ]. In our recent work [ 109 ], spontaneous deposition and heat- 
induced shrinkage were combined to fabricate a drug carrier system, showing a high 
drug loading effi ciency and more controllable release profi le. Through this strategy, 
photosensitizers also can be encapsulated, and most of them are stably retained for 
a long time and protected by capsule wall against reductive enzyme [ 110 ].  

4.3.2     LbL Assembly on Smaller Particles for Targeting 

 Most of the LbL capsules have a diameter of a few micrometers, which are too large 
for intravenous injection. One possible solution is to assemble multilayers on par-
ticles with a smaller size. De Koker et al. have reviewed the progress of LbL assem-
bly on ultrasmall (sub-100 nm) particles, which are mainly gold NPs [ 98 ]. In our 
lab, surface modifi cation of biodegradable and nontoxic polyester, poly(lactide-co- 
glycolide) (PLGA) NPs with a size around 200–300 nm using LbL assembly have 
been extensively investigated. PLGA is one of the commonly used polymers for 
drug delivery [ 111 ,  112 ]. These particles with such a size can be injected into the 
blood vessel and may accumulate in cancerous tissues through the well-known 
enhanced permeability and retention (EPR) effect. Modifi cation of NP surface with 
targeting molecules can enhance the drug concentration in the targeted organs or 
tissues and reduce the dosage and toxic side effects. In order to effectively immobi-
lize the ligands, the NPs should possess enough number of active groups and are 
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stable enough for following reactions. The LbL assembly can endow the NPs with 
uniform surface charge density, numerous active groups, and excellent stability in 
various mediums. For example, PAA/PEI and chitosan (CS)/alginate (CS/ALG) can 
be used to build multilayers on the PLGA NPs for further immobilization of PEG 
and folic acid aiming at long-time circulation and targeting [ 113 ,  114 ]. The surface 
charge and the thickness of the assembled multilayers can greatly infl uence the 
release profi le of loaded dyes [ 115 ]. The surface with negative charges or PEG also 
can reduce protein adsorption, whereas surface modifi ed with folic acid can enhance 
the NP uptake by human hepatoma cells. 

 The multilayers also can be assembled on the NPs before drug loading, and then 
different drugs can be loaded into the preformed multilayer-coated particles for dif-
ferent applications. In our recent work [ 116 ], BSA NPs with a size about 200 nm 
were coated with PAH/PSS multilayers, onto which a layer of PAH-g-PEG-COOH 
was further adsorbed. By carbodiimide chemistry, aptamer-AS1411 molecules were 
immobilized (Fig.  4.6 ). Aptamer-AS1411 can target to overexpressed nucleolin on 
cancer cell membrane [ 117 ,  118 ]. The PEGylated multilayer-coated BSA NPs have 
enhanced colloidal stability even in serum-containing medium [ 119 ]. DOX can be 
effectively loaded into the preformed BSA NPs through electrostatic interaction 
between negative charges in BSA and positive charges in DOX. The encapsulation 
effi ciency (98.6 %) and loading percentage (9 %) are both very high. The loaded 
drugs can be released faster at pH 5.5 than at pH 7.4. In vitro cell culture demon-
strates that the as-prepared BSA NPs can specifi cally bind to liver cancer cells, 
leading to higher cellular uptake and cytotoxicity.

  Fig. 4.6    Schematic illustration to show the preparation process of BSA nanoparticles coated with 
PAH/PSS multilayers and coupled with aptamer AS1411 (Reprinted with permission from Ref. 
[ 116 ]. Copyright 2012 by RSC)       
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4.3.3        Capsules Squeeze Through a Confi ned Capillary 

 Compared with their nanometer-sized counterparts, the LbL microcapsules can be 
fabricated in an easier way [ 120 ]. However, microcapsules are diffi cult for intrave-
nous injection. But in human blood, the circulation cells have a size of several 
microns. One example is red blood cell (RBC), which has extreme reversible 
deformability under physiological fl ow, so that it can easily pass through the small-
est blood capillary vessel (~3 μm). One can imagine that if the capsules have proper 
shape and fl exibility, they may easily squeeze through narrow capillary as natural 
RBC. This kind of capsules may have great potential applications as drug carriers. 
The deformability of polymeric microparticles (mainly hydrogel microparticles) 
with different shapes and sizes through a narrow constriction has been studied under 
fl ow conditions. For example, RBC-mimicking particles, which are fl exible enough 
to fl ow through narrow glass capillaries and able to recover to discoidal shape, have 
been successfully fabricated [ 121 ]. Hayashi et al. demonstrated that 3.5 μm bicon-
cave disk-shaped particles fabricated by electrospraying of cellulose derivative 
polymers can maintain RBC-like shape after fi ltrated through a membrane with a 
pore size of 1 μm [ 122 ]. Haghgooie et al. synthesized PEG hydrogel particles with 
different shapes including disks, rings, crosses, and S-shapes and demonstrated the 
modes of particles’ passage through poly(dimethyl siloxane) (PDMS) channels 
[ 123 ]. However, little is known about the deformation behaviors of multilayer 
microcapsules with a size similar to RBC under fl ow in a smaller microchannel 
[ 124 ], although the static deformation behaviors have been systematically studied 
under the press of a colloidal probe [ 125 ] or osmotic pressure [ 34 ,  35 ]. 

 Recently, the deformability of multilayer microcapsules under fl ow in a confi ned 
microchannel was studied in our lab (Fig.  4.7 ) [ 126 ]. The infl uences of capsule size, 
wall thickness, cross-linking, and the fi lling of PSS inside on the deformation and 
recovery behaviors of the capsules were systematically investigated. The recovery 
ability of capsules is dependent on the deformation extent but not mechanical 
strength. The squeezed hollow microcapsules can recover their original spherical 
shape when the deformation extent is smaller than 16 %, whereas permanent physi-
cal deformation takes place at a larger deformation extent such as 34 %. In a sharp 
contrast, all the intact capsules prefi lled with PSS can recover their original shape 
even when the deformation extent is as large as 47 %. The spontaneously loaded 
dyes can be well maintained after the deformation and recovery process. It is the 
fi rst time to disclose the alteration of drug amount in multilayer microcapsules after 
fl owing through a constriction.

   Furthermore, the RBC-like multilayer microcapsules also have been success-
fully fabricated by templating on Ca(OH) 2  particles with an RBC-like shape through 
covalent LbL method. The capsules can preserve their RBC-like morphology well 
in water after template removal. When the RBC-like capsules (6.7 μm) are trapped 
in a microcapillary with a smaller size (5 μm), they deform only in the areas in con-
tact with the capillary wall. After they are forced to pass through, 90 % of the RBC- 
like capsules recover their original discoidal shape. By assembling additional 
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hemoglobin layers on the RBC-like capsules, they can be endowed with oxygen- 
binding and release capacity [ 127 ]. 

 Yet this is only the fi rst step toward the fabrication of RBC-mimicking multilayer 
capsules. Nonetheless, the current results are important not only for understanding 
of capsule properties but also for their practical applications as drug delivery carri-
ers. For example, the capsules for injection application should have a smaller size, 
soft wall structure, and RBC-like shape, while those for embolization should have a 
stiff wall which can clog the blood vessels with higher effi ciency.  

4.3.4     Anisotropic Capsules Interact with Cells 

 As drug carriers, multilayer capsules should interact with different cells and may be 
internalized, which is of practical important for delivery of cargoes into cells. Thus 
their interactions with cells draw much attention recently. It is well known that the 
physicochemical properties of colloidal particles can strongly infl uence their inter-
actions with biological systems [ 128 ,  129 ]. Especially, the small differences on their 
physicochemical characteristics may strongly infl uence the interactions between 
particles and cells and further affect their cellular uptake, intracellular distribution, 
and ultimate cellular fate [ 130 ]. Recently, the shape of particles has been found to 
play a crucial role in the interactions between cells and particles and is regarded as 
a new important parameter for designing materials to realize specifi c biological 
functions [ 131 ,  132 ]. Smith and coworkers [ 133 ] demonstrated that the polystyrene 
particles with three shapes (spheres, prolate ellipsoids, and oblate ellipsoids) could 
manipulate different attachment and internalization of macrophages. Mitragotri and 

  Fig. 4.7    Scheme drawing to show the structure of the microchannel device by ( a )  top view  and ( b ) 
 side view . CLSM images of the 6.8 μm ( c ) and 8.6 μm ( d ) (PAH/PSS)5 microcapsules after being 
squeezed through the microchannel with a height of 5.7 μm. The former can recover its original 
spherical shape ( c ), while the latter keeps its deformed shape ( d ) (Adapted with permission from 
Ref. [ 126 ]. Copyright 2012, American Chemical Society)       
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coworkers [ 134 ] found that compared with rods, the spherical polystyrene particles 
with identical total volumes exhibited signifi cant perinuclear accumulation. When 
ovalbumin is used as a model antigen conjugated to particle surfaces, the regulation 
of immune response could be achieved by changing sizes and shapes of nanoparti-
cles. [ 135 ]. Moreover, in a model microvascular network, elongated particles exhib-
ited higher adhesion and binding probability than spheres [ 136 ,  137 ]. In an in vivo 
experiment, the hydrogel microparticles mimicking the shape of red blood cells 
could possess the increased blood circulation and enhanced adhesion ability [ 138 ]. 

 Polyelectrolyte multilayer microcapsules with tailored structures and properties 
have gained much interest in biomedical fi eld especially for drug loading and release 
[ 10 ,  91 – 99 ]. However, researches about the interactions between anisotropic poly-
electrolyte microcapsules and cells are rare [ 139 ,  140 ], and the mechanism of 
shape-induced difference in interactions between capsules and cells needs further 
investigation. For example, Caruso and coworkers [ 139 ] reported the fabrication of 
rod-shaped hydrogel capsules with tunable aspect ratios by a templating method. 
With increasing of the aspect ratios, slower and less cellular internalization of cap-
sules was observed. Kharlampieva and coworkers [ 140 ] obtained polymer capsules 
with hemispherical geometry by drying poly(N-vinyl pyrrolidone)/tannic acid 
(PVPON/TA)n multilayer capsules and found that compared with their spherical 
and cubic counterparts, the hemispherical capsules are taken up in a greater extent. 
However, the mechanism behind is not very clear. 

 More recently, bowl-like microcapsules were fabricated by osmotic-induced 
invagination of microcapsule in concentrated PSS solution [ 141 ]. Both the bowl- 
like and spherical capsules maintained their colloidal stability and shape in cell 
culture medium up to 7 days. The bowl-like microcapsules could be internalized 
with a faster rate and higher number by SMCs and macrophages than their spherical 
counterparts. Preferential attachment onto the cell membrane from the bend side 
and easier enwrapping by cell membranes are likely the major reasons enabling the 
uptake of the bowl-like capsules in priority than their spherical counterparts. Such 
results may help people to understand the role of capsule shape in the interaction 
with cells and provide useful guidance for further design of more effi cient carriers.   

4.4     Microcapsules as Growth Factor Carriers and Their 
Incorporation into Scaffold 

 Spatial- and temporal-controlled delivery of growth factors is crucial for the effi -
cient repair upon tissue injury or failure in tissue engineering. But delivery of 
growth factors to the site of tissue regeneration is challenging since these proteins 
have short half-lives, high molecular weight, and slow tissue penetration. Thus the 
generally used strategy to enhance in vivo effi cacy of growth factors is the use of 
growth factor-loaded delivery systems, which release growth factors in a controlled 
way. Due to the tailored structures, multiple functionalities, as well as controlled 
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permeability, the multilayer capsules are promising candidates as growth factor 
carriers. 

 Several methods have been successfully developed to load different growth fac-
tors into multilayer capsules. Akashi and coworkers fi rst developed biodegradable 
multilayer capsules to encapsulate basic fi broblast growth factor (bFGF) as a cyto-
kine release carrier [ 142 ]. The multilayer capsules were fabricated via the layer-by- 
layer (LbL) assembly of chitosan and dextran sulfate. The bFGF was encapsulated 
into the capsules by reversibly controlling the capsule permeability. At pH < 8.0, the 
capsule shell was non-permeable for macromolecules. However, FITC-dextran with 
a molecular weight as high as 250 kDa could easily penetrate the capsules at pH > 
8.0. Using the pH-controlled reversible shell permeability, bFGF was successfully 
encapsulated into the capsules. Release of the encapsulated bFGF was sustained 
over 70 h. Due to the local and sustained release of bFGF, mouse L929 fi broblast 
cells proliferated well for 2 weeks. Antipina and coworker used a coprecipitation- 
based layer-by-layer encapsulation method to load bFGF into the microcapsules 
[ 143 ]. In this method, bFGF was fi rst protected by heparin and bovine serum albu-
min and then coprecipitated into CaCO 3  microparticles. Low cytotoxic and biode-
gradable polyelectrolytes dextran sulfate and poly-L-arginine were used for capsule 
shell assembly on the CaCO 3  microparticles. The encapsulation effi ciency was 
greatly infl uenced by the shell thickness. Under optimized conditions, a maximum 
encapsulation effi ciency of 42 % could be achieved. The controlled release of FGF2 
from the microcapsules was helpful to enhance the proliferation of L929 cells. De 
Geest and coworkers introduced a postloading approach by engineering the cap-
sules in such a way that they acted as growth factor-binding “microsponges” [ 144 ]. 
In this method, CaCO 3  microparticles doped with heparin were fi rst fabricated by a 
coprecipitation method. Subsequently, these microparticles were coated with hepa-
rin/poly-L-arginine multilayers, followed by decomposition of the CaCO 3  core. In 
this way, hollow capsules were obtained with heparin both as membrane component 
and being suspended in their hollow void. Heparin is well known to have a high 
affi nity for several growth factors. Therefore the engineered microcapsules with 
high heparin content will enhance their growth factor-binding capacity. Transforming 
growth factor-beta 1 (TGF-beta 1) could be loaded and released from such kind of 
heparin-engineered microcapsules without affecting its biological activity. The 
growth factor-loaded multilayer capsules could be easily incorporated within a gela-
tin tissue engineering scaffold without affecting the properties of this scaffold. 

 Benkirane-Jessel and coworkers fi rst demonstrated that a hydrogel scaffold 
incorporated with the growth factor-loaded multilayer capsules could induce bone 
formation in vivo [ 145 ]. In this research, bone morphogenetic proteins (BMP 2 ) and 
TGF-beta 1 were assembled into the shell of biodegradable multilayer microcap-
sules. The stem cells were differentiated into bone cells when cocultured with 
growth factor-loaded multilayer capsules. More importantly, when such kind of 
capsules were integrated with alginate gel and implanted into mice, inducing bone 
formation in vivo was observed. The in vivo results demonstrate the promising 
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application potential of multilayer microcapsules as growth factor carriers in the 
fi eld of tissue engineering and regenerative medicine.  

4.5     Conclusions and Outlooks 

 The LbL assembly technique is a highly versatile and powerful platform for the 
fabrication of capsules with tailored structures and functions. They have already 
shown their great promise of applications in many areas, especially in the fi eld of 
controlled release. Recently, much attention has been paid on the multilayer cap-
sules assembled by new driving forces and those with highly sophisticated struc-
tures for biomedical applications, such as drug and growth factor carriers, as 
highlighted in this chapter. 

 Although the signifi cant advances have been made in this area, there are still 
some key obstacles which should be overcome. First, for the real practical applica-
tions of multilayer capsules, rapid, scalable, and effi cient new preparation methods 
should be developed. One recent example is the microcapsule preparation technique 
utilizing a fl uidized bed for the LbL assembly of polymers [ 146 ]. The properties of 
obtained microcapsules are in close agreement with conventionally prepared LbL 
capsules. The technique provides a new way to rapidly generate microcapsules, 
while being also amenable to scale-up and mass production. Furthermore, a fully 
fl ow-based technique using tangential fl ow fi ltration (TFF) for LbL assembly on 
particles was developed. [ 147 ]. Multilayered particles and capsules with size rang-
ing from micrometers to submicrometers can be assembled on different templates 
using diverse polymers. The well-controlled, integrated, and automatable nature of 
the TFF LbL system provides signifi cant progress of the practical applications of 
LbL systems. Second, the in vivo behaviors of LbL capsules such as degradation 
and toxicity are largely unexplored. For intravenous injection, the LbL capsules are 
required to circulate in the bloodstream and have good hemocompatibility. Several 
recent researches have shown that coating of blood-compatible multilayers on the 
ultrasmall (~20 nm) [ 148 ,  149 ] and submicron (~500 nm) [ 150 ] particles is benefi -
cial to obtain injectable capsule drug delivery systems. Therefore, particles with a 
submicron size are attractive for preparation of LbL capsules, which may accumu-
late in cancerous tissues through EPR effect. 

 The LbL capsules with tailed structures and functions can be loaded with both 
drugs and imaging agents within a single system to form theranostic carriers, which 
can selectively accumulate in diseased tissues and simultaneously report their bio-
chemical and morphological characteristics. At the same time, the synergistic carri-
ers which carry chemo-, radio-, and gene therapeutics can enhance the treatment 
effi cacy [ 151 ,  152 ]. 

 For successful tissue regeneration, it is extremely important to provide cells with 
a local environment using biomaterials which enable them to proliferate and differ-
entiate effi ciently and correctly, resulting in cell-induced tissue regeneration. For 
this purpose, capsules or spheres can be integrated into different scaffolds to provide 
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for prolonged, site-specifi c delivery of loaded growth factors, drugs, as well as other 
bioactive species. The capsules should be well designed with properly controlled 
release profi le as well as surface properties, so that they can act as an integral part of 
the porous three-dimensional scaffolds, and their incorporation does not  signifi cantly 
affect the scaffold properties but can release their cargoes to meet the needs of cells. 

 The researches and applications of LbL multilayer capsules are highly multidis-
ciplinary. With the efforts afforded by the experts from fi elds of chemistry, materials 
science, mechanical engineering, biology, and so on, the abovementioned obstacles 
will be overcome sooner or later, and more achievements in this fi eld can be expected 
in the future.     
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    Chapter 5   
 Interactions of Biomaterial Surfaces 
with Proteins and Cells                     

     Zhonglin     Lyu    ,     Qian     Yu    , and     Hong     Chen    

       The interactions of material surfaces with proteins and cells play a vital role in vari-
ous biological phenomena and determine the ultimate biofunctionality of a given 
material in contact with a given biological environment [ 1 ]. The effects of surface 
topography and roughness (especially at the nanometer scale) on protein and cell 
behavior have attracted increasing attention since topographic features may have 
dimensions similar to those of proteins and cell membrane receptors [ 2 ,  3 ]. For 
example, gold nanoparticle layers (GNPLs) consist of nanoparticle aggregates with 
a distribution of sizes and three-dimensional micro- and nano-sized porous struc-
tures [ 4 – 9 ]. GNPLs hold great promise in biomedical applications, for example, 
biosensors and tissue engineering, due to their large surface-to-volume ratio, effi -
cient electron transfer, good stability, and high loading capacity [ 7 ,  10 ,  11 ]. 
Formation of GNPL on material surfaces is usually achieved by reduction of tetra-
chloroauric (III) acid either through surface-bonded reducing groups or reducing 
agents [ 4 ,  5 ,  10 ,  12 ]. For example, Zhang and coworkers used the Si-H reducing 
group in the residual curing agent (silicone resin solution) in poly(dimethylsiloxane) 
(PDMS) matrix to reduce HAuCl 4  in the preparation of a PDMS-gold nanoparticle 
composite fi lm. Wang and coworkers have also reported a method for fabricating 
PDMS-GNPs fi lms [ 10 ]. In another report, chitosan, used as a reducing and stabiliz-
ing agent, was coated on PDMS; the coated PDMS was then immersed in HAuCl 4  
solution to form a layer of GNPs [ 12 ]. In our research, stable GNPL were prepared 
on a variety of materials via a facile and low-cost glucose reduction method [ 4 ,  5 ]. 
The applications of GNPL for control of protein adsorption and regulation of cell 
behavior are discussed in the following sections. 
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5.1     Control of Protein Adsorption 

 The interaction of biomaterials with proteins is of crucial importance in various 
applications including biochips [ 13 ], biosensors [ 14 ], medical device coatings [ 15 ], 
and drug delivery [ 16 ]. Controlling the adsorption of proteins (e.g., antibodies, 
enzymes) on material surfaces and conserving their activity are essential in the 
design of functional surfaces [ 17 ]. In this section, protein adsorption on GNPL- 
modifi ed enzyme-linked immunosorbent assay (ELISA) plates is discussed in 
detail. The combined effects of the micro-/nano-structures of the GNPL and the 
chemistry of polymer brushes grafted on GNPL on protein adsorption are high-
lighted in this discussion. 

5.1.1     Protein Adsorption on GNPL-Modifi ed ELISA Plates 

 ELISA is widely used in clinical diagnosis due to its relative simplicity, low cost, 
and high sensitivity [ 18 ,  19 ]. A major limitation is low binding affi nity of antigens 
and antibodies; in addition, the accessibility of adsorbed proteins on a standard 
“two-dimensional” microplate surface for the recognition and binding of antigens 
and antibodies may be limited [ 20 ]. To improve accessibility and sensitivity, we 
have investigated modifi cation of ELISA plates with GNPL to give surfaces that 
may be described as “three dimensional” [ 4 ]. 

 GNPL exhibits three-dimensional porous structures that are composed of gold 
nanoparticle aggregates with thickness in the micrometer range. By adjusting the 
volume of the plating solution in the wells, a series of GNPLs with different poros-
ity rates were obtained. With increasing solution volume, the micro- and nano-sized 
porous structures became more densely aggregated and the porosity value decreased 
gradually (Fig.  5.1 ) [ 4 ]. It was found that the quantity of proteins (lysozyme (LYZ), 
human serum albumin (HSA), and fi brinogen (Fg), used as model proteins of differ-
ent size) adsorbed on GNPL-modifi ed ELISA plates increased signifi cantly with 
increasing solution volume; e.g., for GNPL prepared with the highest solution vol-
ume, the adsorbed quantities of LYZ, HSA, and Fg were, respectively, 2.76-, 2.34-, 
and 3.26-fold higher than on the unmodifi ed plate. Moreover, due to the micro- and 
nano-structures of the GNPL, the activity of LYZ absorbed on GNPL was found to 
be at least 2.65-fold higher than on the unmodifi ed plate. The GNPL-modifi ed plate 
was shown to amplify the ELISA signals for carcinoembryonic antigen (CEA) and 
antithrombin (AT) and to increase the limits of detection (LOD) of these antigens 
signifi cantly. Useful ELISA signals were obtained on GNPL-modifi ed plates when 
the quantity of CEA was above 2 ng/well; in contrast, no useful signal was obtained 
on the pristine high-binding ELISA plate even for quantities greater than 10 ng/
well. The LOD for AT in buffer solution with GNPL-modifi ed plate was two orders 
of magnitude lower than for the unmodifi ed plate.

Z. Lyu et al.



105

  F
ig

. 5
.1

  
  C

ha
ra

ct
er

iz
at

io
n 

of
 u

nm
od

ifi 
ed

 (
co

nt
ro

l)
 a

nd
 G

N
PL

-m
od

ifi 
ed

 E
L

IS
A

 p
la

te
s.

 T
he

 v
ol

um
es

 o
f 

pl
at

in
g 

so
lu

tio
n 

fo
r 

G
N

PL
 a

-e
 w

er
e 

50
, 1

00
, 1

50
, 2

00
, 

an
d 

25
0 

μL
, r

es
pe

ct
iv

el
y.

  a
1 –

 e1
  a

re
 v

is
ib

le
 li

gh
t m

ic
ro

gr
ap

hs
 (

ba
r:

 1
00

 μ
m

);
  a

2 –
 e2

  a
re

 fi 
el

d 
em

is
si

on
 s

ca
nn

in
g 

el
ec

tr
on

 m
ic

ro
sc

op
y 

(F
E

SE
M

) 
im

ag
es

 (
 ba

r :
 1

0 
μm

);
  a

3 –
 e3

  a
re

 h
ig

h-
m

ag
ni

fi c
at

io
n 

FE
SE

M
 im

ag
es

 (
 ba

r :
 1

00
 n

m
);

 th
e 

nu
m

be
rs

 u
nd

er
 th

e 
co

lu
m

ns
 a

re
 th

e 
re

sp
ec

tiv
e 

po
ro

si
ty

 v
al

ue
s 

fo
r 

G
N

PL
  a

 – e
  (

R
ep

ri
nt

ed
 

fr
om

 R
ef

. [
 4 ]

 w
ith

 p
er

m
is

si
on

. C
op

yr
ig

ht
 2

01
1 

A
m

er
ic

an
 C

he
m

ic
al

 S
oc

ie
ty

)       

 

5 Interactions of Biomaterial Surfaces with Proteins and Cells



106

   To overcome the limitation of indirect ELISA to selectively bind a specifi c target 
from a multi-protein fl uid such as serum or plasma, we proposed a GNPL-based 
ELISA in sandwich format [ 5 ]. Sandwich ELISA is widely used in various com-
mercially available kits. In “traditional” sandwich ELISA, the captured (adsorbed) 
antibody (Ab) binds to the ELISA plate by physical adsorption, resulting in random 
orientation of the Ab molecules and thus in decreased performance. We hypothe-
sized that an optimum orientation of Ab on the ELISA plate by covalent attachment 
might improve performance [ 21 ]. Accordingly we immobilized goat anti-rabbit IgG 
(IgG-alkaline phosphatase (ALP)) on GNPL using 1-ethyl-3-(3- 
dimethylaminopropyl) carbodiimide hydrochloride (EDC)/N-hydroxysuccinimide 
(NHS) conjugation chemistry. We showed that the activity of IgG covalently immo-
bilized on the GNPL plate was 61 % higher than that of IgG physically adsorbed on 
the unmodifi ed plate. 

 This result may be attributed, in part, to the improved binding effi ciency of the 
GNPL-modifi ed, compared to the unmodifi ed, ELISA plate; more importantly, the 
GNPL-modifi ed plate may favor an Ab orientation that facilitates the binding of the 
IgG substrate to the enzyme. The GNPL-modifi ed ELISA plate showed a lower 
LOD and higher sensitivity for rabbit IgG in buffer and CEA in plasma. For IgG in 
buffer, the detection limit of the GNPL-modifi ed ELISA was 0.0512 ng/mL, two 
orders of magnitude lower than that of the unmodifi ed plate (1.28 ng/mL). For CEA 
in plasma, the GNPL-modifi ed plate gave a stronger ELISA signal than the unmodi-
fi ed, high-binding ELISA plate as indicated by the deeper color. This was especially 
true for CEA concentrations greater than 8 ng/mL. The LOD for the GNPL-modifi ed 
ELISA plate was 2 ng/mL compared to 4 ng/mL for a typical commercial ELISA 
kit (Linc-Bio Co.).  

5.1.2     Controlling Protein Adsorption on GNPL Modifi ed 
with Hydrophilic Polymer Brushes 

 Surfaces with micro-/nano-structures adsorb greater quantities of protein than 
smooth surfaces on a nominal area basis. On the other hand, surfaces modifi ed with 
hydrophilic polymers such as poly[oligo(ethylene glycol) methacrylate] (POEGMA) 
tend to resist nonspecifi c protein adsorption [ 6 ,  8 ]. It was of interest, therefore, to 
investigate the combined effects of micro-/nano-structures and hydrophilic poly-
mers on protein adsorption. GNPL were modifi ed with POEGMA by surface- 
initiated atom transfer radical polymerization (SI-ATRP) [ 6 ,  8 ]. Protein adsorption 
was measured using radiolabeled protein. It was found for human serum albumin 
(HSA, one of the most abundant proteins in the body) that adsorption on the GNPL 
surface was about 5.8-fold higher than on smooth Au (sAu) (Fig.  5.2 ). After modi-
fi cation with POEGMA, adsorption was reduced by about 97 %. Adsorption on 
GNPL-POEGMA and sAu-POEGMA was similar (Fig.  5.2 ) indicating the strong 
protein resistance of POEGMA.
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5.2         Regulation of Cell Behavior 

 It has been demonstrated that the surfaces on which cells reside and interact in vivo 
are rough and are composed of diverse three-dimensional micro-/nano-structures 
which are essential in maintaining cellular functions [ 22 ]. For example, extracellu-
lar matrix (ECM) and the inner surfaces of blood vessels are rough, with topo-
graphical features that affect protein adsorption and cellular responses [ 23 ,  24 ]. 
Lensen et al. found that poly(ethylene glycol) (PEG) hydrogel surfaces, which are 
intrinsically cell repellent, support the growth of L929 cells after introducing 
micro-/nano-topographical features in the surface [ 25 ]. Nano-topography has been 
shown to regulate the properties and behavior of human embryonic stem cells 
(hESCs), including cell morphology, adhesion, proliferation, and self-renewal [ 24 ]. 
Cardiovascular stents with micro-/nano-topographical surfaces were also found to 
endothelialize more effectively than those with smooth surfaces [ 26 ]. Also nano- 
structured surfaces modifi ed with cell-specifi c ligands were signifi cantly more effi -
cient in the capture and isolation of circulating tumor cells [ 27 ,  28 ]. 

  Fig. 5.2    The adsorption of 
1mg/mL HSA measured 
using  125 I radiolabeling 
method, as expressed in 
( A ) nanograms/disc or ( B ) 
nanograms/cm 2 . (Data are 
means ± SD ( n  = 3)) 
(Reprinted from Ref. [ 8 ] 
with permission. Copyright 
2012 American Chemical 
Society)       
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5.2.1     Maintaining the Pluripotency of ESCs on GNPLs 
with Nanoscale Surface Roughness 

 The infl uence of surface nanoscale features on the function of ESCs is attracting 
increasing attention because the features resemble those of the natural ECM where 
cells reside and interact [ 29 ]. Using photolithography Chen and coworkers prepared 
glass substrates with patterned surface roughness features of 70 and 150 nm and 
investigated the behavior of hESCs on these surfaces. They found that smooth glass 
was conducive to maintaining the self-renewal and pluripotency of hESCs in long- 
term culture; in contrast, the nanorough surfaces promoted spontaneous differentia-
tion and loss of pluripotency [ 24 ]. In general, however, the infl uence of sub-microscale 
and microscale roughness on the maintenance of ESC pluripotency has not been 
much explored and remains unclear. 

 To address this question, we investigated the infl uence of surface roughness from 
nano- to submicro- to micro-scale on the maintenance of mouse ESC (mESC) plu-
ripotency in long-term culture under feeder-free conditions [ 7 ]. GNPLs with nano-, 
sub-micro-, and micro-scale roughness were prepared by adjusting the volume of 
the gold plating solution (designated GL-1, GL-2, GL-3, GL-4, and GL-5 with 
increasing surface roughness). Undifferentiated ESCs can express the Oct-4 gene, 
which is essential for maintaining the cells in the undifferentiated state. Decreases 
in Oct-4 immunoreactivity signify cell differentiation. The majority of mESCs 
seeded on sAu, GL-1, and GL-2, whose surface roughness is less than 392 nm, 
retained their “stemness” after culture for 3 and 7 days, as shown by expression of 
the Oct-4 gene (Fig.  5.3a ). In contrast, the pluripotency of cells cultured on GL-3, 
GL-4, and GL-5, with surface roughness greater than 573 nm, decreased from day 
3; loss of pluripotency was greater after 7 days, particularly on microrough GL-5 
(Fig.  5.3b ). These results are consistent with data from quantitative polymerase 
chain reaction (qPCR) analysis of Oct-4 expression: no signifi cant loss of Oct-4 
gene expression was observed in cells grown on nanorough GL-1 (~84 %) com-
pared with those on sAu. In contrast, Oct-4 gene expression decreased strongly on 
GL-3 (~73 %) and GL-5 (~52 %), with roughness greater than 573 nm. In sum these 
results show that sAu and GNPLs with low sub-microscale roughness (Rq less than 
392 nm) supported very well the long-term pluripotency of mESC. However, 
GNPLs with sub-microscale surface roughness (Rq) greater than 573 nm and 
microscale surface roughness of 1,205 nm decreased the pluripotency of the cells 
and accelerated their spontaneous differentiation, especially on microrough GNPL.

   The signaling cascades engaged in topological sensing by mESCs were investi-
gated by analyzing the expression of proteins related to E-cadherin-mediated cell- 
cell adhesion and the formation of integrin-mediated focal adhesions (FAs). It was 
found that mESCs cultured on sAu and nanorough GNPL (Rq, 106 nm) tended to 
form larger colonies with cells tightly connected with each other than cells on 
microrough GNPL. Also the cells maintained much stronger expression of 
E-cadherin than cells on microrough GNPL. In contrast, the ability of the cells cul-
tured on microrough GNPL to form colonies was signifi cantly decreased, and cells 
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were distributed randomly with much weaker expression of E-cadherin (Fig.  5.4a, 
b ). In addition, β-catenin was expressed exclusively in cells cultured on sAu and 
nanorough GNPLs, indicating the presence of strong adherens junctions that sup-
port E-cadherin-mediated cell-cell adhesions in mESC colonies. In comparison, the 
cells cultured on microrough GNPL showed much weaker expression of β-catenin 
(Fig.  5.4c ). In focal adhesion (FA) analysis, mESCs exhibited much stronger expres-
sion of vinculin (a FA protein) on sAu and nanorough GNPL than on microrough 
GNPL. These results suggest that nanorough GNPL is conducive to the formation 

  Fig. 5.3    Immunofl uorescence images of mESCs cultured for 3 and 7 days on various surfaces. 
The cells were co-stained for Oct-4 ( red ) and nuclei (DAPI;  blue ). Undifferentiated mESCs were 
positively immuno-labeled for Oct-4 and were stained  red . DAPI ( blue  counterstain) labels all cells 
in the population; therefore, differentiated cell types appear  blue . ( a )  Au ,  GL-1 , and  GL-2 ; ( b )  GL- 
3 ,  GL-4 , and  GL-5. Bar , 100 μm (Reprinted from Ref. [ 7 ] with permission. Copyright 2014 Royal 
Society of Chemistry)       
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of FAs in mESCs, while microrough GNPL strongly inhibits FA formation, possibly 
resulting in faster spontaneous differentiation of the mESCs.

5.2.2        Controlling Cell Behavior on GNPL Grafted 
with Protein-Resistant Polymers 

 Despite much effort devoted to the investigation of the interactions between topog-
raphy and cell behavior, cellular responses to topography are not well understood 
and results are contradictory in different experimental systems [ 30 ]. Many studies 
have shown that topographical surfaces increase cell adhesion and cell proliferation 
by affecting the distribution of ECM proteins adsorbed from the cell culture medium 
[ 31 ,  32 ] and by increasing protein adsorption [ 33 ]. Others believe that cellular 
responses do not rely only on the cell adhesion proteins or ligands in the local envi-
ronment, that the topographical structure of the surface itself is important, and that 

  Fig. 5.4    Immunofl uorescence images of mESCs on smooth Au and GNPLs with nanoscale and 
microscale surface roughness after culture for 3 days. ( a ) Cells co-stained for nuclei ( DAPI ,  blue ) 
and E-cadherin ( red ); ( b ) cells co-stained for cytoskeleton (phalloidin,  green ) and E-cadherin 
( red ); ( c ) cells co-stained for nuclei ( DAPI ,  blue ) and  β-catenin  ( red ).  Bar , 50 μm (Reprinted from 
Ref. [ 7 ] with permission. Copyright 2014 Royal Society of Chemistry)       
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protein adsorption alone does not determine cell behavior. For example, on a sur-
face patterned with grooves overlaid with an orthogonal fi bronectin pattern, osteo-
blasts were aligned predominantly with the grooves, regardless of the distribution of 
fi bronectin (Fn), implying that the topography infl uenced the cell behavior indepen-
dently of protein adsorption [ 34 ]. Dalby and coworkers showed that cell adhesion 
was quite different on 10 nm and 50 nm nanoscale islands on poly(n-butyl methac-
rylate)/poly(styrene) blend fi lms [ 35 ]. 

 To investigate the role of surface topology independent of other factors on cell 
behavior, we modifi ed GNPL with POEGMA using SI-ATRP to obtain a topologi-
cal surface having minimal protein adsorption [ 8 ]. Cell adhesion experiments were 
carried out using two cell types, human L02 hepatocytes and human hepatocellular 
carcinoma BEL-7402 cells. The cell density on GNPL was higher than on sAu, and 
after modifi cation with POEGMA cell adhesion was reduced on both surfaces. 
However, whereas cell adhesion was greatly decreased on sAu, it was reduced by 
only ~50 % for GNPL-POEGMA, and the density on GNPL-POEGMA was an 
order of magnitude higher than on sAu-POEGMA. L02 and BEL-7402 adhesion on 
sAu-POEGMA was lower by 92.8 % and 97.7 %, respectively, compared to sAu. 
For GNPL-POEGMA surface, the decrease in adhesion compared to GNPL was 
only 51.5 % for L02 and 38.4 % for BEL-7402 cells. These data showed that surface 
topography is an important determinant of cell adhesion on protein-resistant 
POEGMA surfaces. 

 The combined effects of topography and protein resistance on cell-surface inter-
actions were also investigated. Cell spreading was evaluated using fl uorescent stain-
ing with Alexa Fluor 488 phalloidin (Fig.  5.5a, c ). Spreading occurred on the sAu 
and GNPL surfaces. On the POEGMA-modifi ed surfaces, cell spreading appeared 
to be constrained to some extent based on the spherical shape of the cells. However, 
spreading was quite different on the GNPL-POEGMA and sAu-POEGMA surfaces, 
as shown in the confocal microscopy images (Fig.  5.5  insets). Cells on GNPL- 
POEGMA showed small lamelipodia and short cell fi lopodia (Fig.  5.5 a4, c4), 
whereas cells on sAu-POEGMA did not (Fig.  5.5 a2, c2). Similar trends were found 
in SEM images (Fig.  5.5b, d ). These results demonstrate that although cell spread-
ing on protein-resistant surfaces was constrained, presumably because of the lack of 
adsorbed proteins, the cells on topographical surfaces were more fi rmly attached 
compared to those on smooth surfaces. In general, it was concluded that topography 
is more important than protein-resistant polymers for cell adhesion on a protein- 
resistant surface.
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5.2.3        Controlling Cell Behavior on GNPL Modifi ed with Cell- 
Binding Ligands 

 As well as surface topography, surface chemical modifi cation has been shown to be 
effective in regulating cell behavior [ 36 ,  37 ]. To promote specifi c interactions 
between cells and material surfaces, cell-binding ligands such as arginine-glycine- 
aspartic acid (RGD) peptide have often been used [ 38 ,  39 ]. However, nonspecifi c 
adsorption of serum proteins can interfere with specifi c cell-ligand interactions. To 
avoid nonspecifi c adsorption of serum proteins, Causa and coworkers investigated 
cell-specifi c interactions with surfaces in serum-free medium [ 39 ]. However, serum 
contains many proteins and hormones that are vital for the maintenance of cell func-
tion. Therefore studies under serum-free conditions cannot accurately refl ect cell- 
specifi c interactions. To address this issue, we used protein-resistant polymer 
brushes (POEGMA) to modify GNPL via SI-ATRP and further modifi ed the 
POEGMA with glycine-arginine-glycine-aspartic acid-tyrosine (GRGDY) peptide, 
a typical ligand that binds integrins and triggers specifi c cell responses [ 6 ]. It was 
found that the cell density on sAu was signifi cantly higher than on GNPL (Fig.  5.6 ), 

  Fig. 5.5    Fluorescence and SEM images of L02 and BEL-7402 cells on different surfaces. Spread 
cells on the GNPL surface are indicated by  red ovals  in B3 and D3. The  scale bar  in all images is 
50 μm. The shape and fi lopodia of the cells on POEGMA-modifi ed surfaces were observed by 
confocal microscopy and are shown as  insets  in  A2 ,  A4 ,  C2 , and  C4  (scale bar 10 μm) (Reprinted 
from Ref. 8 with permission. Copyright 2012 American Chemical Society)       
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suggesting that L929 fi broblasts prefer to adhere and proliferate on smooth surfaces. 
This observation is consistent with previously reported research [ 40 ]. We specu-
lated that GNPL surface alters the native conformations of the adsorbed cell- 
adhesive proteins [ 41 ], thereby resulting in poor recognition and binding between 
the membrane integrins of L929 and those proteins. Hence, it is diffi cult for L929 
cells to form mature focal adhesions on GNPL surfaces thereby further hindering 
cell adhesion, spreading, and proliferation.

   The cell densities on all of the surfaces modifi ed with POEGMA were signifi -
cantly reduced and most adherent cells did not spread. A few cells aggregated to 
form small clusters, indicating that the surfaces were unfavorable for cell adhesion. 
However, after modifi cation with GRGDY peptide, the cellular responses were 
totally reversed. The specifi c binding between cells and GRGDY greatly improved 
cell adhesion (Fig.  5.6 ). Cell densities on the GNPL-POEGMA-GRGDY surface 
were at least 131 ± 13 cells/mm 2  at 120 h. This value was much higher than on the 
unmodifi ed and POEGMA-modifi ed GNPLs and even higher than on sAu after the 
same treatment. Thus, it appeared that although the increased surface roughness 
was unfavorable for the adhesion of L929 cells, the much higher surface-to-volume 
ratio of the GNPL surface resulted in a higher density of surface immobilized mol-
ecules, and the enhanced specifi c interactions between cells and GRGDY peptides 
counteracted the negative effect of the roughness, resulting in improved cell adhe-
sion and proliferation. 

 The cell density on GNPL with lower surface roughness (GNPL (a)) was higher 
than on the two GNPLs with higher surface roughness (GNPL (c) and GNPL (b); 

  Fig. 5.6    Regulating the behavior of L929 fi broblasts on GNPL modifi ed with POEGMA and cell- 
binding ligand GRGDY (Reprinted from Ref. [ 6 ] with permission. Copyright 2012 Wiley-VCH)       
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roughness: GNPL (c) > GNPL (b)), and it was the only GNPL that supported cell 
growth. It appears that surface roughness and cell-specifi c binding, having opposite 
effects, reached an optimal balance on GNPL (a). The densities of GRGDY peptide 
on GNPL (b) and (c) were higher than on GNPL (a) due to their higher surface-to- 
volume ratios. However, according to a study reported by Mann and West, a very 
high density of cell-binding ligands immobilized on surfaces is unfavorable for the 
proliferation of certain mesenchymal-derived cell types [ 42 ]. A similar phenome-
non was observed by Bellis and coworkers [ 43 ,  44 ]. In our work [ 6 ], although the 
cell density on sAu-POEGMA-GRGDY surface also increased to 83 ± 8 cells/mm 2 , 
it was still lower than on unmodifi ed Au surface (310 ± 25 mm 2 ) (Fig.  5.6 ). This 
could be due to lower specifi c binding on the modifi ed sAu surface compared to the 
modifi ed GNPL surface; in addition, the POEGMA spacer reduced the adsorption 
of serum proteins including that of cell-adhesive proteins such as Fn.  

5.2.4     Capture of Circulating Cancer Cells Using Aptamer- 
Modifi ed GNPL 

 The measurement and analysis of circulating tumor cells (CTCs) can be regarded as 
a “liquid biopsy” of the tumor, providing insight into tumor biology in the critical 
window where intervention could actually make a difference [ 45 ]. However, CTCs 
are present in extremely low numbers in the bloodstream: typically one CTC cell 
per 10 5 –10 7  normal blood cells [ 46 ]. Therefore enrichment of CTCs is a prerequisite 
for CTC analysis. Over the past few decades, a diverse suite of technologies have 
been developed for isolating and counting CTCs in patient blood samples [ 47 ,  48 ]. 
The known enhancement of cell-surface interactions, including cell adhesion, by 
micro-/nano-structuring can [ 49 ] be exploited for the enrichment and separation of 
CTCs. Aptamers (APTs), which may be considered as nucleic acid forms of tradi-
tional antibodies, can be designed to have specifi c affi nity for given cell types. 
Moreover, APTs have been designed as effi cient diagnostic probes for tumors both 
in vitro and in vivo [ 50 ]. Based on this knowledge, we modifi ed GNPLs, fi rst with 
POEGMA as an antifouling spacer using SI-ATRP; TD05 APT with high specifi c 
affi nity for Ramos cells was then linked to the terminal hydroxyl groups of 
POEGMA by N,N’-disuccinimidyl carbonate (DSC) activation to give 
Au-POEGMA-APT and GNPL-POEGMA-APT surfaces. The B leukemia CTC 
cell, Ramos cell, was selected as a target to study the selective capture ability of 
cell-specifi c APT-modifi ed GNPLs of varying surface roughness (designated 
GNPL1, GNPL2, and GNPL3 with increasing surface roughness) in cell mixtures 
containing Ramos and CEM cells (CL1014, T cell line, human ALL) under serum- 
containing cell culture conditions [ 9 ]. 

 The number of Ramos cells on the APT-modifi ed GNPL surfaces increased with 
increasing surface roughness while the CEM cell number decreased, albeit slowly. 
The density of Ramos cells on the sAu, GNPL1, GNPL2, and GNPL3 surfaces 
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were, respectively, 1.3-, 1.9-, 1.9-, and 2.2-fold greater than those of CEM cells. In 
contrast, after aptamer modifi cation, the proportion of Ramos cells increased sig-
nifi cantly with increasing surface roughness, with densities on the sAu, GNPL1, 
GNPL2, and GNPL3 surfaces, respectively, 2.2-, 2.8-, 3.0-, and 2.7-fold greater 
than those of CEM cells. We concluded that in serum-containing conditions, the 
roughness of the GNPLs enhanced the selectivity of the APT for Ramos cells. 
However, compared with serum-free conditions, the selectivity was still much 
weaker. 

 Serum is a highly complex fl uid that contains many types of proteins which 
adsorb to surfaces nonspecifi cally and may “hide” the surface-immobilized APT to 
some extent, thereby further inhibiting the binding of cell receptors to the immobi-
lized APT. This effect may be responsible, in large part, for the observed decrease 
in selectivity in serum compared to buffer. To improve the Ramos selectivity of the 
APT-modifi ed surfaces in serum-containing conditions, we introduced POEGMA 
as a protein-resistant element. After POEGMA modifi cation, the numbers of cells 
on Au-POEGMA and GNPL(1–3)-POEGMA were signifi cantly reduced compared 
to the unmodifi ed surfaces in serum-containing conditions. In addition, there was no 
observable difference in the numbers of Ramos and CEM cells. With the introduc-
tion of APT on the POEGMA, the density of Ramos cells increased signifi cantly, 
whereas the density of CEM cells did not change. The density of Ramos cells on the 
four (sAu, GNPL1, GNPL2, and GNPL3) POEGMA surfaces modifi ed with APT 
were, respectively, 0.9-, 1.5-, 3.5-, and 6.6-fold greater than those of CEM (Fig. 
 5.7 ).

  Fig. 5.7    Selective capture of Ramos cells in serum-containing conditions on GNPL surface modi-
fi ed with POEGMA and APT (Reprinted from Ref. [ 9 ] with permission. Copyright 2013 American 
Chemical Society)       
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5.2.5        Macromolecular Delivery to Cells Using GNPL 
via the Photoporation Effect 

 Gold nanoparticle (GNP)-mediated photoporation has garnered increasing attention 
as a promising approach for macromolecular delivery to living cells [ 51 ,  52 ]. When 
exposed to laser light of particular wavelengths, the membrane-associated GNPs 
convert the absorbed laser energy into heat, leading to increased membrane perme-
ability and the transport of normally cell-impermeable macromolecules directly 
into the cytosol [ 53 ]. Additionally, by tuning the laser energy, the size of the pores 
created in the cell membrane by the GNPs can be varied, allowing control of the 
quantity and size of the molecules delivered [ 54 ]. Compared with traditional photo-
poration, in which cell membrane permeability is achieved by focusing high- 
intensity femtosecond (fs) laser pulses onto individual cells, GNP-mediated 
photoporation can be achieved at a lower laser energy with unfocused laser light 
that can irradiate a large number of cells, leading to greatly increased throughput 
[ 51 ]. Moreover, GNPs have superior chemical and biological properties including 
easy surface modifi cation for molecular attachment and improved biocompatibility. 
Although effective, this method relies on complex and expensive equipment to gen-
erate laser light in short pulses [ 54 ]. Moreover, concerns remain because the extreme 
heating of the GNPs during irradiation may cause them to distort and fragment, 
resulting in high cytotoxicity [ 55 ,  56 ]. To solve these problems, we developed a new 
platform for macromolecular delivery that retains the photothermal properties of 
GNPs while avoiding the side effects caused by their entry into the cells. Instead of 
free GNPs, we used GNPLs as the photoporation “reagent.” GNPLs, composed of 
numerous GNPs with nano- and micro-topography, provide multiple sites for con-
tact between cell membranes and the GNPs. We therefore hypothesized that GNPLs 

  Fig. 5.8    A novel platform 
for macromolecular 
delivery into cells using 
gold nanoparticle layers 
via the photoporation 
effect       
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may serve as a novel and versatile macromolecular delivery platform upon irradia-
tion with continuous-wave (CW) laser light (Fig.  5.8 ) [ 57 ].

   We fi rst tried delivery of dextran to cells using this approach. Tetramethylrhodamine 
isothiocyanate (TRITC)-labeled dextran (red fl uorescence), with a molecular weight 
of 4.4 kDa, was used as a model macromolecule and HeLa cells as model cells. It 
was found that without laser irradiation, dextran did not enter the cells effi ciently; 
no red fl uorescence was observed. Strong red fl uorescence began to be observed at 
3.2 W·cm −2 /45 s, and the fl uorescence intensity increased further at 5.1 W·cm −2 /30 
s. Decrease in irradiation time to 20 s at 5.1 W·cm −2  failed to give high fl uorescence 
intensity. The delivery effi ciency in presence of sAu under those conditions was 
much lower. To further demonstrate the effi cient delivery of TRITC-dextran to 
HeLa cells, we obtained confocal microscopy images using the Z-stack mode to 
view the distribution of TRITC-dextran. Scans were taken from top to bottom of the 
cell membrane. The images indicated that macromolecules entered the interior of 
the cells and were not merely attached to the cell membrane. Moreover, cell viabil-
ity experiments demonstrated that vitality was maintained under these conditions. 

 Plasmid DNA (pDNA) is a commonly used gene carrier and its effi cient delivery 
to living cells is essential for gene therapy. However, due to its large size and the 
necessity for transport into the nucleus, transfection is more diffi cult with pDNA 
than with dextran or RNA. In our work, the applicability of GNPL-laser irradiation 
for the delivery of pDNA encoding green fl uorescent protein (GFP), a widely used 
pDNA model that can easily transfect HeLa cells, was assessed. Lipofectamine 
2000 (Lipo2000) complexed with pDNA was used as a standard cell transfection 
agent (positive control) because Lipo2000 is a widely used, commercially available 
transfection reagent for delivery of pDNA and RNA into cells [ 58 ]. It was found that 
under irradiation conditions 3.2 W·cm −2 /45 s and 5.1 W·cm −2 /30 s, virtually 100 % 
of the HeLa cells gave a green fl uorescence signal, suggesting the successful deliv-
ery and expression of pDNA in the cells. These results are in line with data from 
fl ow cytometry. Compared with 3.2 W·cm −2 /45 s, the transfection effi ciency at 5.1 
W·cm −2 /30 s was signifi cantly higher; the cells showed stronger green fl uorescence, 
similar to that obtained using Lipo2000. These results show that under laser irradia-
tion, our platform based on GNPLs achieved direct and effi cient delivery of pDNA 
to HeLa cells without compromising cell viability. Moreover, the transfection effi -
ciency of this vector-free system was comparable to that of Lipo2000. 

 Gene delivery to different cell types has resulted in advances in the understand-
ing of gene function and the development of genetic therapies. Although Lipo2000 
is effective for the transfection of many cell types, it is ineffective for the transfec-
tion of hard-to-transfect cell types such as primary cells including mouse embryonic 
fi broblasts (mEFs) used widely in stem cell research. Therefore we investigated the 
delivery of pDNA to hard-to-transfect mEFs. It was shown that pDNA was deliv-
ered to and expressed in mEFs under irradiation conditions of 3.2 W·cm −2 /45 s with 
a transfection effi ciency of approximately 39 %, much higher than the ~19 % using 
Lipo2000 ( p  < 0.001). At 5.1 W·cm −2 /30 s, the transfection effi ciency was further 
enhanced to 53 % ( p  < 0.001, vs Lipo2000), and the fl uorescence intensity was 
much higher than for Lipo2000 ( p  < 0.001). In addition, cell viability both 
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 immediately after and 24 h after laser irradiation was higher than 95 % under both 
conditions. These data demonstrate that this system is effective for the pDNA trans-
fection of hard-to-transfect cell types with an effi ciency much higher than for 
Lipo2000 alone.   

5.3     Summary and Outlook 

 Gold nanoparticle layers, as a representative material with surface topological struc-
tures, have a direct infl uence on protein adsorption/activity and cell behavior includ-
ing adhesion, spreading, proliferation, and differentiation. Compared to smooth 
gold surfaces, GNPLs, due to their “three-dimensional” structure, offer better access 
for the binding of biomacromolecules such as proteins, antigens, and antibodies and 
favor the maintenance of their conformation and bioactivity, thereby improving cell 
adhesion further. In combination with protein-resistant polymers and specifi c 
ligands for certain types of proteins or cells, modifi ed GNPL can selectively bind 
certain proteins and cells from protein and cell mixtures, including the highly com-
plex environment of serum. In addition, under laser irradiation, GNPLs can serve as 
a novel and effi cient platform for the delivery of various macromolecules to differ-
ent cell types including hard-to-transfect cell types. It is concluded that GNPLs hold 
great promise in many biomedical fi elds such as protein detection, regulation of cell 
behavior, capture of circulating cancer cells, and macromolecular delivery to living 
cells.     

  Acknowledgments   This work was supported by the National Natural Science Foundation of 
China (21334004, 21404076) and the Natural Science Foundation of Jiangsu Province 
(BK20140316). We thank Prof. John Brash for the helpful discussion.  

   References 

    1.    Yuan L, Yu Q, Li D, Chen H. Surface modifi cation to control protein/surface interactions. 
Macromol Biosci. 2011;11:1031–40.  

    2.    Gittens RA, McLachlan T, Olivares-Navarrete R, Cai Y, Berner S, Tannenbaum R, Schwartz 
Z, Sandhage KH, Boyan BD. The effects of combined micron-/submicron-scale surface rough-
ness and nanoscale features on cell proliferation and differentiation. Biomaterials. 
2011;32:3395–403.  

    3.    Chen W, Weng S, Zhang F, Allen S, Li X, Bao L, Lam RH, Macoska JA, Merajver SD, Fu 
J. Nanoroughened surfaces for effi cient capture of circulating tumor cells without using cap-
ture antibodies. ACS Nano. 2012;7:566–75.  

         4.    Zhou F, Yuan L, Wang H, Li D, Chen H. Gold nanoparticle layer: a promising platform for 
ultra-sensitive cancer detection. Langmuir. 2011;27:2155–8.  

      5.    Zhou F, Wang M, Yuan L, Cheng Z, Wu Z, Chen H. Sensitive sandwich ELISA based on a gold 
nanoparticle layer for cancer detection. Analyst. 2012;137:1779–84.  

Z. Lyu et al.



119

        6.    Zhou F, Li D, Wu Z, Song B, Yuan L, Chen H. Enhancing specifi c binding of L929 fi broblasts: 
effects of multi-scale topography of GRGDY peptide modifi ed surfaces. Macromol Biosci. 
2012;12:1391–400.  

       7.    Lyu Z, Wang H, Wang Y, Ding K, Liu H, Yuan L, Shi X, Wang M, Wang Y, Chen H. Maintaining 
the pluripotency of mouse embryonic stem cells on gold nanoparticle layers with nanoscale but 
not microscale surface roughness. Nanoscale. 2014;6:6959–69.  

       8.    Shi X, Wang Y, Li D, Yuan L, Zhou F, Wang Y, Song B, Wu Z, Chen H, Brash JL. Cell adhe-
sion on a POEGMA-modifi ed topographical surface. Langmuir. 2012;28:17011–8.  

      9.    Wang Y, Zhou F, Liu X, Yuan L, Li D, Wang Y, Chen H. Aptamer-modifi ed micro/nanostruc-
tured surfaces: effi cient capture of Ramos cells in serum environment. ACS Appl Mater 
Interfaces. 2013;5:3816–23.  

      10.    Zhang Q, Xu J-J, Liu Y, Chen H-Y. In-situ synthesis of poly (dimethylsiloxane)–gold nanopar-
ticles composite fi lms and its application in microfl uidic systems. Lab Chip. 2008;8:352–7.  

    11.    Bai H-J, Shao M-L, Gou H-L, Xu J-J, Chen H-Y. Patterned Au/poly (dimethylsiloxane) sub-
strate fabricated by chemical plating coupled with electrochemical etching for cell patterning. 
Langmuir. 2009;25:10402–7.  

     12.    Wang B, Chen K, Jiang S, Reincke F, Tong W, Wang D, Gao C. Chitosan-mediated synthesis 
of gold nanoparticles on patterned poly (dimethylsiloxane) surfaces. Biomacromolecules. 
2006;7:1203–9.  

    13.    Drummond TG, Hill MG, Barton JK. Electrochemical DNA sensors. Nat Biotechnol. 
2003;21:1192–9.  

    14.    Nam J-M, Thaxton CS, Mirkin CA. Nanoparticle-based bio-bar codes for the ultrasensitive 
detection of proteins. Science. 2003;301:1884–6.  

    15.    Webster TJ, Schadler LS, Siegel RW, Bizios R. Mechanisms of enhanced osteoblast adhesion 
on nanophase alumina involve vitronectin. Tissue Eng. 2001;7:291–301.  

    16.    Brigger I, Dubernet C, Couvreur P. Nanoparticles in cancer therapy and diagnosis. Adv Drug 
Deliv Rev. 2002;54:631–51.  

    17.    Roach P, Farrar D, Perry CC. Surface tailoring for controlled protein adsorption: effect of 
topography at the nanometer scale and chemistry. J Am Chem Soc. 2006;128:3939–45.  

    18.    Eteshola E, Leckband D. Development and characterization of an ELISA assay in PDMS 
microfl uidic channels. Sensor Actuat B-Chem. 2001;72:129–33.  

    19.    Jia C-P, Zhong X-Q, Hua B, Liu M-Y, Jing F-X, Lou X-H, Yao S-H, Xiang J-Q, Jin Q-H, Zhao 
J-L. Nano-ELISA for highly sensitive protein detection. Biosens Bioelectro. 
2009;24:2836–41.  

    20.    Park J-S, Cho MK, Lee EJ, Ahn K-Y, Lee KE, Jung JH, Cho Y, Han S-S, Kim YK, Lee J. A 
highly sensitive and selective diagnostic assay based on virus nanoparticles. Nat Nanotechnol. 
2009;4:259–64.  

    21.    Dixit CK, Vashist SK, O’Neill FT, O’Reilly B, MacCraith BD, O’Kennedy R. Development of 
a high sensitivity rapid sandwich ELISA procedure and its comparison with the conventional 
approach. Anal Chem. 2010;82:7049–52.  

    22.    Ross AM, Jiang Z, Bastmeyer M, Lahann J. Physical aspects of cell culture substrates: topog-
raphy, roughness, and elasticity. Small. 2012;8:336–55.  

    23.    Dolatshahi-Pirouz A, Jensen T, Kraft DC, Foss M, Kingshott P, Hansen JL, Larsen AN, 
Chevallier J, Besenbacher F. Fibronectin adsorption, cell adhesion, and proliferation on nano-
structured tantalum surfaces. ACS Nano. 2010;4:2874–82.  

      24.    Chen W, Villa-Diaz LG, Sun Y, Weng S, Kim JK, Lam RH, Han L, Fan R, Krebsbach PH, Fu 
J. Nanotopography infl uences adhesion, spreading, and self-renewal of human embryonic 
stem cells. ACS Nano. 2012;6:4094–103.  

    25.    Schulte VA, Díez M, Möller M, Lensen MC. Surface topography induces fi broblast adhesion 
on intrinsically nonadhesive poly (ethylene glycol) substrates. Biomacromolecules. 
2009;10:2795–801.  

    26.    Loya MC, Brammer KS, Choi C, Chen L-H, Jin S. Plasma-induced nanopillars on bare metal 
coronary stent surface for enhanced endothelialization. Acta Biomater. 2010;6:4589–95.  

5 Interactions of Biomaterial Surfaces with Proteins and Cells



120

    27.    Chen L, Liu X, Su B, Li J, Jiang L, Han D, Wang S. Aptamer‐mediated effi cient capture and 
release of T lymphocytes on nanostructured surfaces. Adv Mater. 2011;23:4376–80.  

    28.    Sekine J, Luo SC, Wang S, Zhu B, Tseng HR, Yu H. Functionalized conducting polymer 
nanodots for enhanced cell capturing: the synergistic effect of capture agents and nanostruc-
tures. Adv Mater. 2011;23:4788–92.  

    29.    Lee MR, Kwon KW, Jung H, Kim HN, Suh KY, Kim K, Kim K-S. Direct differentiation of 
human embryonic stem cells into selective neurons on nanoscale ridge/groove pattern arrays. 
Biomaterials. 2010;31:4360–6.  

    30.    Cretel E, Pierres A, Benoliel A-M, Bongrand P. How cells feel their environment: a focus on 
early dynamic events. Cell Mole Bioeng. 2008;1:5–14.  

    31.    Chen H, Song W, Zhou F, Wu Z, Huang H, Zhang J, Lin Q, Yang B. The effect of surface 
microtopography of poly (dimethylsiloxane) on protein adsorption, platelet and cell adhesion. 
Colloid Surf B. 2009;71:275–81.  

    32.    Yamamoto S, Tanaka M, Sunami H, Arai K, Takayama A, Yamashita S, Morita Y, Shimomura 
M. Relationship between adsorbed fi bronectin and cell adhesion on a honeycomb-patterned 
fi lm. Surf Sci. 2006;600:3785–91.  

    33.    Rechendorff K, Hovgaard MB, Foss M, Zhdanov V, Besenbacher F. Enhancement of protein 
adsorption induced by surface roughness. Langmuir. 2006;22:10885–8.  

    34.    Charest JL, Eliason MT, García AJ, King WP. Combined microscale mechanical topography 
and chemical patterns on polymer cell culture substrates. Biomaterials. 2006;27:2487–94.  

    35.   Dalby M, Riehle M, Johnstone H, Affrossman S, Curtis A. Nonadhesive nanotopography: 
fi broblast response to poly (nbutyl methacrylate)‐poly (styrene) demixed surface features. 
J Biomed Mater Res A. 2003;67:1025–32.  

    36.    Marcon L, Spriet C, Coffi nier Y, Galopin E, Rosnoblet C, Szunerits S, Héliot L, Angrand P-O, 
Boukherroub R. Cell adhesion properties on chemically micropatterned boron-doped diamond 
surfaces. Langmuir. 2010;26:15065–9.  

    37.    Lagunas A, Comelles J, Martínez E, Samitier J. Universal chemical gradient platforms using 
poly (methyl methacrylate) based on the biotin− streptavidin interaction for biological appli-
cations. Langmuir. 2010;26:14154–61.  

    38.    Li B, Chen J, Wang JHC. RGD peptide‐conjugated poly (dimethylsiloxane) promotes adhe-
sion, proliferation, and collagen secretion of human fi broblasts. J Biomed Mater Res A. 
2006;79:989–98.  

     39.    Causa F, Battista E, Della Moglie R, Guarnieri D, Iannone M, Netti PA. Surface investigation 
on biomimetic materials to control cell adhesion: the case of RGD conjugation on 
PCL. Langmuir. 2010;26:9875–84.  

    40.    Kunzler TP, Drobek T, Schuler M, Spencer ND. Systematic study of osteoblast and fi broblast 
response to roughness by means of surface-morphology gradients. Biomaterials. 
2007;28:2175–82.  

    41.    Lord M, Cousins B, Doherty P, Whitelock J, Simmons A, Williams R, Milthorpe B. The effect 
of silica nanoparticulate coatings on serum protein adsorption and cellular response. 
Biomaterials. 2006;27:4856–62.  

    42.    Mann BK, West JL. Cell adhesion peptides alter smooth muscle cell adhesion, proliferation, 
migration, and matrix protein synthesis on modifi ed surfaces and in polymer scaffolds. 
J Biomed Mater Res. 2002;60:86–93.  

    43.    Sawyer A, Weeks D, Kelpke S, McCracken MS, Bellis S. The effect of the addition of a poly-
glutamate motif to RGD on peptide tethering to hydroxyapatite and the promotion of mesen-
chymal stem cell adhesion. Biomaterials. 2005;26:7046–56.  

    44.    Sawyer AA, Hennessy KM, Bellis SL. The effect of adsorbed serum proteins, RGD and 
proteoglycan- binding peptides on the adhesion of mesenchymal stem cells to hydroxyapatite. 
Biomaterials. 2007;28:383–92.  

    45.    Wang S, Liu K, Liu J, Yu ZTF, Xu X, Zhao L, Lee T, Lee EK, Reiss J, Lee YK. Highly effi cient 
capture of circulating tumor cells by using nanostructured silicon substrates with integrated 
chaotic micromixers. Angew Chem Int Edit. 2011;50:3084–8.  

Z. Lyu et al.



121

    46.    Alunni-Fabbroni M, Sandri MT. Circulating tumour cells in clinical practice: methods of 
detection and possible characterization. Methods. 2010;50:289–97.  

    47.    Nagrath S, Sequist LV, Maheswaran S, Bell DW, Irimia D, Ulkus L, Smith MR, Kwak EL, 
Digumarthy S, Muzikansky A. Isolation of rare circulating tumour cells in cancer patients by 
microchip technology. Nature. 2007;450:1235–9.  

    48.    Adams AA, Okagbare PI, Feng J, Hupert ML, Patterson D, Göttert J, McCarley RL, 
Nikitopoulos D, Murphy MC, Soper SA. Highly effi cient circulating tumor cell isolation from 
whole blood and label-free enumeration using polymer-based microfl uidics with an integrated 
conductivity sensor. J Am Chem Soc. 2008;130:8633–41.  

    49.    Fischer KE, Alemán BJ, Tao SL, Daniels RH, Li EM, Bünger MD, Nagaraj G, Singh P, Zettl 
A, Desai TA. Biomimetic nanowire coatings for next generation adhesive drug delivery sys-
tems. Nano Lett. 2009;9:716–20.  

    50.    Medley CD, Bamrungsap S, Tan W, Smith JE. Aptamer-conjugated nanoparticles for cancer 
cell detection. Anal Chem. 2011;83:727–34.  

     51.    Qin Z, Bischof JC. Thermophysical and biological responses of gold nanoparticle laser heat-
ing. Chem Soc Rev. 2012;41:1191–217.  

    52.    Sapsford KE, Algar WR, Berti L, Gemmill KB, Casey BJ, Oh E, Stewart MH, Medintz 
IL. Functionalizing nanoparticles with biological molecules: developing chemistries that facil-
itate nanotechnology. Chem Rev. 2013;113:1904–2074.  

    53.    Delcea M, Sternberg N, Yashchenok AM, Georgieva R, Bäumler H, Möhwald H, Skirtach 
AG. Nanoplasmonics for dual-molecule release through nanopores in the membrane of red 
blood cells. ACS Nano. 2012;6:4169–80.  

     54.    Xiong R, Raemdonck K, Peynshaert K, Lentacker I, De Cock I, Demeester J, De Smedt SC, 
Skirtach AG, Braeckmans K. Comparison of gold nanoparticle mediated photoporation: vapor 
nanobubbles outperform direct heating for delivering macromolecules in live cells. ACS Nano. 
2014;8:6288–96.  

    55.    Vogel A, Noack J, Hüttman G, Paltauf G. Mechanisms of femtosecond laser nanosurgery of 
cells and tissues. Appl Phys B. 2005;81:1015–47.  

    56.    Baumgart J, Humbert L, Boulais É, Lachaine R, Lebrun J-J, Meunier M. Off-resonance plas-
monic enhanced femtosecond laser optoporation and transfection of cancer cells. Biomaterials. 
2012;33:2345–50.  

    57.    Lyu Z, Zhou F, Liu Q, Xue H, Yu Q, Chen H. A universal platform for macromolecular deliv-
eryinto cells using gold nanoparticle layers via the photoporation effect. Adv Funct Mater. 
2016;26:5787–95.  

    58.    Katas H, Alpar HO. Development and characterisation of chitosan nanoparticles for siRNA 
delivery. J Control Release. 2006;115:216–25.    

5 Interactions of Biomaterial Surfaces with Proteins and Cells



123© Springer Science+Business Media Singapore 2016 
C. Gao (ed.), Polymeric Biomaterials for Tissue Regeneration, 
DOI 10.1007/978-981-10-2293-7_6

    Chapter 6   
 Surface Modifi cation of Tissue Engineering 
Scaffolds                     

     Feng     Wen    ,     Charles     Chau     Sang     Lau    ,     Jing     Lim    ,     Yanwan     Liao    ,     Swee     Hin     Teoh    , 
and     Mark     Seow     Khoon     Chong    

6.1           Introduction 

 A wide range of biomaterials, both synthetic and biologically derived, are used 
widely in biomedical applications, including utility as scaffolds in tissue engineer-
ing. These materials are largely selected on their bulk properties, such as mechani-
cal strength and degradation properties, in order to meet basic requirements on 
strength [ 1 ,  2 ]. However, host responses are largely mediated by interactions with 
the material surface [ 3 ], and there emerges a need to tailor these surface properties 
to elicit appropriate biological responses, while retaining the bulk properties on 
which the materials were selected [ 4 ]. To meet these needs, much research has been 
dedicated towards the development of surface modifi cation technologies. This 
chapter discusses the common technologies being used, as well as the methods 
employed to characterise the modifi ed surfaces.  

6.2     Surface Modifi cation Techniques 

6.2.1     Physical Surface Modifi cation 

 Physical surface modifi cation refers to the process that applies physical methods to 
change the physical properties (e.g. roughness and wettability), biochemical proper-
ties (e.g. biochemical components, functional groups and/or the distribution of 
them) and/or topographic structure (e.g. lattice structure, pore size and micro- 
patterns) of the surface. Through the physical, biochemical or topographic cues 
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given by these modifi cation methods, the adhesion, proliferation, alignment and 
intracellular physiological activities of cells on modifi ed surface can be controlled. 
More recently, physical modifi cation methods have been used to elicit antimicrobial 
effects [ 5 ,  6 ] and even retard blood coagulation [ 7 – 9 ]. 

6.2.1.1     Topographical Engineering 

 Scaffolds in tissue engineering are analogous to the extracellular matrix (ECM) in 
that they provide the mechanical substrate for cell growth. Besides structural sup-
port, it has become evident that physical cues, in the form of topographical micro-
structures, are capable of guiding cell alignment and migration in the 
microenvironment [ 10 ,  11 ]. This phenomenon was described in as early as 1912 by 
Harrison in the direction of cell motion on spider web and was later defi ned as “con-
tact guidance” by Weiss [ 12 ]. More recent work has focused on the biological 
effects of these geometrical cues. Fibroblasts seeded on quartz slides with parallel 
ridge-groove structure, for example, showed alignment and elongation along the 
direction of gratings, giving a typical example for contact guidance. In addition, this 
trend was more signifi cant on substrate with increasing groove depth [ 13 ]. In 
another study on PMMA substrate with a similar pattern, a larger depth and width 
were found to be more effective in restricting the lateral movement of fi broblasts 
across groove structures, while a smaller width was more effective in restricting the 
longitudinal movement along the ridges [ 14 ]. Two theories have been raised to 
explain these phenomena: (1) patterning of focal adhesions and (2) fi lopodial sens-
ing [ 15 ,  16 ]. Focal adhesions are multi-protein complexes mechanically linking 
intracellular actin to extracellular substrates via integrin-ligand bundles. By infl u-
encing the integrin-matrix interactions, integrin clustering [ 17 ] and integrin spacing 
can be adjusted. Thus, the geometry and distribution of surface topographical fea-
tures can control cell adhesion to substrate and then guide cell elongation and 
migration [ 18 – 21 ]. Additionally, focal adhesions serve as biochemical signal sen-
sors to allow transmembrane signal transduction, such as focal adhesion kinase 
pathways, by activation of integrin receptors [ 22 – 24 ]. Topographic cues also have 
mechanical effects on cells by causing deformation of cytoskeleton and adjusting 
intracellular tension. Subsequent transduction of both the biochemical signals and 
mechanical signals may modulate transcription factors and infl uence cell physio-
logical activities, not only cell motility but also cell apoptosis [ 25 ], proliferation and 
differentiation [ 26 – 29 ]. Ceballos et al. reported signifi cantly improved in vivo 
peripheral nerve regeneration in collagen tubes fi lled with aligned collagen gel com-
pared to randomly aligned control tubes [ 30 ]. In another nerve regeneration study, 
up-regulation of neural markers at mRNA and protein levels was observed in human 
mesenchymal stem cells (hMSCs) on aligned poly(ε-caprolactone) (PCL) nanofi bre 
scaffold when compared with that on polystyrene (PS) plate, indicating an enhanced 
commitment of MSCs into neural cells [ 31 ]. 

 In order to modify the topographical structure of tissue engineering scaffold, 
materials are either added onto substrate surface by methods like nanofi bre coating 
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[ 32 ] and plasma deposition [ 33 ] or ablated by methods like chemical etching and 
laser corrosion [ 34 ]. Additionally, mechanical techniques like stretching may also 
be applied to polymer materials to avoid weight loss and change in material compo-
sition while creating new microstructures. After uniaxial stretching, for example, 
oriented ridge-groove structures are observed on polycaprolactone (PCL) fi lms and 
successfully guided human bone marrow MSC elongation and alignment with a 
preferential orientation approximately parallel to the ridges. The elongation and 
alignment of MSC could be observed from 12 h post seeding and lasted as long as 
15 days [ 35 ]. More specifi cally, altered cell morphology, cytoskeletonal reorienta-
tion and nucleus elongation were pointed out in a following study, and increased 
expression of myogenic genes in MSCs was observed with an increasing time length 
of cell culture on stretched PCL fi lm [ 35 ]. The topographical features of stretched 
PCL fi lms can be further controlled by alkaline hydrolysis [ 36 ] and augmented with 
femtosecond laser microperforation to create secondary microfeatures [ 37 ]. Small 
concaved features formed at the edge of ridges after soaking in aqueous NaOH solu-
tion for longer than 10 days that developed into parallel grooves across the ridges 
and fi nally split the ridges into small parallel islands after 30 days of soaking. With 
declined ridge height and aspect ratio between ridges and grooves that resulted from 
hydrolysis, the guidance effect on MSC alignment and elongation may be tailored. 
For applications in vascular tissue engineering, MSCs and human umbilical vein 
endothelial cells (HUVECs) were separately seeded on each face of stretched PCL 
fi lm. Aligned through holes on the fi lm created by direct laser microperforation 
facilitate myoendothelial communications between tunica media and intima, conse-
quently enhancing heterotypic cell-cell contacts across PCL fi lm and cell ingrowth 
into the fi lm.  

6.2.1.2     Wettability Engineering 

 Wettability refers to the interaction at the two-phase interface between fl uid and 
solid. Solid surface with a greater wettability is more favourable for the fl uid to 
spread over or adhere to it, so that the contact angle between solid-fl uid interface 
and vapour-fl uid interface is smaller. In tissue engineering study, wettability pres-
ents as one of the primary concerns in scaffold material design for its infl uence on 
initial cell attachment and migration on scaffold via adsorption of proteins from 
culture medium in vitro or from extracellular fl uid in vivo and then binding to cell 
adhesion molecules on cell surface. The preferable range of wettability varies 
according to the kind of cells. For example, the optimal cell adhesion of foetal rat 
skin fi broblast was achieved on polymer fi lms with a water contact angle of around 
70° [ 38 ], but a more hydrophilic surface with a water contact angle between 20 and 
40° was more suitable for cell attachment of NIH 3T3 fi broblasts [ 39 ]. However, 
raw biomaterials exhibit certain water contact angle that may not fall into the prefer-
able range for cell growth, which reveals the necessity of modifi cation. Despite the 
biodegradability and feasibility to fabricate into tissue engineering scaffold with 
varied shape design, electrospun PCL fi bre is a hydrophobic material with a water 
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contact angle of 123.3 ± 10.8°. By adding a poly(vinyl phosphonic acid-co-acrylic 
acid) (PVPA) coating layer, PCL scaffold has turned to be hydrophilic with the 
water contact angle dropped to 43.3 ± 1.2°. After 14 days in vitro culture, osteo-
blasts on this PCL/PVPA scaffold generated a better-defi ned cytoskeleton than 
those on uncoated PCL scaffold, indicating a better cell spreading due to improved 
wettability of PCL fi bre [ 40 ]. Although high hydrophobicity is usually not suitable 
for cell attachment and migration, hydrophilic biomaterials like poly(ethylene gly-
col) (PEG) hydrogel may lack the stability to maintain its mechanical strength as 
well as shape due to fast degradation. Thus, instead of altering the bulk properties 
of the material, surface modifi cation is employed as a superior approach to partially 
improve material wettability. 

 Alkaline hydrolysis is one of the mature techniques to modify surface wettability 
for polyester biomaterials such as PCL [ 41 ], PLA [ 42 ] and PLGA [ 43 ,  44 ] and 
already has been applied in industry. After treatment with alkaline agent (usually 
mild NaOH solution), the ester bonds on the surface of polyester materials break 
and form carboxyl and hydroxyl. Such oxygen-containing polar groups have stron-
ger electric attraction to water molecules; as a result, the material surface shows a 
higher hydrophilicity and thus a higher percentage of attachment of specifi c cell 
types. Another technique is to modify the surface roughness. Based on the Wenzel 
equation, the increase in roughness of solid surface can either increase the hydro-
philicity in a hydrophilic system in which the water contact angle is smaller than 
90° or increase the hydrophobicity in a hydrophobic system where the water contact 
angle is larger than 90°. Thus, by changing the surface roughness, the wettability of 
biomaterials can be optimised for a better cytocompatibility. Extreme ultraviolet 
(EUV) irradiation is another approach for roughness optimisation for polymeric 
materials. For instance, polytetrafl uoroethylene (PTFE) is a hydrophobic polymer 
material widely used in tissue regeneration studies. This material has inherently low 
surface energy, which makes it largely chemically inert and ideally suited for pas-
sive, structural applications. Unfortunately, this also renders the surface incompati-
ble for cellular attachment and vulnerable to pathologic states, such as denudation 
of vascular graft surfaces. To modify the extremely stable PTFE surface, EUV irra-
diation in the presence of nitrogen gas was used to increase surface roughness. The 
average surface roughness of EUV-treated polymer samples increased by up to four 
times as compared to that of the pristine control, resulted in enhanced hydrophobic-
ity of PTFE and signifi cantly improved the adhesion and morphology of L929 fi bro-
blasts [ 45 ]. Nanofi bre deposition or nanoparticle deposition onto the surface of 
biomaterials is another approach to change surface roughness. On poly(lactic acid) 
(PLA) fi lms incorporated with magnetic nanoparticles, enhanced adhesion and pro-
liferation of cardiac-like rat myoblasts H9c2 was found on the fi lm with the highest 
amount of embedded nanoparticles and hence the largest surface roughness with the 
largest water contact angle [ 46 ]. It is noteworthy that in this study, with the increase 
of surface roughness, fi lm surface turned from being hydrophilic to hydrophobic, 
which looks contrary to abovementioned conclusion from the Wenzel equation. 
This is because surface wettability is infl uenced by complex factors including not 
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only the roughness but also other aspects like electrical and chemical nature, which 
should also be taken into account at the design of material surface. 

 Novel techniques for surface roughening are still under exploration. Borrowing 
ideas from micromanipulation, carving the surface of polymer materials or moving 
polymer chains at a microlevel and even nano-level high precision for surface modi-
fi cation may be realised under atomic force microscope (AFM) or scanning tunnel-
ling microscope (STM) with manipulator and tip of scanning probe. However, the 
feasibility of such techniques is very limited due to high cost and high requirement 
on operation. Particularly, only the polymer material with a conductive surface or a 
conductive coating can be processed under STM, which sets another obstacle to 
practical application of micromanipulation.  

6.2.1.3     Physical Deposition 

 Physical deposition is one of the methods to produce a functional coating layer on 
substrate material so as to grant the material with more desirable properties. In par-
ticular, bioactive components including inorganic particles, synthetic polymer, 
lipid, polysaccharide, peptides, protein as well as its ligand [ 47 ,  48 ] are deposited 
onto scaffold materials for enhanced initial cell attachment and proliferation or to 
regulate intracellular protein synthesis and induce cell differentiation [ 49 ]. For the 
combination of functional materials with substrates, weak forces such as van der 
Waals forces, hydrogen bond force and electrostatic attraction force are formed dur-
ing deposition. Compared to chemical conjugation, physical modifi cation is less 
stable, leading to gradual loss of the coating layer [ 50 ]. On the other hand, physical 
deposition has a broader application with the multitude of materials as substrate or 
as coating layer regardless of their chemical composition. Based on the existing 
form of coating materials, physical deposition can be classifi ed into solution deposi-
tion and vapour deposition. 

 Solution deposition methods may be further subcategorised into immersion and 
adsorption, casting, dip coating and electrophoretic deposition. These methods are 
based on allowing the substrate to contact and adsorb the functional molecules dis-
solved in a liquid phase, followed by removal of the solvent by evaporation. 
Immersion and adsorption are the simplest methods by which substrate stands in a 
solution and spontaneously adsorbs the functional molecules uniformly dispersed in 
this solution. In applied electric fi eld, deposition of coating molecules can be accel-
erated by electrophoretic motion of these molecules in solution towards the sub-
strate placed at a corresponding electrode. This technique for physical deposition is 
named as electrophoretic deposition. Besides, the thickness of coating layer is 
determined by the time length of deposition and/or electric fi eld strength. The tech-
nique as casting for modifi cation of smooth and fl at surface is developed from the 
same principle as immersion. Other than a static contact between substrate and solu-
tion, solution containing functional molecules is sprayed onto the substrate and sub-
sequently spreads over the surface at high-speed spinning and thereby forms a thin 
liquid layer that leaves the functional molecules as a fi lm covering the substrate 
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after evaporation. The thickness of this coating fi lm is controllable depending on 
both the speed of centrifuging and the viscosity of the solution. Dip coating is 
another low-cost technique for deposition on monolithic three-dimensional scaf-
folds. The process is completed by partially or fully inserting the substrate into 
coating solution followed by removal from the solution. In addition, this process 
can be repeated to obtain multiple coating layers, which is named as “layer-by- 
layer” fabrication. Unlike simple immersing or spin casting, dip coating enables 
oriented alignment of coating layers formed by amphiphilic molecules like phos-
pholipid and further affects surface properties of scaffold materials. Amphiphilic 
molecules refer to the kind of molecules that possesses both hydrophilic groups and 
lipophilic groups. In a solution, these molecules fl oat on the surface of the solvent, 
keep the part of the molecule compatible with the solvent under liquid level and 
expose the other part above liquid level. Through different operating procedures 
consisted of dipping and removing, specifi c moieties on the amphiphilic molecules 
can be connected to the substrate surface or the previous coating layer. Especially 
on polymer substrates, entrapment of coating molecules in the surface may occur at 
the same time with physical adsorption due to the space created at swelling of poly-
mers in the solvent, resulting in added amount of coating molecules deposited on 
polymer substrate [ 51 ]. 

 Physical vapour deposition (PVD) is a surface coating method in which the coat-
ing material is vaporised in a cell at high temperature and vacuum state or fi lled with 
gaseous plasma. The vapour is subsequently transported to the substrate surface and 
condenses to generate a thin fi lm on it. Based on the methods applied to generate 
and deposit material, PVD is further classifi ed into vacuum evaporation deposition 
[ 52 ], sputtering deposition [ 53 ,  54 ], pulsed laser deposition [ 55 ,  56 ], electron beam 
deposition [ 57 ] and cathodic arc deposition [ 58 ]. In surface modifi cation on syn-
thetic polymer tissue engineering scaffold, the method applied is mainly the sputter-
ing deposition. In order to create gaseous coating material, inert gas (typically 
argon) is transferred into plasma and accelerated under high-voltage electric fi eld. 
Bombardment from this high-energy plasma at cathodic target frees coating mole-
cules from solid source into a vapour phase through momentum transfer. These 
active molecules deposit on all surfaces inside a chamber to release energy and 
rebuild thermodynamic equilibrium, therefore forming a thin fi lm on the substrate 
surface. Compared to evaporation deposition, sputtering deposition is superior in 
surface coating using materials with very high melting points and forming a more 
sturdy coating on the substrate.   

6.2.2     Chemical Modifi cation 

 While biomaterials are primarily selected on their bulk properties, host responses 
are largely governed by cell-material surface interactions. It follows that synthetic 
materials, ranging from polymers to ceramics and metals, usually lack appropriate 
biological surface cues to elicit or direct desirable cellular and tissue responses such 
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as adhesion, proliferation and immune response [ 1 ,  59 – 61 ]. To this end, chemical 
surface modifi cations may be performed to introduce biochemical cues onto mate-
rial surfaces, while retaining the existing bulk material properties. These modifi ca-
tion methods are summarised in Table  6.1 , of which plasma-, gamma-, UV-, 
hydrolysis- and aminolysis-induced chemical modifi cations are the most common 
and are discussed in further detail.

6.2.2.1       Plasma-Induced Modifi cation 

 Plasma-induced modifi cation is an extremely useful method enabling selective cre-
ation of chemistry and topography on the surface of a biomaterial with excellent 
retention of bulk characteristics for specifi c biomedical applications [ 77 – 80 ]. 
Plasma, the fourth state of matter after solid, liquid and gas, is typically generated 
by applying high voltages to gases, under which the gas molecules or atoms will be 
ionised by the electrical discharge and therefore split up into electrons and ions [ 81 ]. 
The effectiveness of the ionisation process is dependent on operating parameters 
such as gas fl ow rate, pressure and constituents, as well as the distance between the 
discharge electrodes. Plasma can be further characterised with an energy distribu-
tion in the range 10–20 eV which is effective to modify surface chemistry of the 
substrate in plasma. The interaction between ionised gas species with surfaces of 
substrate contacted in plasma could produce tailored physical and chemical modifi -
cations on substrate surface through ionic activity in plasma and functionalities 
(functional groups or free radicals) formation on the surface. As described above, in 
physical modifi cation, the bombardment of ionic species powered by an electrical 
fi eld can increase substrate surface roughness and promote interfacial adhesion of 
depositions [ 78 ]. Additionally, chemical modifi cation can be achieved by control-
ling the (1) functional groups or free radicals which are generated on substrate sur-
faces by interaction between charged particles and surface molecules of the substrate 
and [ 64 ] (2) desirable monomer polymerisation and deposition on the surface of the 
substrate [ 82 ]. The functionalities formation on substrate surfaces may be altered by 
proper selection of the nature of the gaseous medium in plasma. Plasma generated 

   Table 6.1    Physical and chemical surface modifi cation methods   

 Methods  References 

 Radiation (electron beam and gamma)  [ 62 ,  63 ] 
 Plasma (RF, microwave, acoustic, corona discharge)  [ 64 – 66 ] 
 Photo (UV and visible sources)  [ 67 ] 
 Ion beam (sputtering, etching, implantation)  [ 68 ,  69 ] 
 Gas phase deposition  [ 60 ,  70 ,  71 ] 
 Silanisation  [ 72 ] 
 Coating (with or without covalent bonding)  [ 73 ,  74 ] 
 Chemical reaction (oxidation, reduction, hydrolysis, 
aminolysis) 

 [ 59 ,  75 ,  76 ] 
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in oxygen, ammonia and carbon dioxide gases can be used to introduce functional-
ities such as hydroperoxide, amino and carboxylic groups on substrate surface, 
respectively. Additionally, inert gases such as argon lead to the generation of free 
radicals on the polymer backbone, which are transformed into hydroperoxide 
bridges in the presence of oxygen and water vapour [ 1 ,  83 ]. Biomaterials with func-
tionalities formation on their surface are either directly used for biomedical applica-
tions or continuously conjugated with following various desirable molecules for 
specifi c biomedical applications while those functionalities will be used as anchor-
age points. It has been reported that polyethylene (PE) surfaces exposed to ammo-
nia plasma [ 84 ] resulted in surface amination, providing functional groups for the 
subsequent conjugation of functional biomolecules on the surface [ 85 ], typically 
involving polymerisation with spacers. Together, control of plasma parameters and 
conjugants provides great versatility in the tailoring and customisation of surfaces 
of biomaterials. It is important to note here the process of plasma surface modifi ca-
tion often leads to the formation of a layer of polymer on the surface and is coupled 
with physical alterations to the topography (discussed above in the preceding sec-
tion) [ 1 ,  86 ,  87 ]. 

 Poly(caprolactone) (PCL) and poly(lactide-co-caprolactone) (PLCL) have been 
used as bioresorbable polymers in numerous medical devices as well as for tissue 
engineering applications. Biomolecules were conjugated on their surfaces to opti-
mise their performances through plasma-induced surface modifi cation [ 1 ,  64 ]. In 
these studies, monomeric acrylic acid was polymerised on the surface of PCL and 
PLCL as spacer for the conjugation of biomolecules. The exposure of the PCL and 
PLCL membranes under argon/oxygen plasma resulted in the formation of peroxide 
and hydroperoxide groups, which were used to initiate the addition polymerisation 
of acrylic acid by decomposition of hydroperoxides under UV irradiation. The 
degree of polymerisation of acrylic acid on membrane surfaces is considerably 
infl uenced by the plasma exposure parameters, such as plasma power, pressure, 
exposure time and the reaction conditions involving monomer concentration and 
reaction time. Collagen and Jagged-1 peptides were immobilised on PCL and PLCL 
surface through carbodiimide route, respectively. 

 These technologies may be readily adapted towards other biomolecules, in order 
to tailor specifi c responses. Hyaluronic acid (HA), for example, is a nontoxic and 
water-soluble polymer which is extensively used for biomedical applications [ 88 ]. 
It is largely considered to be nonimmunogenic, enzymatically degradable and rela-
tively nonadhesive to cells and proteins. Additionally, HA is involved in several 
physiological processes, including angiogenesis, extracellular matrix homeostasis, 
wound healing and the mediation of long-term infl ammation. This versatile nature 
of HA has led to many studies not only on the preparation of HA alone but also on 
the subsequent usage for surface modifi cation of biomaterials for specifi c medical 
applications. While HA can be applied as a physical coating, they get displaced eas-
ily, and covalent bonding of HA is necessary for use in biomedical applications. For 
example, HA covalently bonded on polydimethylsiloxane surface through oxygen 
plasma surface modifi cation resulted in the decrease in the protein adsorption and 
signifi cant cell growth and neural differentiation [ 86 ]. 
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 In performing plasma modifi cations, several parameters may be controlled in 
order to maximise polymerisation yield. Plasma treatment time, for example, sig-
nifi cantly infl uences the formation of free radicals, and titration may be performed 
to establish the optimum plasma treatment time required for maximal free radical 
generation. Overexposure may also lead to the loss of free radicals that are other-
wise responsible for peroxidation during exposure to oxygen [ 64 ,  89 ]. Additionally, 
the polymerisation conditions, such as spacer-monomer concentration, have pro-
found impact on the yield of polymerisation. Without UV irradiation (typically at 
elevated temperatures), the yield initially increases with monomer concentration, 
reaches a maximum and then tends to decrease beyond a critical concentration [ 65 ], 
whereby extensive autocatalysis leads to homopolymerisation of the solution phase. 
In contrast, with UV irradiation and controlled temperatures, the yield typically 
increases continuously with the increase of the monomer concentration [ 90 ].  

6.2.2.2     Ultraviolet (UV)-Induced Modifi cation 

 UV irradiation is a simple, effi cient and economic method used for surface modifi -
cation of biomaterials [ 91 ,  92 ]. UV light is generally classifi ed in four sub-bands: 
UVA (315–400 nm); UVB (280–315 nm); UVC (100–280 nm); and EUV (10–124 
nm). At wavelengths from 180 to 400 nm, UV light provides suffi cient energy to 
disrupt molecular bonds on biomaterial surfaces, leading to a series of photo- 
physical, thermal and photochemical processes. However, this infl uence is often not 
limited only to surface layer of the material but potentially alters the material bulk 
properties [ 93 ]. Therefore, initiators are commonly used, which can reduce the dos-
age of UV irradiation in the surface modifi cation process [ 80 ,  94 ,  95 ]. 

 Surface modifi cation of HDPE (high-density polyethylene) membranes has been 
performed through UV light irradiation with photosensitive compounds [ 95 ]. In this 
study, HDPE was treated with selected active compounds and a photo-initiator 
under 254 nm UV excitation. Results showed surface chemistry of HDPE was mod-
ifi ed through functional moieties conjugated on its surface via specifi c bonds, 
resulting in changes to the surface properties of HDPE, as demonstrated by the 
increased wettability of the previously hydrophobic HDPE surface. 

 In another example of UV-induced surface modifi cation, polyethylene tere-
phthalate (PET) fi lms were functionalised through conjugation with both RGD pep-
tide and galactose ligands to enhance cell adhesion and functions synergistically 
[ 80 ]. The combination of plasma and UV irradiation was used in this study. PET 
fi lms were fi rst irradiated in argon plasma with power output of 40 W for 1 min and 
then exposed to air for 10 min to induce the formation of peroxides and hydroper-
oxides on its surface. In order to achieve high yield of polymerisation, degassing of 
acrylic acid solution was done by argon bubbling to thoroughly remove oxygen 
before subsequent UV-induced polymerisation of acrylic acid. Alternatively, this 
step could be replaced by the addition of some agents such as sodium periodate, 
which helps in oxygen depletion to ensure polymerisation effi ciently. Exposure to 
UV (365 nm) was then performed to initiate the formation of a poly(acrylic acid) 
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(PAAc) on the PET surface. Subsequently, RGD peptide and galactose ligands were 
immobilised on the pAAc layer using carbodiimide chemistry. Results showed that 
pAAc was successfully grafted on the surface of PET fi lm, with carboxyl-group 
density of 78.57 nmol/cm 2  available for subsequent conjugation of RGD peptides 
and galactose ligands. 

 More recently, extreme UV (EUV) radiation has been used as a source of high- 
energy ultraviolet radiation. The main advantage of the EUV irradiation is preserva-
tion of bulk properties of irradiated material due to its photon energy which is 
capable of breaking more molecular bonds at the upper surface of the material as 
compared to common UV light [ 96 ]. For the same reason, however, EUV radiation 
propagates only in vacuum, and hence, irradiation of materials in gaseous environ-
ment requires a special arrangement. Similar to plasma etching, EUV radiation is 
also used to produce nano-/micro-sized pattern on the surface of polymers [ 97 ].  

6.2.2.3     Gamma-Induced Modifi cation 

 Gamma radiation is an extremely high-frequency   electromagnetic radiation     and 
therefore comprises high-energy   photons     (above 110 keV). Gamma-induced modi-
fi cation is a well-established technique to modify biomaterial properties by gamma 
ray irradiation-induced modifi cations (grafting, cross-linking or gel formation). 
Cobalt-60 and cesium-137 are common sources used in gamma-induced modifi ca-
tions. This technique has been intensively used for applications in the medical fi eld 
for surface modifi cation of materials to control blood-material interactions and con-
jugation of molecules in polymeric matrices to form specifi c chemical moieties or 
drug carriers. The major advantages of gamma-induced modifi cation are as follows: 
(1) Due to its high-energy nature, initiators are not required in the process. Therefore, 
the purity of products may be maintained, as free radicals are formed on the poly-
mer/monomer backbone. (2) Deep penetration of gamma rays through the polymer 
matrix enables rapid and uniform generation of free radicals and therefore could 
initiate the modifi cation process throughout the entire material. (3) The gamma- 
induced modifi cation can be performed at room temperatures. (4) It generates less 
environmental pollution than chemical methods. Several studies have been devoted 
to the development of biomaterials based on the radiation surface modifi cation pro-
cess [ 62 ,  98 – 101 ]. 

 As described above, surface chemistry is critical in mediating host and cellular 
responses. Additionally, functional groups on the surface can be exploited as chemi-
cally reactive sites for coupling other function molecules for specifi c biomedical 
applications. In this context, gamma irradiation may be useful for the introduction of 
functional moieties to the material surface. For example, polystyrene (PS) is a typi-
cally inert polymer which lacks functional groups. Exposure to gamma radiation 
yielded carbonyl and ether functional groups on the surface. Carbonyl groups were 
presented below the top few molecular layers of ester. Unsaturated carbonyl/acid 
groups formed a higher proportion of the total carbonyls with increasing depth, and 
the extent of interior oxidation was linear with gamma dosage [ 56 ]. One of the main 
challenges in designing blood-contacting biomaterials lies in the need to prevent 
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thrombus formation. Proper tailoring of the biomaterial surface is aimed at reducing 
the adsorption of clot-initiating proteins and the adhesion of platelets. In one study, 
polyethylene glycol methacrylate (PEG-MA) with different molecular weights was 
conjugated on the surface of PE fi lms by gamma irradiation, and results showed less 
adsorption of proteins and adhesion of platelets on PE fi lm surfaces after modifi ca-
tion [ 102 ]. The degree of grafting is found to be strongly dependent on the reaction 
conditions, as well as the storage time and temperature of the irradiated fi lm prior to 
the reaction. Additionally, reaction temperatures can be controlled to keep segmental 
mobility low such that the free radicals that are produced during the irradiation 
remain trapped within the matrix.  

6.2.2.4     Hydrolysis- and Aminolysis-Induced Modifi cation 

 Many polyesters such as poly(lactic-glycolic acid) (PLGA), PET, poly(ester ure-
thane) (PU), poly(L-lactic acid) (PLLA) and PCL have been used for wide biomedi-
cal applications such as drug delivery and medical devices due to their well 
controllable degradation rate and mechanical properties [ 76 ,  103 – 105 ]. As men-
tioned above, surface modifi cation of these polymers is necessary to improve their 
biocompatibility. Among those surface modifi cation methods available, wet- 
chemical methods of hydrolysis and aminolysis are used most frequently due to 
their (1) simple steps, (2) ease of control (3) and scalability to three-dimensional 
structures. Through hydrolysis and aminolysis, carboxylic acid and amine groups 
could be produced on the surface of polymer in a highly controlled manner, with 
minimal erosion. 

 Hydrolysis of polyesters can be driven by either acidic or basic conditions [ 75 ]. 
However, under acidic conditions, hydrolysis of esters is achieved via electrophilic 
attack by hydrogen ions on the carbonyl oxygen which requires very strongly acidic 
conditions and may target the bulk material, instead of being limited to surface 
hydrolysis. In contrast, under basic conditions, hydrolysis is achieved by nucleo-
philic attack by hydroxide ions on the carbonyl carbon, which is surface-oriented 
and results in less bulk hydrolysis. For example, aminolysis is driven by nucleo-
philic attack on the carbonyl carbon to generate a positively charged tetrahedral 
intermediate. Aminolysis may be performed either in basic solutions or in an 
aprotic, polar solvent. Unlike base hydrolysis, the overall activation energy for the 
aminolysis is low and even negative in organic solvents, resulting in reduced or 
inverse dependence of aminolysis on the reaction temperature. It has been previ-
ously reported that aminolysis rates typically reach a plateau at pH values just above 
the pKa of the amine in aqueous solutions [ 106 ]. 

 In an attempt to improve endothelialisation of PCL scaffold surfaces, aminolysis 
was performed to create amino groups on the PCL fi lm surface through reaction 
surface of PCL with 1,6-hexanediamine [ 103 ]. It was found that the amount of 
amino groups generated on the PCL fi lm surface increased with 1,6-hexanediamine 
concentrations (0–14 %) and also with exposure duration, reaching a maximum 
value at 1 h. Incubation beyond that resulted in a decrease in free amine groups, 
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possibly due to auto-polymerisation with terminal carboxyl groups or degradation 
of the superfi cial layer. The exposed amino groups could subsequently be used as 
anchor sites for the conjugation of protein such as gelatin, chitosan and collagen. 
The follow-up endothelial cell culture proved that the cell attachment and prolifera-
tion ratios were obviously improved, and the cells showed a similar morphology to 
those cultured on tissue culture polystyrene surfaces.    

6.3     Techniques for Analysing Modifi ed Surfaces 

 Analysing the surface properties of a modifi ed material is essential in determining 
whether the surface modifi cation is successful and whether the modifi ed surface can 
satisfy the requirements of its intended application [ 107 ,  108 ]. There are various 
techniques to analyse and characterise the surface properties of a material, and they 
are broadly categorised into physical, chemical and biological techniques based on 
the nature of the information being sought. In brief, physical techniques focus on 
the surface tension and surface topography, chemical techniques provide informa-
tion on the chemical structure and chemical composition of the surface, and biologi-
cal techniques assess the biocompatibility and cellular responses on the surface. The 
most common techniques used in the characterisation of polymeric biomaterial sur-
faces for tissue engineering applications are summarised in Table 6.2 and presented 
in the following sections. 

6.3.1     Physical Characterisation 

6.3.1.1     Contact Angle Measurement 

 Since a polymeric biomaterial is likely to be employed in an aqueous environment, 
it is important to study the interaction between water and the surface of the material, 
also known as its wettability. This reactivity of water with material surface is central 
in molecular self-association of water at the interface, leading to the formation of 
water structure that governs the selective adsorption of proteins on the material 
surface [ 109 ]. The wettability of a surface is typically determined by placing a drop 
of liquid onto the surface and measuring the contact angle – the angle between the 
liquid-vapour interface and the solid surface. The contact angle θ is related to the 
surface tensions at the liquid-vapour, solid-vapour and solid-liquid interfaces (rep-
resented by γ LV , γ SV  and γ SL ) in Young’s equation given in Fig.  6.1a  [ 110 ,  111 ]. In 
general, a stronger attraction between the liquid and the surface leads to a lower 
contact angle. For biomaterials, water is typically used as the probe liquid. Surfaces 
with a contact angle of more than 90° are generally defi ned as hydrophobic (Fig. 
 6.1b ), whereas surfaces with a contact angle of less than 90° are generally defi ned 
as hydrophilic (Fig.  6.1c ). In surface modifi cation experiments, comparing the 
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contact angle value before the modifi cation with the value after the modifi cation can 
determine the effectiveness of the modifi cation process.

   Contact angle measurements are typically done on a goniometer, an instrument 
used for precise measurements of angles. A modern goniometer is equipped with a 
camera and a software where the researcher can defi ne the solid-liquid interface 
(also known as drop baseline) and set the fi tting method to fi t the drop shape. Beside 
static measurements, dynamic contact angle measurements can also be performed 
to enhance sensitivity. Dynamic techniques include increasing and decreasing the 
drop volume and tilting the surface to determine the advancing and receding contact 
angles. While contact angle measurement is valuable for assessing surface wettabil-
ity, it is not reliable for heterogeneous surfaces where the wettability differs at vari-
ous parts of the sample and porous samples where the drop is absorbed into the 
material [ 112 ]. Contact angle measurements also do not offer information on the 
surface chemistry and topography changes after surface modifi cation. Hence, other 
characterisation techniques are often performed in addition to contact angle mea-
surements to provide a full evaluation on the effectiveness of a surface modifi cation 
process.  

6.3.1.2     Scanning Electron Microscopy (SEM) 

 Information on the surface morphology and topography of a polymeric biomaterial 
can be obtained by various microscopic techniques, depending on the dimension of 
the surface, the desired lateral resolution, the depth of the surface and the sample 
environment. While optical microscopy is the easiest to use and least invasive 
among the techniques, its lateral resolution is limited to the wavelength of light, 
which is around 300 nm. Hence SEM, which reveals surface features at nanometre 
lateral resolutions, is often the preferred technique to visualise the surface topogra-
phy of a biomaterial [ 111 ,  113 ]. In SEM, a beam of electrons is directed onto the 
sample under vacuum, and the resultant interaction between the electrons and the 
sample surface causes an emission of secondary electrons, which are collected by 
the detector to produce an electron micrograph [ 114 ]. Samples that are not electri-
cally conductive need to be sputter-coated with a thin metallic coating to prevent 
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  Fig 6.1    Schematic representation of ( a ) the relation between the contact angle θ and the surface 
tensions at the three interfaces, ( b ) a drop of water on a hydrophobic surface and ( c ) a drop of water 
on a hydrophilic surface [ 110 ,  111 ]       
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electrical charging (the accumulation of electrons) on the sample. As the analysis 
takes place under vacuum to prevent scattering of electrons by air molecules, sam-
ples containing cells and biological tissues have to be fi xed and dried to ensure that 
the biological components remain stable in vacuum [ 115 ]. Some samples, such as 
hydrated polymers and surfaces modifi ed with adsorbed molecules, may not be suit-
able for SEM due to their instability in vacuum. As the SEM operates in a dry envi-
ronment, the information obtained may not truly represent the actual surface 
topography in physiological conditions. Nevertheless, the ease of operation and the 
ease of interpreting the images make SEM one of the most universal techniques to 
analyse surface topography of a biomaterial at the nanometre scale.  

6.3.1.3     Atomic Force or Scanning Force Microscopy (AFM or SFM) 

 AFM offers high resolution both in width and depth at the sample surface and is 
capable of detecting surface features of several nanometres in depth or height, 
unlike SEM where the resolution in depth is limited to microscale. In fact, AFM can 
be used to resolve molecules or even single atoms adsorbed on a smooth surface, 
and its sensitivity allows researchers to obtain images of delicate biological features 
[ 111 ,  116 ]. An AFM consists of a sharp tip attached to a fl exible microscale canti-
lever (Fig.  6.2 ). When the tip is scanned across the sample surface, attractive and 
repulsive forces between the tip and sample cause the cantilever to defl ect vertically. 
The defl ection is detected by a photodiode via a laser beam refl ected off the top of 
the cantilever, and the signal is processed into a topographical image. Depending on 
the scan mode, a constant force or constant height between the tip and the sample is 
maintained by a feedback loop, which controls the movement of the piezoelectric 
scanner holding the sample [ 117 ,  118 ].

   Depending on the sample’s properties and the application, the AFM can be oper-
ated in a number of modes. One frequently used mode is the contact mode, where 
the tip is in constant contact with the sample. While the contact mode offers the 
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  Fig. 6.2    Schematic representation of the working principle of AFM       
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highest resolution, the shear forces applied by the tip may damage soft samples and 
surfaces with weakly adsorbed molecules. Another frequently used mode is the tap-
ping mode, where the cantilever is oscillating above the moving sample and the 
changes in amplitude and phase are tracked. Since the tip is not in contact with the 
sample, the tapping mode is suitable for soft samples. Besides high resolutions, 
other advantages of the AFM include its ability to operate in a variety of environ-
ments including air and aqueous solutions, its ability to measure interaction forces 
between a surface and adsorbed molecules and its ability to measure electrical prop-
erties (e.g. charge density) of a surface. On the other hand, limiting characteristics 
of the AFM are a much slower scanning speed, small scanning area (less than 100 
μm wide), sample damage or sample movement caused by shear forces from the tip 
and probe damage caused by hard samples with steep features.   

6.3.2     Chemical Characterisation 

6.3.2.1     Attenuated Total Refl ectance Fourier Transform Infrared 
Spectroscopy (FTIR) 

 The surface chemistry of polymeric biomaterials can be investigated by various 
spectroscopic techniques, and ATR-FTIR is one spectroscopic technique that is 
widely employed. The principle behind Fourier transform infrared spectroscopy 
(FTIR) is that various organic functional groups absorb light at specifi c wavelengths 
in the infrared (IR) spectrum that are characteristic of their vibrational modes [ 119 ]. 
Hence, FTIR allows quantitative determination of a sample’s chemical composition 
and is a powerful tool to track the chemical changes that occur in a chemical reac-
tion. FTIR is typically performed by passing a beam of IR light through a solid 
sample blended with a salt transparent to IR or a liquid sample sandwiched between 
two salt discs. However, since most polymeric biomaterials are opaque to IR light 
and cannot be homogeneously blended with salt, they are analysed in the attenuated 
total refl ection mode, where the surface of the sample is pressed onto an inorganic 
crystal (e.g. ZnSe or Ge) and a beam of IR light is directed towards the crystal- 
sample interface. Despite total refl ection at the interface, the incident IR beam pen-
etrates the sample in the form of an evanescent wave. After the sample absorbs light 
at specifi c wavelengths, the refl ected beam leaves the crystal and is converted to an 
IR spectrum by the FTIR system [ 120 ,  121 ]. While the ATR-FTIR is fast and easy 
to use, it is not a very surface-specifi c technique because the probe depth ranges 
from several hundred nanometres to several micrometres. In contrast, a layer of 
immobilised molecules (e.g. proteins) on a surface may only be several to tens of 
nanometres thick. For polymeric biomaterials, the bulk phase’s IR absorption may 
mask the peaks of the immobilised molecules, making it impossible to detect the 
presence of the immobilised molecules [ 108 ]. Because of this reason, ATR-FTIR is 
limited to the analysis of homogeneous samples or thin layers of organic molecules 
on inorganic substrates, where the IR absorptions of the inorganic phase do not 
overlap with that of the organic molecules.  
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6.3.2.2     X-Ray Photoelectron Spectroscopy (XPS) 

 XPS is a more powerful and more surface-specifi c technique than ATR-FTIR for 
analysing the surface chemical composition of polymeric biomaterial, with a sam-
pling depth of less than 10 nm [ 108 ]. In XPS, soft X-rays are directed onto the 
sample to excite the electrons in the atoms, causing the electrons at the surface of 
the sample to eject. The quantity of the ejected electrons is measured as a function 
of the incident energy by the photoelectron spectrometer. As each chemical ele-
ment has a characteristic spectrum, the overall spectrum can be used to quantita-
tively determine the elemental composition of the sample surface. Although the 
incident X-ray can penetrate far into the sample surface, only the electrons within 
10 nm of the surface can leave the sample without obstruction [ 113 ,  122 ]. This 
explains the high surface specifi city of XPS. The sampling depth and surface sen-
sitivity can be further controlled by changing the angle between incident X-ray 
and the sample surface. As XPS is surface specifi c, it is a useful tool to detect the 
presence of immobilised molecules on the surface of a modifi ed biomaterial. For 
example, protein molecules grafted onto an aliphatic polymer can be detected and 
quantifi ed by the N1 peaks, since nitrogen atoms are present in the protein mole-
cules but not in the polymer [ 123 ] (Fig 6.3). Besides elemental quantifi cation, 
chemical state information can also be obtained from XPS, as the chemical envi-
ronment around an atom can infl uence the binding energy of the ejected electrons 
and cause a chemical shift. One example is carbon, which exhibits different bind-
ing energy in various functional groups. As a result, the chemical shift of the C1 
peak can be used to identify certain functional groups [ 124 ]. However, one major 
limitation of XPS is its inability to detect hydrogen or helium, which can lead to 
inaccurate information on the elemental composition of a hydrogen-containing 
sample. While XPS is sensitive, it requires a vacuum environment to prevent scat-
tering of ejected electrons by gas molecules. This means that, similar to SEM, 
XPS is only suitable for dry samples and may not be suitable for surfaces with 
adsorbed molecules. In addition, caution has to be taken for polymers and biomol-
ecules as they can degrade under X-ray radiation, leading to altered chemical 
properties.

6.3.2.3        Time-of-Flight Secondary Ion Mass Spectroscopy (TOF-SIMS) 

 TOF-SIMS or simply SIMS is a spectroscopy technique for obtaining informa-
tion on the chemical composition of a solid surface. With a sampling depth of 
1–2 nm, it has an even higher surface specifi city than XPS. Originally developed 
for the analysis of inorganic materials, SIMS has progressed into a versatile tool 
for the analysis of organic molecules, biomolecules and polymers, and it has an 
advantage over XPS for being able to identify hydrogen [ 108 ,  113 ,  123 ]. In 
SIMS, a beam of energetic primary ions, usually argon or gallium, is directed 
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onto the sample surface, generating a collision cascade where the primary ions 
transfer energy to the sample. The collision causes atoms and molecules to sput-
ter from the sample surface. A small portion of the sputtered particles are ionised 
to produce secondary ions, which are accelerated to the same kinetic energy via 
an electric fi eld and then made to travel the same distance in a fi eld-free drift 
region before reaching the detector. As the speed of the ions depends on their 
masses, the time of fl ight of an ion provides information on its mass and eventu-
ally its identity. As each chemical structure has its characteristic mass spectrum, 
analysis of the fi nal spectrum can provide signifi cant information on the chemi-
cal composition of the sample surface [ 125 ,  126 ]. TOF-SIMS can be operated in 

  Fig. 6.3    XPS survey of material surfaces. ( a ) XPS can be used to obtain a wide survey spectra of 
material surfaces. Here, polycaprolactone ( PCL ) fi lms were modifi ed with polyacrylic acid ( pAAc ) 
to allow conjugation of a protein (CD34 antibody), as identifi ed by the peak at 286.4 eV. ( b ) 
Relative intensity of the deconvoluted C1S spectra can also be used to show increase in carboxyl 
groups following PAAc engraftment, followed by introduction of peptide groups following CD34 
antibody conjugation (Reprinted with permission from Chong et al. [ 77 ], with permission from 
Elsevier)       
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two modes – static and dynamic. Static TOF-SIMS scans the sample surface 
with a low-energy primary ion beam to produce a static analysis of the topmost 
layer of the sample. Dynamic TOF-SIMS uses a high-energy primary ion beam 
to erode the sample surface continuously and record the real-time signal simul-
taneously, producing a depth profi le of the chemical compositions layer by layer 
into the bulk. While SIMS is highly sensitive for surface analysis, it can also be 
sensitive to contamination. Common contaminants include plasticisers found in 
plastic containers and silicones found in double-sized tape used to secure sam-
ples [ 123 ]. Because of this reason, SIMS samples should be stored in aluminium 
foil or clean glass containers. Like SEM and XPS, SIMS is performed in a high-
vacuum environment, so samples should be dry and stable in vacuum. Another 
limitation of SIMS is the huge quantity of data generated, as every pixel of a 
two-dimensional image contains a full mass spectrum. Analysis of the data can 
be extremely time-consuming and complicated if one does not know the sample 
well. To simplify data analysis and maximise the amount of meaningful informa-
tion, computational multivariate analysis methods are developed to process 
TOF-SIMS images [ 127 ].

  Table 6.2    Most common techniques for characterising polymeric biomaterial surfaces   

 Technique  Category  Probe  Information  Requirement 

 Contact angle  Physical  Liquid drop  Surface energy  Clean, 
homogeneous, 
nonporous surface 

 Scanning electron 
microscopy (SEM) 

 Physical  Electrons  Surface 
topography 

 Vacuum, conductive 
sample surface 

 Atomic force 
microscopy (AFM) 

 Physical  Cantilever  Surface 
topography, 
composition, 
roughness 

 Attenuated total 
refl ectance Fourier 
transform infrared 
spectroscopy 
(FTIR) 

 Chemical  Infrared light  Surface 
composition, 
binding state 

 Bulk phase having 
no overlapping IR 
absorption with 
surface molecules 

 X-ray 
photoelectron 
spectroscopy 
(XPS) 

 Chemical  X-ray/electrons  Chemical 
composition, 
binding state 

 Vacuum, separate 
elemental analysis 
for hydrogen 

 Time-of-fl ight 
secondary ion mass 
spectroscopy 
(TOF-SIMS) 

 Chemical  Ions  Surface 
composition 

 Vacuum, samples 
stored in aluminium 
foil or clean glass 
containers 
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6.4          Characterisation of Biocompatibility 

 Having discussed the physical and chemical characterisation methods, this section 
focuses on the biological characterisation of surface-modifi ed biomaterials. In gen-
eral, the ISO 10993 provides an extensive set of guidelines to evaluate the safety and 
effi cacy of devices and may be applied towards material testing. It also provides an 
opportunity for the investigator to better understand the safety and effi cacy profi les 
of the material used, which may be helpful in the eventual translation of the material 
into clinics. Many of these tests are contextual and need to be appropriately selected 
for use in specifi c applications. The ISO 10993-13, for example, deals with material 
interactions with blood and provides the basis for selection and design of appropri-
ate tests for blood-contacting surfaces, such as engineered blood vessels. It is, how-
ever, beyond the scope of this chapter to describe each section in detail; the ISO 
10993-5 provides basic guidelines for cytocompatibility testing and will be the 
focus of discussion. At this point, it should be noted, for eventual translation into the 
market, that the European Committee (EC) adopts this standard and makes it part of 
their technical review; where additional requirements are required, the adopted ver-
sion has a prefi x “EN”. It may be useful to conform to the more stringent require-
ments in the standard issued by the EC. 

6.4.1     ISO10993-5: Tests for In Vitro Cytotoxicity 

 The ISO 10993-5 deals primarily with the evaluation of cytotoxicity or, more accu-
rately in this case, the lack thereof. Broadly, it involves exposing test cells to the 
material, either directly or indirectly, followed by evaluation of viability. Some tests 
available for such evaluations are listed in Table  6.3 .

   In general, a numerical grade of >2 in qualitative scoring is considered cytotoxic. 
For qualitative testing, reduction of cell viability by >30 % shall indicate cytotoxic 
effects. Under these conditions, signifi cant considerations shall be given to the sur-
face modifi cation procedure, which could include but is not limited to (1) use of 
cross-linking agents, (2) chemical alteration of biomaterial molecular structure and 
(3) surface-modifi ed coating chemistry and its cytotoxicity effects. 

 At this point, it is critical to highlight that the evaluation of cytocompatibility 
alone is not a direct measure of surface modifi cation effi cacy (except where the 

   Table 6.3    Summary of cytotoxicity tests and their corresponding cell lines   

 Test name  Suitable cell lines 

 Neutral red uptake  BALB/c 3T3 cells, clone 31 CRB 9005 
 Colony-forming cytotoxicity  V79 
 MTT cytotoxicity  L-929 
 XTT cytotoxicity  L-929 

  Referenced from ISO 10993-5:2009, Annexes A–D. Copyright remains with ISO  
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modifi cation is performed specifi cally to improve cytocompatibility). It does, how-
ever, provide important indications on the safety profi le of the surface coating pro-
cess, in order to fl ag out unexpected cytotoxic events arising from the modifi cation 
process. 

6.4.1.1     Direct Contact 

 Direct contact methods involve the direct exposure of cells to the material surface, 
followed by evaluation of cell viability. One important test requirement would be to 
ensure that there is at least one fl at surface (no specifi c requirement on roughness is 
provided). In addition, if the biomaterial is meant to be used sterile, then it shall be 
sterilised accordingly before testing is done. Otherwise, the basic principles of asep-
tic handling during testing shall apply. The selection of cell lines to be used for 
testing shall, in principle, follows the requirements of the standard. However, con-
cession is also given to situations where a specifi c response to a selected cell line is 
desired; in this case, cell line reproducibility and accuracy of response need to be 
demonstrated. Testing the material involves culturing the cells to subconfl uency on 
standard plates and subsequently placing the material directly on the cells. Cell 
viability is then tracked over multiple days and may also be morphologically 
observed under microscope. Important test requirements are that appropriate exper-
imental controls (both positive and negative) should be included and that the bioma-
terial shall only cover one-tenth of the exposed surface area of the cell layer. 

 Determination of cytotoxicity may be performed using qualitative and quantita-
tive measurements although it is preferred that quantitative measurements are taken. 
If qualitative measurements are taken, the following table (Table  6.4 ) provides the 
guidelines to which cytotoxicity shall be measured.

6.4.1.2        Exposure to Liquid Extracts 

 This process involves the incubation of the modifi ed material in an extraction fl uid 
medium, to which the cells are subsequently exposed. Extraction conditions gener-
ally follow the principle of simulating or exaggerating clinical use conditions with-
out causing signifi cant changes in the biomaterial. For this purpose, the extraction 
vehicle can be culture medium, physiological saline or any other justifi able medium. 
Importantly, to fulfi l the requirements of the standard, the extraction vehicle(s) 
should allow extraction of polar and nonpolar elements. 

 The extraction conditions shall be conducted without causing signifi cant changes 
in the biomaterial and therefore should be chosen carefully. Generally, normal cell 
culture condition of 37 °C for a period of 24 ± 2 h is applied. However, raised tem-
peratures and durations of extraction may be applied provided that the chemistry of 
the biomaterial is unaffected, and the intended use of the biomaterial justifi es the 
extraction conditions. Additionally, in situations where the cumulative contact of 
the biomaterial is less than 4 h, and is in contact with intact skin or mucosa surfaces, 
the extraction times shall be at least 4 h.  
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6.4.1.3     Indirect Contact 

 Indirect methods are concerned with measuring the leachables from a material. Two 
methods are most commonly performed. In the agar diffusion method, selected cell 
lines are grown to subconfl uency, and 0.5–2 % mass percent of melted agar is casted 
over the cells, with a fresh culture medium change. The sample is then placed on top 
of the agar, followed by a predefi ned period of incubation (24–74 h) before evalua-
tion. In the fi lter diffusion method, a surfactant-free fi lter of pore size 0.45 μm is 
used. Briefl y, an aliquot of a continuously stirred cell suspension is added onto the 
surfactant-free fi lter and incubated until subconfl uency is achieved. The fi lters are 
then transferred onto a layer of solidifi ed agar (cell side facing down) before the 
biomaterial is placed onto the acellular side of the fi lter (top side).    

6.5     Conclusion 

 Surface modifi cation of biomaterials allows for retention of desirable bulk proper-
ties, while directing favourable biological reactions. In this chapter, common sur-
face modifi cation methods were discussed. Additionally, methods of characterising 
the material surfaces were summarised. Evaluation should be performed in accor-
dance with existing standards, in order to facilitate eventual clinical translation. 
Thorough understanding of the available modalities to modify and characterise 
material surfaces will be integral for the appropriate design of tissue engineering 
scaffolds.     
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    Chapter 7   
 Gradient Biomaterials and Their Impact 
on Cell Migration                     

     Zhengwei     Mao     ,     Shan     Yu    ,     Tanchen     Ren    , and     Changyou     Gao    

7.1           Introduction 

 Regenerative medicine is the process of regenerating cells and extracellular matrix 
to restore the normal functions of tissues. An important step is to recruit nearby 
somatic or stem cells to wound sites with the assistance of biomaterials [ 1 ]. Within 
this process, cell migration, especially directionally moving toward the wound site 
under the guidance of spatiotemporal signals, plays a paramount role [ 2 ]. Therefore, 
it is very important to study the cell migration behavior with the presence of physi-
cal, chemical, and biological cues to get in-depth understanding of tissue regenera-
tion process and thereby provide guidance principles for designing advanced 
biomaterials. 

 Cells migrate in response to gradients of stimuli such as dissolved chemoattrac-
tants (chemotaxis) or surface-attached molecules (haptotaxis) as well as biophysical 
contact cues (durotaxis or mechanotaxis) in vivo [ 3 ,  4 ]. Ramón Cajal (1892) fi rst 
proposed that gradients of attractive molecules could guide growing axons to their 
targets [ 5 ]. Since then, in vivo gradients of chemical signals have been proved to 
exist, and their roles in guiding the translocation of cells have been widely 
recognized. 

 The “gradient biomaterials” offer an ideal model, enabling the studies of cell 
behaviors in a complicate and precisely regulated microenvironment. Over the past 
20 years, a lot of techniques have been developed to generate spatiotemporal gradi-
ents and advanced functional biomaterials [ 6 ,  7 ]. The gradient biomaterials have 
been adopted to systematically study the cell responses to biomaterials including 
cell adhesion, distribution, and alignment [ 8 ]. Recently, cell migration induced by 
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gradient biomaterials [ 9 ] and their potential applications in tissue regeneration [ 10 , 
 11 ] are attracting more and more attentions. 

 In this chapter, we focus on the design of the gradient biomaterials and their 
impact on cell migration. Firstly, the knowledge obtained from nature: biological 
gradients existing in vivo and their infl uences on cell migration will be introduced. 
Methodologies for preparing the gradient materials will be summarized, followed 
by the directed migration behaviors of cells. Finally, the chapter concludes with cur-
rent challenges and future perspectives.  

7.2     Cell Migration 

 Cell migration in vivo is a very signifi cant process on both physiological and patho-
logical aspects. During embryonic development in mammal, cells migrate beneath 
ectoderm to create different germ layers, which are required for proper tissue for-
mation [ 12 ]. Cell migration is also prominent in numerous processes in adults, such 
as morphogenesis, angiogenesis, wound healing, immune response, and tumor 
metastasis [ 13 ,  14 ]. For example, when wound occurs, immune cells and subse-
quently fi broblasts invade into the temporarily formed clots to fi ll the defect under 
the guidance of infl ammatory factors. Meanwhile, the epidermal cells proliferate 
and migrate to cover the surface [ 13 ]. In metastasis, tumor cells detach from the 
original tumor tissue, invade into blood and lymphatic systems, and subsequently 
settle down into a new site. 

 More importantly, undesired cell migration will cause diseases or improper 
regeneration of tissues such as atherosclerosis, a chronic infl ammatory disease of 
arterial wall [ 15 ]. During atherosclerosis, endothelium, composed of endothelial 
cells (ECs), is damaged, and subsequent migration of vascular smooth muscle cells 
(SMCs), which naturally move much faster than ECs to the impaired vessels, is 
stimulated by various infl ammatory factors [ 16 ], leading to further damage of the 
vasculature. In-stent restenosis (ISR), a particular refractory form of neointimal 
hyperplasia [ 17 ], is another example. Stent implantation has become the main 
method to treat coronary artery diseases. However, the implantation may induce a 
series of pathological processes such as thrombosis and abnormal release of cyto-
kines. These pathological events subsequently trigger the migration and prolifera-
tion of SMCs and thereby induce ISR [ 18 ]. Therefore, it is of great importance to 
understand the mechanism of cell migration especially under correct physiological 
conditions. 

7.2.1     The Biological Processes of Cell Migration 

 The migration of single cell is the best-studied model of cell movement in vitro, and 
the newly developed fl uorescent tagging technology also makes it possible to visu-
alize the cell migration in vivo [ 19 – 21 ]. Cell migration is a complex process 
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requiring work cooperation of cytoskeleton, membrane, and signaling systems (Fig. 
 7.1 ) [ 22 ]. Responding to the external topographic or chemical stimuli, cells protrude 
their leading edge [ 23 ]. The directional extension of active membrane, including 
both lamellipodia (sheetlike protrusions) and fi lopodia (spikelike protrusions), 
brings on attachment and thus traction force to the substrate, resulting in a counter-
force on the cell to promote cell migration [ 24 ]. The contraction of cytoskeleton 
fi laments pulls the cell body toward the leading edge, with a consequent release of 
attachment at the rear to allow the tail to retract, then the cell moves forward. All 

  Fig. 7.1    A schematic of the three stages of cell movement: after determining its direction of 
motion, the cell extends a protrusion in this direction by actin polymerization at the leading edge. 
It then adheres its leading edge to the surface where it is moving and de-adheres at the cell body 
and rear. Finally, it pulls the whole cell body forward by contraction force generated on the cell 
body and rear of the cell (Reprinted from [ 22 ] with permission. Copyright Ivyspring International 
Publisher)       
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these steps involve the assembly and disassembly of the cytoskeleton fi laments, 
especially actin fi bers, producing forward movement of cells. Herein, moderate 
adhesion strength provided by the supporting matrix is essential for dynamic cell 
protrusion and contraction [ 25 ].

   The cell migration process also involves the spatiotemporal transition of intracel-
lular signaling, such as focal adhesion kinase (FAK), mitogen-activated protein 
kinases (MAPKs), and Rho GTPases [ 20 ,  26 – 28 ]. Rho family GTPases, including 
Cdc42, Rac, and Rho, act as molecular switches of actin polymerization, actomyo-
sin contraction, and cell mobility. Cdc42 and Rac regulate actin polymerization and 
membrane protrusion, while Rho generates the contraction and retraction forces 
required in the cell body and at the rear [ 29 ]. MAPKs, including ERK, p38MAPK, 
and JNK, can promote cell migration by regulating actin dynamics. For example, 
ERK1 and ERK2 can phosphorylate MLCK and increase MLC phosphorylation to 
enhance cell migration [ 30 – 32 ]. In addition, many downstream signal molecules 
participate in the migration process. For example, the Ser/Thr kinase p65PAK con-
trols focal adhesion turnover since the integrin adhesion complexes should be 
dynamically changed, allowing the cells to adhere and pass [ 33 ]. 

 Collective migration is the second principal mode of cell movement [ 34 ,  35 ]. 
This mode differs from single cell migration since cells remain connected as they 
move, resulting in migrating cohorts and varying degrees of tissue organization [ 36 , 
 37 ]. Collective migration of cohesive cell groups in vivo is particularly prevalent 
during embryogenesis and drives the formation of many complex tissues and organs. 

 Collective cell migration can be defi ned by three hallmarks. Firstly, the cells 
remain physically and functionally connected because the cell-cell junctions are 
well preserved during movement [ 38 ,  39 ]. Secondly, multicellular polarity and 
organization of the actin networks generate traction and protrusion forces for migra-
tion and maintain cell-cell junctions. Thirdly, in most modes of collective migra-
tion, moving cells structurally modify the tissue along the migration path, leading to 
the modifi cation of ECM [ 40 ]. Depending on the context, collective movement can 
occur by two-dimensional sheet migration across a planar surface or by multicel-
lular strands or groups moving through a three-dimensional scaffold.  

7.2.2     Gradient Signals In Vivo 

 Although cells have different migration patterns, they migrate in response to diverse 
gradients of stimuli in vivo. They are surrounded by extracellular matrix (ECM), 
which is a complex network consisting of proteins, polysaccharides, and signaling 
molecules. Physical cues such as pore size, topography, and stiffness as well as 
chemical cues including the composition of ECM and concentration of signal mol-
ecules are the main guiding cues for cell migration in vivo, inducing cell polarity 
and thus controlling the migration rate and direction. 
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7.2.2.1     Physical Gradients and Their Infl uence on Cell Migration 

 Physical gradients are defi ned as the gradual varying physical properties such as 
porosity, stiffness, and morphology. Native bones have physical gradients. The 
dense cortical bone locates in the outer layer and low-density “trabecular” bone 
locates inside. The pore size decreases from inside to outside. Such structures pro-
vide great permeability and excellent mechanical support [ 41 ]. Particularly, the 
mechanical strength or modulus is inversely dependent on the porosity and the pore 
volume [ 42 ]. Therefore, the bimodal structure of bone (cortical and cancellous) 
gives rise to the gradient of mechanical properties in the nature bone. In addition to 
the porosity, the bone stiffness and elasticity can also be determined by the variabil-
ity of mineralization or mineral density, cell type, and cytokine gradient features 
[ 43 ]. The compression strength differs from 133 MPa in midfemoral to 6.8 MPa in 
proximal femoral, while the modulus of elasticity decreases from 17 to 0.4 GPa 
[ 44 ]. Teeth also contain gradients in composition and mineral density, which give 
rise to gradients in mechanical properties [ 45 ]. 

 Cells can guide their movement by probing the substrate rigidity. Endothelial 
cells (ECs) and smooth muscle cells (SMCs) can move into tumor tissues due to 
higher stiffness inside, leading to fast angiogenesis. Fibroblasts also can move into 
scar tissues because of its higher stiffness and speed up the wound healing process 
[ 46 ]. 

 As shown in Fig.  7.2  [ 47 ], increase in substrate stiffness can cause an increase in 
traction force, which would then pull the region forward and trigger a bias in move-
ment direction and an increase in spreading. Such force-induced cytoskeletal con-
tractility was also suggested by studies that adopted magnetic twisting force or 
dragging force onto integrin-bound beads. The cells responded by increasing the 
resistive forces and/or reinforcing the integrin-cytoskeleton linkages [ 48 ,  49 ]. Based 

  Fig. 7.2    Model for the signal detection of substrate stiffness. The initial probing forces are gener-
ated by actin-myosin interactions associated with cell-substrate adhesion sites. ( a ) On a soft sub-
strate, the receptor-ligand complex is mobile and the tension at the anchorage site is weak. With a 
given energy input ( black area  under the force-displacement graph), the complex can move over a 
long distance ( x-axis ). ( b ) On a stiff substrate, equivalent energy consumption (shown as an equiv-
alent  black area  under the force-displacement graph) causes a higher tension ( y-axis ) and lower 
displacement of the receptor-ligand complex ( x-axis ). The increase in tension may induce an infl ux 
of extracellular calcium through the stress-activated channels (Reprinted from [ 47 ] with permis-
sion. Copyright 2000 The Biophysical Society)       
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on these observations, Sheetz et al. speculated that stiffness of the ECM might func-
tion as an environmental cue to orient the direction of cell movement [ 50 ].

   It is unclear how cells actually translate substrate rigidity into downstream 
responses. One possibility is that cells can directly sense the distance of receptor 
movement as a result of exerted probing forces. Alternatively, the rigidity of the 
substrate could be determined by monitoring the magnitude of counterforces upon 
the consumption of a given amount of energy. On the stiff substrate, strong mechan-
ical feedback from the substrate occurs after a small receptor displacement. Because 
elastic energy is the integration of forces along the distance, with the same amount 
of energy consumption, the soft substrate can generate only a weaker mechanical 
feedback but a larger displacement. The stronger mechanical feedback on stiff sub-
strate may then lead to the activation of stress-sensitive ion channels [ 51 ] or confor-
mational changes of other tension-sensitive proteins. These responses in turn may 
regulate the extent of protein tyrosine phosphorylation, the stability of focal adhe-
sions, and the strength of contractile forces [ 52 ]. Therefore, an effective navigating 
system emerges, in which cells send out local protrusions to probe the mechanical 
properties nearby. Those receiving strong feedback from the environment are ampli-
fi ed and become the primary leading edge, whereas those receiving weak feedback 
become unstable and may be further weakened because of the reorganization of the 
cytoskeleton. These coordinated responses would be a powerful means to direct cell 
movement in response to mechanical gradient [ 47 ]. By utility of step-rigidity micro-
post arrays, cells are proved to sense substrate rigidity locally to induce an asym-
metrical intracellular traction force distribution to contribute to durotaxis [ 53 ].  

7.2.2.2     Chemical Gradients 

 There are two main styles of chemical gradients in nature in living body. One is the 
biomolecules bound in extracellular matrix, including chemokines, hormones, and 
proteins. The dominating proteins are ECM proteins such as collagen, fi bronectin 
(Fn), and laminin and growth factors such as fi broblast growth factor family (FGFs), 
vascular epidermal growth factor (VEGF), and so on. They can initiate multiple 
intracellular signaling pathways after binding to the receptors on cell surface, regu-
lating various cell responses. For example, bone morphogenetic protein (BMP) con-
centration gradient in zebrafi sh is responsible for guiding bone formation [ 54 – 56 ]. 
Semaphoring Sema 2a concentration gradient is also known for guiding neuron 
outgrowth [ 57 ]. Expression of laminin-2 decreases from the base of the villus to the 
top in the epithelium of the small intestine, while the expression of laminin-1 
increases. Stem cells are guided by this signal gradient and proliferate and undergo 
differentiation while moving upward to the tip of the villus in vivo. The other kinds 
of gradients are made of soluble biomolecules, formed through diffusion and con-
vection (larger molecules) when they are released from the cells and the matrix [ 58 , 
 59 ]. The cells respond to the gradients in a diffusion speed and distance-dependent 
manner [ 60 ]. Tumor cells, for example, are known to secrete an array of chemokines 
(e.g., IL8, CCL21, SDF-1α) and growth factors (e.g., EGF) to form a tight control 
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of their microenvironments and to enhance their ability to migrate to a distant site 
[ 61 ,  62 ]. Immune cells are another kind of cells that utilize molecular gradients 
within their surrounding as guidance cues to migrate [ 63 ,  64 ]. Dendritic cells, for 
instance, are known to migrate up lymphoidal chemokine gradients (CCL21 and 
CCL19) toward lymphatic vessels [ 65 ]. 

 The second example of the molecular gradient formation is the oxygen concen-
tration or pH gradient as a result of cellular metabolic activities [ 66 – 69 ]. Tumor 
cells have a high metabolic rate and thus a high oxygen consumption rate. Tumor 
cells initially grow with a mature vascular structure until the tumor body reaches a 
critical size, where the cells in the center become hypoxic due to limited oxygen 
supply from their surrounding tissues by diffusion. As a result, an oxygen concen-
tration gradient with the highest concentration at the tumor edge is generated. In a 
vascularized tumor, blood vessels are oxygen suppliers to the tumor cells. Due to 
tumor metabolic activities, there is an oxygen and pH gradient adjacent to the blood 
vessel. As a result, tumor cells can sense the oxygen concentration gradient and pH 
gradient and then move toward blood vessels, which is a key step of tumor metasta-
sis [ 61 ,  66 ]. In contrast, endothelial cells migrate toward the acidic end of an extra-
cellular pH gradient, because cell membrane protrusion stability and actin–integrin 
adhesion complex formation are increased in acidic pH, which could contribute to 
the preferential polarization toward acidic pH and favor directional cell migration 
[ 70 ]. 

 These two kinds of gradients also coordinate with each other to complete bio-
logical activities. For example, during angiogenesis, the soluble VEGF gradient 
increases the vessel caliber, while the gradient of matrix-bound VEGF promotes the 
vessel branch sprouting [ 71 ].   

7.2.3     Possible Mechanism of Gradient-Dominated Cell 
Migration 

 In nature, an object always travels randomly in an environment without an asym-
metric cue, which has been recognized as Brownian movement. In an anisotropic 
system, a driving force is imposed to the object due to the asymmetric interactions 
with surrounding environment. The directional transport of liquid and particles 
based on the gradients of surface energy has been reported [ 7 ,  72 ]. 

 The fi rst response of cells to the gradient is to polarize, by redistributing chemo-
sensory signaling receptors on their surface [ 73 – 75 ]. Chan et al. reported that the 
cells reoriented and positioned toward the direction of higher ligand density when 
they were seeded on a ligand density gradient [ 76 ]. Arnold and Hirschfeld-Warneken 
et al. prepared an RGD density gradient to control the spatial distribution of integrin 
receptors on cell membrane, leading to the cell polarization and subsequent migra-
tion [ 77 ,  78 ]. Directional cell migration can be achieved when cellular polarization 
is kept in one direction due to the presence of the external gradient signaling. 
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Another explanation of gradient-guided cell migration is attributed to the adhesive-
ness between the cell and the underlying substrate. Cells attach to the substrate 
stronger at one end. The imbalance of adhesive force leads to forward movement 
toward the direction of increasing adhesiveness. The rear of the cells contracts to 
diminish the cellular polarization extent, and the movement is paused until the cells 
polarize again [ 73 ,  74 ]. Smith et al. found that the cells move faster on the gradient 
with a larger slope, but had no difference in cell polarization [ 79 ]. So the increase of 
migration speed is attributed to the higher frequency of cellular polarization, gradi-
ent recognition, and/or more stable polarization state.   

7.3     Methods to Prepare Gradient Biomaterials 

 Since cells migrate in response to signal gradients in vivo, it would be of interest to 
prepare gradient biomaterials to mimic the signal and study material–cell interac-
tions and/or guide cell directional movement for tissue regeneration. So far many 
methods have been developed to prepare gradient biomaterials. Although 3D gradi-
ent biomaterials are more important in application, however, their preparation meth-
ods and structures are relatively more complicate and diffi cult to control precisely. 
More importantly, it is much more diffi cult to elucidate the cell responses in 3D 
gradient biomaterials, which is not favorable to discuss the biological effect of gra-
dient biomaterials and subsequently optimize their structure. Thus most efforts are 
focused on the development of 2D gradient. 

 There are two categories of techniques for producing gradient surfaces: “bottom-
 up” and “top-down.” The former technique constructs patterns by continuously 
introducing building blocks on the surface, such as silane, thiol, and macromole-
cules without destroying the bulk materials [ 80 ]. The latter one is deconstruction 
and modifi cation of surfaces gradually via external stimuli such as light, electron, 
plasma, etching solution, and so on [ 81 ]. As a result, the structures and properties of 
the surface will be altered. 

 Besides these technologies that are initially designed for the modifi cation of 
material surface, another category of technologies has been developed to construct 
gradients in 3D matrix. 

7.3.1     Bottom-Up Approaches 

 The bottom-up technologies are valid for various functional molecules and are 
feasible to control their grafting density, chain length, and spatial organization. 
By changing the chemical structures, the surface properties can be gradually 
switched from hydrophilic to hydrophobic [ 82 ], from soft to rigid, and from cell 
resistant to cell adhesive [ 83 ]. The gradient surfaces can be prepared based on 
kinetic and spatial controlled reaction (Fig.  7.3 ).
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7.3.1.1       Infusion 

 By gradually elevating or lowering the solution level, surfaces can be decorated 
with organic monolayer with a gradient pattern [ 87 ,  88 ]. The method is so simple 
and convenient that neither special instrument nor rigorous condition is required. 
Furthermore, it is feasible to generate gradients of a variety of chemical functional-
ities on the millimeter to centimeter scale. By controlling the injection speed, the 
position on the gradient corresponds directly to the immersion time. The slope of 
the gradient also can be tuned by adjusting the injection speed: higher infusion 
speed will make a smaller slope [ 89 ]. Also, the slopes and the lengths of the gradi-
ents can be tailored by changing the feeding concentration [ 90 ]. The concentration 
of molecules or the molecular weight of polymers on the gradient decreases linearly 
with its maximum at the bottom end which reacts for the longest time. Yu et al. 
fabricated a gradient from superhydrophobicity to superhydrophilicity by slowly 
adding the HS(CH 2 ) 11 CH 3  solution to the container holding the gold substrate and 
then backfi lling HS(CH 2 ) 10 CH 2 OH [ 91 ]. In a further step, the gradients can be back-
fi lled either in a contrary direction (head-to-tail method) or by fully immersing it 

  Fig. 7.3    ( a ) Schematic design of a representative gradient-generating microfl uidic network. 
Solutions containing different chemicals are introduced from the  top  inlets and allowed to fl ow 
through the network. When all the branches are recombined, a concentration gradient is estab-
lished across the outlet channel (Reprinted from [ 84 ] with permission. Copyright 2001 American 
Chemical Society). ( b ) Thiol diffuses into the stamp from an ink pad. It leaves the stamp because 
of adsorption to the gold surface and creates a partially covered surface (Reprinted from [ 85 ] with 
permission. Copyright 2005 American Chemical Society). ( c ) Symmetrical lateral gradients are 
generated using hemicylindrical stamps. The contact area increases under increased compression. 
The  darker areas  indicate the more hydrophobic region where the contact time is longer. The 
sketch is not to scale (Reprinted from [ 86 ] with permission. Copyright 2003 American Chemical 
Society)       
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into the complementary solution (full immersion method). Obviously, the head-to-
tail method produces a steeper gradient [ 92 ].  

7.3.1.2     Diffusion 

 The molecular diffusion and transportation can be achieved in solution, vapor, or 
gel. The chemical gradient pattern is generated by imprinting the molecules onto the 
surface. Chaudhury et al. evaporated silane molecules, which were deposited more 
on the substrate end closer to the vapor source, and achieved the silane density gra-
dient [ 93 ]. The steepness of the gradient can be easily adjusted by controlling the 
diffusion time, the silane molecules, and environment conditions such as humidity 
and temperature [ 94 – 96 ]. Mougin et al. prepared a thiol concentration gradient by 
diffusing into a gel matrix and then transferred the gradient to gold substrates [ 97 , 
 98 ]. 

 Claussen et al. presented a straightforward experimental method for fabrication 
of a gradient in mechanical properties on the centimeter scale based on a 
poly(dimethyl siloxane) (PDMS) system. Compositional gradients are realized by 
using three syringe pumps feeding different prepolymers capable to undergo ther-
mal cross-linking. Within the gradient samples, the stiffness between the hard and 
soft part can be varied up to a factor of four. This method can be expanded to other 
polyaddition systems including polyurethanes and others based on photopolymeriz-
able acrylates and thiol-ene click chemistry [ 99 – 101 ]. However, there is a common 
problem called “fi ngering” when two diffusion streams meet. As a result, an inho-
mogeneity will inevitably exist in the direction perpendicular to the gradient [ 83 ].  

7.3.1.3     Microfl uidic Lithography (μFL) 

 Microfl uidic system offers a simple and fast way of generating dynamic chemical 
gradients of growth factors, ECM proteins, enzymes, drugs, or other functional mol-
ecules (Fig.  7.3a ). Gradient patterns are formed by injecting multiple solutions 
simultaneously into a channel network, after which the fl uid streams repeatedly 
split, mix, recombine, and branch. Finally, a chemical gradient is established in a 
single large channel that is perpendicular to the fl ow and combines all individual 
branches of fl uids. By designing the microchannel network, the slope and shape of 
the gradients are precisely controlled [ 84 ,  102 ]. Gunawan et al. injected laminin and 
collagen solutions into a microfl uidic system where the streams containing the high-
est concentration of laminin or collagen were in the farthest channel, respectively 
[ 12 ]. Finally, a concentration gradient with laminin and collagen in converse direc-
tion was formed. The microfl uidic system also can be used to generate physical 
gradients. For example, a roughness gradient was fabricated on a silicon wafer after 
etching by an HF concentration gradient generated by microfl uidic assay. By mix-
ing solutions of unifunctional monomers and bifunctional monomers in the micro-
channels and irradiated under the UV light, a stiffness gradient is created [ 103 ]. The 
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two-dimensional channel system limits itself to continuous patterns within relative 
small size. To overcome this limitation, 3D microfl uidic technique is developed 
using several layers of interconnecting channels [ 104 ]. It provides a unique plat-
form to generate complicate and discontinuous gradients and incorporates multiple 
biomolecules on one gradient [ 105 ].  

7.3.1.4     Lithography Techniques 

 The microcontact printing (μCP), developed by Whitesides and his coworkers, has 
been widely used for generating self-assembled monolayers (SAMs) for its versatil-
ity and highly accurate in nanoscale. Recently, a series of technologies have been 
developed based on μCP, such as decal transfer microlithography (DTM) [ 106 ], 
nanotransfer printing (nTP) [ 97 ], and metal transfer printing (MTP) [ 107 ,  108 ]. 
Kraus et al. produced a chemical gradient by the mass transfer microcontact print-
ing because the ink mass transported to the substrate was controlled by the thickness 
of the stamp (Fig.  7.3b ) [ 85 ]. Jeon et al. found that the surface density of octadecy-
ltrichlorosilane (OTS) was increased by prolongation of the reaction time [ 109 ]. 
Inspired by Jeon’s fi nding, Choi et al. developed a method to prepare chemical 
gradients by changing the contact time. Gradually or stepwisely increasing the pres-
sure upon the half ball-shaped elastic stamp results in the increase of contact area 
and correspondingly decreases the contact time from the center to the edge. 
Subsequently, density gradients of OTS were generated. The gradient length and 
slope were easily tuned by the radius and curvature of the elastic stamp (Fig.  7.3c ) 
[ 86 ]. Lang et al. prepared a microfl uidic network into a silicon wafer to deliver pro-
tein solutions containing different concentrations of an axonal guidance molecule 
ephrinA5 onto a silicone stamp. In a subsequent μCP step, the protein was trans-
ferred onto a polystyrene culture dish. In this way, stepwise substrate-bound con-
centration gradients of ephrinA5 were fabricated, spanning a total distance of 320 
μm [ 110 ]. Although the patterns generated by μCP are complex and facile, the μCP 
technologies are limited to planar surface [ 104 ]. 

 A series of surface patterning techniques which utilize an ultrasharp scanning tip 
(or an array of tips in some examples) have been developed for the fabrication of 3D 
nanostructures on surfaces. For example, Zheng et al. developed dip-pen 
 nanodisplacement lithography (DNL), a high-resolution, program controllable, 
solution- free, and diffusion-limited lithography tool for construction of molecules 
on a surface at the nanometer scale [ 104 ,  111 ]. Briefl y, an AFM tip inked with initia-
tor molecules ω-mercaptoundecyl bromoisobutyrate (MUDBr) was used to shave 
Au surfaces which had been modifi ed with an inert SAM of 16-mercaptohexadeca-
noic acid (MHA) at a contact mode. At high load (typically larger than 100 nN), 
MHA molecules were removed by the tip, where simultaneously MUDBr mole-
cules were transferred onto the same area of Au surface. Finally, poly(2-
(methacryloyloxy)ethyl-trimethylammonium chloride) (PMETAC) brushes were 
prepared via SI-ATRP method (Fig.  7.4a, b ). This technique can be used to project 
a 2D feature density array into a 3D surface morphology with polymer brushes 
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[ 112 ]. For instance, the authors fabricated polymer gradients of different shapes. A 
grayscale image with gradual change of brightness was fi rst converted into a bitmap 
image, where the density of white/black pixels is proportional to the brightness/
darkness. Then the bitmap was used as a blueprint for DNL patterning, yielding an 
initiator pattern comprising arrays of initiator nanodots. After SI-ATRP, PMETAC 
brushes were grown from the as-made initiator “bitmap” to generate a Mona Lisa’s 
face (Fig.  7.4c ).

7.3.1.5        Electrochemical Method 

 The isoelectric focusing (IEF) technology has been used to develop a concentration 
gradient of charged molecules and then transferred to a desired substrate [ 113 ]. In 
the IEF technique, the ampholytes migrate directionally due to the presence of the 
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  Fig. 7.4    3D PMETAC brushes fabricated by DNL. ( a ) Schematic illustration of the DNL process. 
( b ) Schematic illustration of obtained nanopatterning of polymer brushes. ( c ) 3D Mona Lisa por-
trait fabricated by the feature density method.  1  Grayscale image of Mona Lisa’s face. ( 2 ) Bitmap 
image converted from ( 1 ). ( 3 ) AFM topographic view of PMETAC brushes fabricated with DNL 
and SI-ATRP using ( 2 ) as guild map (Reprinted from [ 112 ] with permission. Copyright 2011 
WILEY-VCH Verlag GmbH)       
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electric fi eld. For instance, positively charged polylysine accumulates around the 
cathode and forms a concentration gradient accordingly. The gradient can be trans-
ferred to a substrate with the assistant of soaked PDMS stamp. This method can be 
applied to various polyelectrolytes including proteins, peptides, and polysaccha-
rides. The slope of the gradients can be adjusted by both electrical fi eld and pH 
value which determines the charge property of the molecules [ 114 ]. 

 Electrochemical techniques based on the oxidation–reduction reaction have also 
been used to prepare thiol gradients immobilized on the gold surface. By applying 
an external electric fi eld, the thiols are reduced and detached from the substrate on 
the region close to the cathode, whereas the thiols are oxidized and remained onto 
the substrate on the region close to the anode [ 76 ,  115 ].   

7.3.2     Top-Down Technologies 

 The top-down approaches are widely used to introduce active sites on inert surface. 
For the inert materials without reactive groups, such as polyethylene (PE), polytet-
rafl uoroethylene (PTFE), and polyesters, surface modifi cations can be performed 
under high-energy sources such as plasma, corona, and UV light (Fig.  7.5 ). They 
provide a destructive process on the surfaces and generate a lot of reactive residues. 
Chemical gradients can be prepared by spatially altering the exposure time or the 
power of the energy sources.

7.3.2.1       Plasma Treatment 

 The plasma changes substrate by bombarding the surface with high-energy particu-
lates such as electrons, atoms, ions, and radicals. The etching extent is gradually 
reduced by partly shielding off the reactive particles. Spijker et al. generated a gra-
dient surface by using an aluminum shield on the sample, with its slope conve-
niently tunable by changing the distance between the mask and the sample [ 116 ]. 
Mangindaan et al. created a wettability gradient on hydrophobic polypropylene fi lm 
by plasma treatment under a mask [ 119 ]. Various functional groups such as amino 
groups, carboxyl groups, hydroxyl groups, and sulfonic acid groups can be intro-
duced onto the substrate by applying nitrogen, ammonia, oxygen, and sulfur diox-
ide plasma, respectively [ 120 ,  121 ]. Polymer gradients can also be created on the 
surface under a shield during plasma polymerization process [ 122 ].  

7.3.2.2     Corona Discharge 

 The corona discharge treatment is a relative simple and cheap technology to gener-
ate gradient on the surfaces, as the samples are treated in air instead of in vacuum 
during the plasma treatment. Lee et al. adopted this technology to create various 
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gradient surfaces [ 117 ,  123 – 126 ]. For example, polymer sheets were placed under a 
knife-type electrode which was connected to a radio-frequency generator. Carbon 
radicals were produced on the polymer surfaces, forming hydroperoxides, and then 
decomposed into polar oxygen-based groups such as hydroxyl, ether, aldehyde, and 
carboxylic acid group [ 124 ]. Gradients with increasing density of functional groups 
can be produced by gradually enhancing power while moving the sample with a 
motorized drive [ 127 ]. The radicals also can serve as initiators to trigger the surface-
initiated polymerization and active sites to immobilize proteins and peptides [ 128 , 
 129 ].  

7.3.2.3     UV Irradiation 

 Peroxides can be generated on the surfaces under strong UV irradiation [ 130 ]. Bin 
et al. produced a gradient with increasing density of carboxyl groups by slowly 
moving the photomask between a UV lamp and polymer substrates [ 131 ,  132 ]. This 
process is effi cient and simple which only requires a light source. Besides, multi-
component can be immobilized simultaneously. Photolithography is another exam-
ple using light to prepare gradient materials [ 72 ,  118 ,  133 ]. For instance, the 
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  Fig. 7.5    ( a ) Schematic presentation ( side view ) of the glow-discharge reactor chamber, with the 
electrodes, sample cover, and sample position (Reprinted from [ 116 ] with permission. Copyright 
1999 Elsevier Science B.V.) ( b ) Schematic diagram of apparatus for preparation of a gradient on 
PE surfaces by corona discharge (Reprinted from [ 117 ] with permission. Copyright 2008 Elsevier 
B.V.) ( c ) Scheme of the preparation process of the gradient by a chemical degradation method. ( d ) 
Remote photocatalytic oxidation of a thiol SAM under a gradient of UV illumination (Reprinted 
from [ 118 ] with permission. Copyright 2007 American Chemical Society)       
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substrate is fi rstly covered with a thiol or silane self-assembled monolayer (SAM) 
and then irradiated by a UV light to destroy the organic layer. Blondiaux et al. devel-
oped a technique by combining a mask with grayscale gradient and titanium dioxide 
(TiO 2 ) remote photocatalytic lithography [ 118 ]. The TiO 2  layer was placed under 
the mask and the region exposed to UV irradiation produced radicals, which dif-
fused vertically and thus locally degraded the organic SAM on the gold surface 
underneath. As a result, a chemical gradient was created with tunable shape and 
length dependent on the masks.  

7.3.2.4     Wet Chemistry Etching 

 This method was normally applied to the degradable polymers such as polyesters. 
Gao et al. developed an aminolysis technology to introduce amino groups on the 
surface of polyesters, which act as active sites for further functionalization [ 134 –
 137 ]. Using this method, polymers are degraded progressively by continuously 
immersing into the reactive solution or injecting the reactive solution into a tube 
containing the substrates via a microinjection pump [ 138 ]. Tan et al. used this tech-
nology to construct an amine density gradient on poly(L-lactic acid) (PLLA) fi lm 
[ 139 ,  140 ]. Besides polyesters, the wet chemistry can also be applied to etch the 
polyelectrolyte multilayers which are assembled by the alternative adsorption of 
polycations and polyanions via electrostatic attraction. Generally, etching the mul-
tilayers in a salt solution with a critical high ionic strength will reorganize the charge 
and structure of the multilayers, leading to swell, soften, and even dissolve of the 
multilayers [ 141 ,  142 ]. The chemical composition and related structure of the modi-
fi ed multilayers are determined by the salt concentration, which provides a simple 
method to generate gradient multilayers. Han et al. post-treated the polyelectrolytes 
multilayers in a gradient NaCl solution with a concentration ranging from 3 to 5 M, 
yielding the gradient multilayers with a similar chemistry composition and surface 
charge but gradually changed swelling ratio [ 143 ]. 

 However, the top-down technologies in general are limited to the types of func-
tional surfaces generated and unsuitable to process surfaces with unstable biomac-
romolecules such as ECM proteins and growth factors. Thus, recently the bottom-up 
methods are more widely used or adopted to further functionalize the surfaces after 
introduction of active sites on inert surfaces by the top-down approaches.   

7.3.3     3D Gradient Generation Technologies 

 The gradients in a 3D matrix are more important because they are more similar to 
the situation in vivo and have the potential application of inducing cell migration in 
the tissue regeneration process. However, the “top-down” and the “bottom-up” 
technologies are usually applied to manufacture gradients on material surfaces, not 
suitable or at least needing major modifi cation in a 3D matrix. Up to present, only 
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limited technologies have been developed to generate 3D gradients in porous scaf-
folds or hydrogels. 

 Several techniques have been developed for fabricating physical gradient with 
gradually changing pore size or porosity in scaffolds, to mimic the graded tissue 
morphology in vivo [ 85 ,  86 ,  109 ]. For example, Tampieri et al. developed a multiple 
and differentiated impregnation procedure to prepare porosity-gradient HA scaf-
folds [ 42 ]. Roy et al. [ 144 ] and Woodfi eld et al. [ 145 ] used a 3D printing technology 
to create polymer scaffolds with gradually changing porosity and pore size, respec-
tively. Oh et al. developed a centrifugation method to fabricate a polycaprolactone 
(PCL) scaffold with gradually increasing pore size and porosity along a cylindrical 
axis via directional phase separation [ 146 ]. Additionally, gradients with gradually 
changing microstructure can be fabricated using a temperature gradient, based on 
the heat-induced phase separation [ 147 ,  148 ]. Polyurethane copolymers with differ-
ent block compositions are also good candidates for this method, resulted in diverse 
microphase separation and gradient of microstructure [ 149 ]. 

 It is relatively easier to prepare 3D chemical gradients in hydrogels due to their 
similarity to the solutions. Delong et al. prepared hydrogels with a bFGF gradient 
by diffusing two types of hydrogel precursor solutions (with/without bFGF) [ 150 ]. 
In brief, the PEG solution with bFGF was persistently injected into a container hav-
ing PEG solution without bFGF. The two solutions were mixed together and fi nally 
pumped into a mold where they were exposed to UV light to cross-link the polymer 
network and stabilize the gradient [ 8 ,  151 ]. Microfl uidic and diffusion technologies 
can also be applied to fabricate gradient hydrogels [ 10 – 14 ,  154 ]. The 3D stiffness 
gradient can be generated by spatially controlling the cross-linking degree. Wong 
et al. prepared polyacrylamide hydrogels with gradually changing modulus by 
applying a photomask with a grayscale gradient to control the polymerization 
degree under a UV light [ 155 ]. Hansen et al. fabricated arrays of 84 polymer gradi-
ents on a single glass microscope slide by inkjet printing, allowing a combination of 
high-throughput and true combinatorial methods. The gradual change of composi-
tion within the polymer gradients is achieved by using two different monomers and 
a cross-linker [ 156 ]. 

 In contrast to hydrogels, preparation of gradients in porous scaffolds is a bit more 
diffi cult and usually not precisely controllable. Charu et al. put a droplet of 
 EDC- activated protein solution under fi brin scaffolds. Along with the protein solu-
tion diffused upward to the top, a protein concentration gradient was generated and 
covalently immobilized within the 3D scaffolds. This kind of diffusion-based 
method offers good control of gradient slopes by changing reaction time and can be 
extended to conjugate a variety of proteins on different materials [ 139 ]. Oh et al. 
prepared PCL/Pluronic F127 scaffolds with gradually increasing growth factor den-
sity from top to bottom by centrifugation of fi bril-like PCL and subsequent surface 
immobilization of growth factors (Fig.  7.6 ) [ 157 ]. Several kinds of growth factors 
such as VEGF165, BMP-7, and transforming growth factor-β2 (TGF-β2) were 
immobilized on the surfaces via heparin binding and reached a density gradient due 
to gradually increasing surface area along the longitudinal direction. The released 
amount of VEGF165 from the cylindrical scaffolds gradually decreased along the 
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longitudinal direction in a sustained manner, which allows for a controlled spatial 
distribution of growth factors in a 3D environment. Barry et al. used plasma-induced 
polymerization method to deposit a thicker layer of polymer on the scaffold periph-
ery than that in the scaffold core, leading to functional scaffolds containing a gradi-
ent [ 158 ].

7.4         Infl uences of Gradient Biomaterials on Cell Migration 

 Gradient materials are widely considered as an engine to drive orient movement of 
objects such as droplets, particles, and living cells [ 159 ,  160 ]. Whitesides et al. pre-
sented the fi rst study of a gradient of surface free energy, which drives water drop to 
move uphill. The motion of water droplet was the result of an imbalance in the 

  Fig. 7.6    ( a ) Schematic diagrams of the successive binding of heparin and growth factor onto the 
fi bril surface of the PCL/F127 cylindrical scaffold and the formation of 3D growth factor gradient 
on the scaffold. ( b ) Gross appearance and fl uorescence microscopy images showing the rhodamine- 
labeled VEGF165 gradient along the longitudinal direction of the PCL/F127 cylindrical scaffold. 
The VEGF165 immobilized on the cylindrical scaffold is expressed as a  red color .  c  Loading 
amount of growth factors (BMP-7, TGF-β2, and VEGF165) immobilized onto the PCL/F127/
heparin scaffold sections. The scaffolds show the gradually decreasing concentration of growth 
factors along the longitudinal direction from the  bottom  position to the  top  position (growth factor 
concentration gradient scaffolds) (Reprinted from [ 157 ] with permission. Copyright 2011 Elsevier 
Ltd)       
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forces due to surface tension acting on the liquid-solid contact line on the two oppo-
site sides (“uphill” or “downhill”) of the drop [ 93 ]. Although many investigations 
are taken to correlate cell responses such as adhesion, proliferation, differentiation, 
and migration [ 161 – 163 ] to the physical and chemical cues, much less studies have 
been carried out to elucidate the cell migration patterns on gradient materials. 
According to the forms of gradients, there are in general two categories of gradients: 
(1) simple gradients with one dominating signal and one direction and (2) compli-
cate gradients with several signals and/or several directions. 

7.4.1     The Effect of Simple Gradients on Cell Migration 

 The simple gradients can be divided into two categories as well: (1) physical gradi-
ents with gradually changing physical properties including modulus and topogra-
phy and (2) chemical gradients with the spatially changing chemical compositions 
including the density and species of the functional molecules. 

7.4.1.1     Physical Gradients 

 Matrix stiffness has been found to have a severe infl uence on cell adhesion and 
mobility. Nadia et al. found that cells attached to a rigid substrate exhibited better 
defi ned cytoskeleton and fi lament structure [ 103 ]. Pelham et al. confi rmed that cells 
exhibited higher lamellipodia activity and motility on soft surface due to the desta-
bilized adhesion [ 164 ]. Cheung et al. used microfl uidic-based lithography to pattern 
cell-adhesive hydrogel substrates with micro-variations in stiffness. The micropat-
terns are generated by feeding PEG-fi brinogen and various amounts of poly(ethylene 
glycol diacrylate) (PEGDA) into the microfl uidic channel. Human foreskin fi bro-
blasts respond to the patterned stiffness heterogeneity by migrating toward the 
stiffer regions along the discrete stiffness gradients [ 165 ]. Hopp et al. gradually 
immersed poly(allylamine hydrochloride)/poly(acrylic acid) (PAH/PAA) polyelec-
trolyte multilayers into 1-ethyl-3-(3-dimethylaminopropyl) carbodiimide (EDC) 
solution and obtained the gradient multilayers which had an elastic modulus rang-
ing from 0.5 MPa at the non-cross-linked end to 110 MPa at the end of the substrate 
cross-linked for 4 h. Human dermal fi broblasts attach better to the stiffer regions of 
the gradient initially and subsequently a higher proliferation rate and stronger cyto-
skeletal development [ 166 ]. Thus, the stiffness gradient is expected to guide cell 
migration [ 155 ,  167 ]. Vascular smooth muscle cells were found to undergo direct 
migration on a radial gradient-compliant substrate from soft to stiff regions, leading 
to accumulation of cells in the stiff regions after 24 h. 

 Keller et al. prepared photosensitive multilayers and then a continuous surface 
gradient of modulus by photo-cross-linking. A7r5 smooth muscle cells exhibited 
the greater sensitivity to both shallow and steep modulus gradients by elongating 
and orienting along the shallow gradient and durotaxing up the steep gradient. 
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U2OS osteoblast-like cells only spread and adhered well to the stiffer part of the 
gradient, but did not show obvious directional migration along the gradient [ 168 ]. 
Kuo et al. casted polyacrylamide gels on a stiff support with controlled topography, 
resulting in a thin gel layer of variable height. The topographical profi les projected 
a stiffness map onto the gel, resulting in controlled linear and nonlinear 2D stiffness 
gradients. Fibroblasts, which migrate toward stiffer substrates, accumulated in areas 
with a gel thickness below 15 μm [ 169 ]. 

 Lo et al. studied the mechanism of cell response [ 47 ,  170 ]. Focal adhesion kinase 
(FAK) plays an important role in mechanical stimulation. For an equal amount of 
energy, the counterforce provided by the soft substrate is smaller compared to the 
rigid one. The stronger feedback makes cell adhere stronger and spread better on the 
tough region. Thus, cells migrate directionally through dynamic detecting the 
imbalance in forces from the front to the back [ 51 ]. Besides, cell-cell interaction 
also plays an important role in cell migration. Han et al. post-treated the polyelec-
trolyte multilayers in a gradient NaCl solution with a concentration ranging from 3 
to 5 M, yielding the gradient multilayers with a similar chemistry composition but 
gradually changing swelling ratio [ 143 ]. Compared to the random migration with a 
lower speed at a smaller cell density, the vascular smooth muscle cells migrated 
directionally to the low hydration side with higher modulus at an appropriate cell 
density (~1.5 × 10 4 /cm 2 ) under the assistance of cell-cell interactions. The cell 
migration rates on the gradient surface were signifi cantly larger than those on the 
corresponding uniform surfaces with the similar chemical structure and mechanical 
property. Both the gradient cues and cell-cell interaction address important infl u-
ences on the directional cell migration (Fig.  7.7 ).

   Topography, the confi guration of a surface, can largely affect the cell migration 
behaviors. Kim et al. created a model substrate of anisotropic micro- and nanotopo-
graphic pattern arrays with variable local density using UV-assisted capillary force 
lithography (CFL). They found that fi broblasts attached on the denser pattern areas 
aligned and elongated stronger along the direction of ridges, while those on the 
sparser areas showed a biphasic dependence of the migration speed on the pattern 
density. In addition, cells responded to local variations in topography by altering 
morphology and preferably migrating along the direction of grooves, i.e., direction 
of pattern and increasing pattern density [ 171 ,  172 ]. Mak et al. created microchan-
nels with gradually narrowing spaces to study the metastasis process of cancer cells 
penetrating tight spaces within the ECM and during intravasation and extravasation 
through the vascular wall. The highly metastatic breast cancer cells (MDA-MB-231) 
showed a more invasive nature since 87 % of the cells migrated into the spatially 
confi ning region. In contrast, most of the non-metastatic breast epithelial cells 
(MCF-10A) (75 %) were turning around by repolarization [ 173 ]. 

 Han et al. prepared multilayers with gradually changing stiffness on air-plasma- 
treated poly(dimethylsiloxane) membranes, with the pattern direction parallel to the 
gradient. The synergetic effects of the surface topography and swelling gradient can 
effectively guide the unidirectional migration of single smooth muscle cells without 
impairment of their migration rate [ 174 ,  175 ].  
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7.4.1.2     Chemical Gradients 

 Since gradients of extracellular matrix proteins, growth factors, and other signaling 
molecules have already been acknowledged in vivo, many chemical gradients are 
created and used to study their infl uences on cell migration behaviors in vitro. 
Gradients of synthetic polymers in terms of density, chain length, and chemical 
composition are constructed, in order to provide gradually alteration of hydrophilic-
ity, charge, and eventually cell responses on different positions. Many gradients can 
effi ciently regulate cell adhesion, elongation, and polarization; they are in general 
not effective enough to guide directional cell migration. 

 The gradients of biological molecules have a stronger infl uence on cell migra-
tion, depending on both the absolute concentration and the slope of the  concentration 
gradient [ 176 ]. As there are two kinds of chemical gradients in vivo, i.e., one bound 
to ECM and the other soluble, the gradient materials are also divided into two 
categories:

    1.    Immobilized gradients    

  The immobilized gradients can be further divided into three subcategories: syn-
thetic molecules, ECM proteins (including related peptides), and growth factors. 
Zelzer et al. presented a new diffusion-controlled method to easily prepare chemical 
gradients by plasma polymerization. Surface chemical gradients from hydrophobic 
plasma-polymerized hexane to a more hydrophilic plasma-polymerized allylamine, 
with a water contact angle range of 60–93° over a length of 8 mm, were formed on 
glass coverslips. Fibroblasts adhered and proliferated preferentially on hydrophilic 
end, showing a gradual decrease of cell density toward the hydrophobic end [ 177 ]. 
Wu et al. prepared surfaces with various densities of methoxy poly(ethylene glycol) 
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(mPEG) brushes to modulate the cell adhesion force: cell adhesion force gradually 
decreases on the surfaces with a higher mPEG density. The migration rate of vascu-
lar smooth muscle cells increased initially and then decreased along with the 
increase of mPEG grafting mass. The fastest rate appeared on the mPEG brushes 
with moderate grafting mass of 300–500 ng/cm 2  [ 25 ]. Ren et al. prepared hydro-
philic poly(2-hydroxyethyl methacrylate) (PHEMA) brushes with a gradient 
increase of the molecular weight, which provided a precise control over the density 
of hydrophilic units along the gradient. The gradients were proved to provide a 
gradient of cell adhesion force, which in turn tuned the directional cell migration 
[ 178 ]. 

 Collagen is one of the major proteins in ECM, which can signifi cantly improve 
the cell adhesion and spreading. Fibronectin and laminin are able to mediate the 
communication and movement of cells. These proteins have certain structure 
domains which can bind to the corresponding receptors on cell plasma membrane. 
For example, both collagen and fi bronectin contain the peptide sequence of RGD 
(Arg-Gly-Asp), which can bind to integrin subfamily, a kind of transmembrane 
receptors [ 179 ,  180 ]. The specifi c interaction between the integrin and the receptors 
conveys the external stimuli and transition into cells. Rajagopalan et al. studied the 
effect of Fn and RGD on spreading and motility of fi broblasts [ 181 ]. Although the 
migration speed is similar, fi broblasts on Fn-modifi ed surface have higher traction 
force that is directly related to the size of focal adhesion, indicating that Fn has a 
higher affi nity toward fi broblasts. Thus, ECM protein density gradients are sup-
posed to carry the increasing strength of signal, making the cells polarized and 
subsequently directional migration. Smith et al. prepared fi bronectin density gradi-
ents on gold surface to increase the migration speed of bovine aortic endothelial 
cells along the gradient direction [ 182 ]. The same group also reported that human 
microvascular endothelial cells (hMEC) migrated faster on a fi bronectin gradient 
with a larger slope in the range of 0.34–1.23 ng Fn/mm 3  [ 79 ]. Gunawan et al. cre-
ated linear density gradients of laminin by the microfl uidic method. Rat IEC-6 
intestinal crypt-like cells migrated up the gradients with similar rate compared to 
that on the same local laminin concentration on uniform surface. However, cell 
directedness decreased signifi cantly at high laminin densities [ 12 ]. Cai et al. pre-
pared a collagen gradient on PLLA surface. Endothelial cells on the gradient areas 
with low and moderate collagen surface densities displayed a strong motility ten-
dency, whereas the cells grew on the gradient area with a high collagen density 
demonstrating a reverse response to the collagen gradient. The results suggest that 
cell motility is regulated by the collagen gradient in a surface-density-dependent 
manner [ 183 ]. Yu et al. prepared an amino group density gradient on poly(e- 
caprolactone) (PCL) membrane surface by a gradient aminolysis method, which 
was transferred into gelatin density gradient by covalent linking with glutaralde-
hyde. The resulted gelatin density gradient ranged from 0.49 to 1.57 μg/cm 2  on the 
PCL membrane. Human vein endothelial cells showed preferred orientation and 
directional migration toward the gradient direction with an enhanced gelatin density 
at the proper position (gelatin density), forwarding a new step toward the prepara-
tion of applicable gradient biomaterials in tissue regeneration [ 184 ]. 
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 Usually, a peptide with a functional amino acid sequence of specifi c proteins can 
be used as an alternative in gradient preparation because of its high stability and low 
molecular weight [ 185 ]. Adams et al. placed chick embryo dorsal root ganglia 
(DRG) in the middle of a grid pattern containing gradients of IKVAV peptide, the 
functional sequence in laminin. DRG growth cones followed a peptide path to the 
perpendicularly oriented gradients, and most of the growth cones could turn and 
climb up the gradients [ 186 ]. Delong et al. cultured human dermal fi broblasts on 
hydrogels with surface gradients of RGD peptide and found that the cells aligned 
with the gradients and tended to migrate up the gradients [ 8 ]. Guarnieri et al. also 
demonstrated that mouse fi broblasts prefer to migrate to the direction of an RGD 
gradient on hydrogel surfaces with higher migration rate than that on uniform RGD 
surfaces and increased along with slope of the RGD density gradient [ 187 ]. 
Hirschfeld-Warneken et al. found that cells elongated along the ligand density gra-
dient with a larger distance [ 78 ]. The migration speed of a single cell in response to 
a linear ligand density gradient on a solid substrate as a function of gradient slope 
was theoretically predicted based on a 1D continuum viscoelastic model. The model 
predicts a biphasic dependence of cell migration speed on gradient slope, with a 
maximum speed at an intermediate gradient slope [ 188 ]. 

 Besides ECM proteins and their derived peptides, various growth factors are 
used to prepare gradients and study their effect on cell migration. DeLong et al. 
synthesized hydrogels with bFGF density gradients and observed that smooth mus-
cle cells migrated directionally up the gradients toward increasing bFGF concentra-
tion [ 150 ]. Liu et al. found the density gradient of VEGF can induce the directional 
migration of endothelial cells. This guidance effect is further enhanced on the com-
binational gradients of VEGF and FN [ 189 ]. Masters et al. found that keratinocytes 
exhibited almost tenfold directional migration on an optimal concentration at EGF 
gradient compared to that on EGF free surfaces. Immobilization of IGF-1 (insulin- 
like growth factor 1) gradients also accelerated and directed keratinocytes migra-
tion; however, no difference in migration was found when combining EGF and 
IGF-1 gradients [ 190 ].

    2.    Gradients of soluble factors    

  Soluble factor concentration gradients which are commonly existed in natural 
3D environment are also widely used to guide cell migration. For example, Frevert 
et al. developed a gradient of interleukin-8 (IL-8). Single neutrophils preferably 
migrated to the direction of higher concentration of IL-8 at the local concentration 
up to 200 ng/mL [ 191 ]. Besides, bFGF, stromal cell-derived factor-1 alpha (SDF-1α), 
EGF, and VEGF are also used as chemotactic agents [ 150 ,  192 – 194 ]. Wang et al. 
found that metastatic breast cancer cells could migrate up EGF gradient of nonlin-
ear polynomial profi le toward a higher EGF concentration [ 195 ]. However, there are 
some factors that can inhibit the cell mobility such as transforming growth factor 
β-1 (TGF β-1) [ 196 ] and angiotensin 1 [ 197 ].   
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7.4.2     The Effect of Complicate Gradients on Cell Migration 

 Besides the simple gradients with one dominating factor and/or one direction, there 
are always more complicate gradients exist in nature and generated on biomaterials. 
As expected, these gradients may have different impact on cell migration compared 
to their simpler counterparts. Study of the cell motility on a complicate gradient will 
provide insight into the complex physiological environment that guides and directs 
cell migration. 

7.4.2.1     Gradients with Complicate Shape 

 Kidoaki et al. developed custom designed equipment for reduction projection-type 
photolithographic microelasticity patterning. By using the system, they prepared 
microelasticity-patterned gels with square hard domains within a softer surrounding 
gel. The jump in elasticity across the boundary was adjusted by regulating the 
photo-gelation conditions by varying the photoirradiation power and duration, and 
the boundary width was regulated by controlling the focus on reduction-projected 
images of photomasks (Fig.  7.8 ) [ 198 ]. The effects of the elasticity jump and bound-
ary width were assessed systematically. As a result, the conditions required to 
induce mechanotaxis were found to be a jump in elasticity of a certain threshold 
magnitude (30–40 kPa) and a suffi ciently narrow width of the elasticity boundary 
(50 μm), comparable to the adhesion area of a single cell. On the other hand, smaller 
boundary conditions of 3–20 kPa/50 μm did not induce mechanotaxis. Levchenko 
et al. presented a 2D topographically patterned substrate of variable local densities 
and anisotropy in a single substrate as a platform for studying the organization and 
migration of adherent cells. The patterns were fabricated by UV-assisted capillary 
force lithography, which provides a simple and effi cient way to construct micropat-
terns with controlled geometry over a large area. They demonstrated that fi broblasts 
can recognize the topographic pattern density gradient, resulting in directional 
migration toward the denser area. The cell shape and velocity were largely depen-
dent on the degree of the local anisotropy of the substrate, indicating that cells could 
integrate orthogonally directed mechanical cues on the scale comparable to that of 
the sizes of the native ECM networks [ 172 ]. The same group prepared a mountain- 
like fi bronectin density gradient and found that Chinese hamster ovary (CHO) cells 
moved from both edges toward the center areas of the gradient with a higher fi bro-
nectin surface density [ 199 ].

7.4.2.2        Gradients with Complicate Signals 

 Several gradient signals with synergetic or opposite guidance on cell migration may 
merge together. Therefore, it would be interesting and also important to know how 
cell moves under such a complicate environment. Hale et al. designed a 
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  Fig. 7.8    ( a ) Schematic representation of the reduction projection-type photolithographic micro-
elasticity patterning of styrenated gelatin gel. The resulting gel sample is attached to the  top  of 
vinyl-silanized glass, and photomask patterns are copied on the  bottom  of the gel surface covered 
with PNIPAAm-coated glass. The boundary conditions of the elasticity gradient can be controlled 
by raising the lens position and focusing out from the gel surface. ( b )  Upper photos : phase-contrast 
microscopic images of micropatterned  square  hard domains with elasticity gradients of different 
boundary conditions.  Lower graphs  show cell trajectories observed around elasticity boundaries 
with different gradient conditions. The starting positions of each trajectory are indicated by a dot 
(Reprinted from [ 198 ] with permission. Copyright 2011 Elsevier Ltd)       
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polyacrylamide hydrogel with a 100 μm interfacial region where the chemical and 
mechanical properties were gradually varied in opposing directions: the stiffer side 
has a low collagen concentration, whereas the softer side has a high collagen con-
centration. The mouse fi broblasts either migrated preferentially toward the high col-
lagen density and soft side on the gradient or remained on the high collagen density 
region, suggesting that chemical gradient is more powerful than stiffness gradient in 
directing fi broblasts’ movement [ 200 ]. Rao et al. studied cell movement in response 
to an epidermal growth factor (EGF) gradient in a gradually tapered space, impos-
ing mechanical stresses. The chemoattractant drives cell migration into the narrow 
confi nes of the tapered channels, while the mechanical gradient clearly alters the 
migration of cells. PC-3 cells, a prostate cancer cell line, prefer to enter the channels 
from the wider to the narrow end. In contrast, PNT1A cells, a normal prostate epi-
thelial cell, do not like to enter. The results indicate that the impact of physical stress 
on cell migration patterns may be cell type specifi c [ 201 ]. Mao et al. developed a 
special microfl uidic device which has six channels, each with separate inlets for cell 
seeding and cytokine infusion. This device enables the competitive recruitment of 
cells that are simultaneously exposed to multiple cytokine gradients under real-time 
imaging, to identify the most chemotactic factors on bone marrow mesenchymal 
stem cells [ 202 ]. 

 Wu et al. designed a PEG density gradient surface to drive the directional cell 
migration through the continuously increasing cell adhesion force along the reduced 
mPEG density axis, together with striped patterns at the same direction. The cells 
elongated along the direction of the stripes and the gradient and were separated by 
spacing stripes grafted with dense mPEG brushes. The cell orientation guided by 
striped patterns and polarization imitated by the chemical gradient have a synergetic 
effect on cell movement, leading to a more effective directional migration [ 203 ]. 
Ren et al. developed complementary density gradients consist of hydrophilic 
PHEMA brushes and cell anchoring peptides: both gradients provide the same 
direction guidance on cell migration, leading to fi vefold increase of cell mobility 
and very high directionality [ 204 ].   

7.4.3     Cell Migration in 3D Matrix and Possible Application 
in Tissue Regeneration 

 The cell migration behaviors as a function of gradients in 3D scaffolds and hydro-
gels have also been demonstrated. Dodla et al. cast dorsal root ganglia in agarose 
gels and prepared laminin gradient by photochemistry after diffusion. The presence 
of laminin gradients signifi cantly enhanced the rate of neurite extension from the 
cells [ 205 ]. Moore et al. prepared PHEMA gels containing concentration gradients 
of NGF and neurotrophin 3 (NT-3), which were immobilized during photo-cross- 
linking of the PHEMA [ 206 ]. Dorsal root ganglia cells only showed extended neu-
rites along gradients of both factors rather than the ones with one factor alone, 
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suggesting a synergistic effect. Musoke-Zawedde et al. used UV light micropattern-
ing to fabricate RGD peptide density gradients in hyaluronan gels. The gradients 
were able to guide neurite outgrowth from primary neural cells [ 207 ]. 

 Tampieri et al. [ 42 ] prepared ceramic scaffolds containing a gradient in porosity 
and applied them for rabbit femur defects repair. New bone formation was acceler-
ated in the scaffolds at the region with higher porosity. Roy et al. [ 144 ] implanted 
polymer/ceramic composite scaffolds containing porosity gradient in rabbit calvar-
ial defects. More new bone formation was observed in the high porosity zones than 
in the low porosity zones. Hoffman et al. [ 208 ] demonstrated that silk scaffolds 
containing pore size gradients have better performance to induce formation of a tis-
sue with a graded morphology. Oh et al. studied the cell/tissue responses to the 
scaffolds with a pore size/porosity gradient in vitro and in vivo. The chondrocytes 
and osteoblasts prefer to migrate in large pore/high porosity part, while the fi bro-
blasts prefer to proliferate in smaller pores/lower porosity part of the scaffolds 
in vitro. The best bone formation was found from midrange pore/porosity scaffolds 
after implantation into rabbit calvarial defects [ 146 ]. Based on electrospinning tech-
nique, Sundararaghavan et al. prepared gradients of increasing stiffness and RGD 
peptides’ density along the thickness of fi brous HA scaffolds. The chick aortic arch 
explants had signifi cantly greater cell infi ltration into the scaffolds toward increas-
ing RGD density gradient than that in the scaffolds with uniform RGD distribution 
[ 209 ].   

7.5     Conclusions and Future Perspectives 

 Various top-down and bottom-up technologies have been developed to produce 2D 
and 3D gradient materials with gradually changing physical, chemical, and biologi-
cal properties, mimicking the microenvironments in vivo and proving the possibility 
to guide cell directional migration in vitro. Complicate gradients consist of multiple 
signal gradients, and/or complicate gradient shapes have also been prepared to 
mimic the real environment in vivo. The majority of the current literatures are 
focused on single cell/cell sheet migration on planar gradient surfaces. It is of 
importance to study the migration behaviors of cells encapsulated in 3D matrix, 
more closely mimicking the situation in vivo. The gradients in 3D scaffolds or gels 
are somewhat more complicate to fabricate and characterize. More importantly, 
measuring the migration of cells (usually a group of cells rather than single cell or 
cell sheet) encapsulated in 3D matrix is also more challenging. 

 Selective cell migration plays an essential role in many physiological processes. 
Undesired cell migration at the wrong time or place can lead to serious problems 
[ 15 ,  210 ]. For example, after nerve damage, Schwann cells (SCs), the principle glial 
cells that support the survival and function of neurons in the peripheral nervous 
system [ 211 ], are required to migrate out and form a tunnel which is able to lead 
damaged neuron to sprout and grow, thus guiding the regeneration of nerves [ 212 ]. 
However, fi broblasts in the connective tissue around usually have stronger mobility 
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and form scar tissues by secreting collagen-based ECM after injury [ 213 ]. This will 
impede the migration of Schwann cells and thus regeneration of functional nerve 
tissue [ 214 ,  215 ]. Therefore, it is very important to design gradient biomaterials that 
are able to specifi cally guide the directional migration of cells required in tissue 
regeneration. 

 Last but not the least, material synthesis techniques should be suffi ciently 
advanced to create physiologically relevant gradient materials to fi t complex spatio-
temporal phenomena such as tissue morphogenesis. Smart biomaterials incorpo-
rated with multiple gradient cues inside scaffolds, which mimic the timely cellular 
and structural characteristics of native tissues, could then be created for the regen-
eration of tissues having complex and multi-types of cells.     
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    Chapter 8   
 Stem Cell Differentiation Mediated 
by Biomaterials/Surfaces                     

     Hongyan     He     and     Changsheng     Liu    

8.1           Introduction 

 As one of the greatest discoveries in the biomedical fi eld over the last century, stem 
cells have the remarkable potential to develop into different cell/tissue types in the 
body under the proper conditions during early life and growth [ 1 ,  2 ]. In addition, 
stem cells are capable of serving as a sort of internal regenerating/repair system in 
many tissues, dividing essentially without limit to replenish other cells as long as 
the person or animal is still alive [ 3 ]. Because of these unique capabilities, stem 
cells have absorbed a great interest for regenerative medicine and tissue engineering 
[ 4 ,  5 ]. Typically, stem cells are divided into embryonic stem cells (ESCs) and adult 
stem cells (ASCs). ESCs are pluripotent stem cells derived from the inner cell mass 
of   blastocyst    s and able to   differentiate     to generate primitive ectoderm, which ulti-
mately differentiates into all derivatives of the three primary germ layers: ectoderm, 
endoderm, and mesoderm [ 6 ,  7 ]. Meanwhile, ASCs are multipotent cells derived 
from adult somatic tissues with the potential to differentiate into many specifi c cell 
types [ 8 ]. In comparison with ASCs, ESCs can generate all cell types in the body 
and have long-term self-renewal capacity. In other words, ESCs are capable of prop-
agating themselves indefi nitely in an undifferentiated state under defi ned conditions 
and generating almost all mature cell   phenotypes     [ 9 ], allowing ESCs as useful 
resources for basic research and clinical applications[ 7 ]. Recently, human ESCs 
have been produced and approved for use in a very small number of early clinical 
trials. However, ESC research still needs to face the challenges including ethical 
considerations, safety issue of ESCs, and a higher risk of tumorigenicity [ 10 ]. 

 With the development of cell biology and biotechnologies, many researchers 
have tended to develop ASC-based therapies for regenerative medicine and 
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 tissue- engineered applications. Generally, ASCs can be isolated from several 
sources including the body itself (i.e., the brain,   bone marrow    , blood vessels, and 
other organs and tissues), amniotic fl uid, pluripotent stem cells, and other ASCs 
[ 11 ]. Over the last decade, it has become essential to better understand how to direct 
the differentiation fates of stem cells into a specifi c stromal lineage. However, the 
uncontrolled and ineffi cient proliferative and differentiation behaviors of stem cells 
are still the signifi cant challenges for medical uses. Since the stem cell fate is 
strongly determined by the characteristics of the microenvironment in vitro, the bio-
material/surface constructs in two-dimensional or three-dimensional (3D) artifi cial 
structures could offer the several biological, mechanical, and chemical cues to mod-
ulate the cellular proliferation and most importantly lineage particular differentia-
tion. Besides these regulation cues, adding growth components existing in the ECM 
also holds the potential for guiding the stem cell fate in vitro. Therefore, this chapter 
aims to provide an update on the infl uencing cues that are being explored to govern 
stem cell fate, with a focus on the differentiation of bone-marrow-derived MSCs. 
The factors discussed here include topography, porosity and pore size, stiffness, 
hierarchy structure, chemical properties, and genetic factors. The emphasis of dis-
cussion will be placed on the infl uence of these factors to govern stem cell fate. The 
successful strategies and the mechanisms to control stem cells fate are highlighted 
for regenerative medicine and tissue engineering.  

8.2     Mesenchymal Stem Cells and Alternatives 

 Mesenchymal stem cells (MSCs), or marrow stromal cell, are the most popular 
types of ASCs for medical research and clinical uses. These types of stem cells are 
usually isolated from the bone marrow and also derived from non-marrow tissues, 
such as the placenta, umbilical cord blood, adipose tissue, adult muscle, corneal 
stroma, or the dental pulp of deciduous baby teeth [ 12 ,  13 ]. MSCs are multipotent 
stromal cells that can differentiate into a variety of cell types, including osteoblasts, 
chondrocytes, myocytes, and adipocytes [ 8 ,  14 ]. Numerous studies have demon-
strated that MSCs have great differentiation capacity and immunomodulatory func-
tions [ 15 ]. For cell-based therapies, MSCs indeed display several advantages over 
embryonic or induced pluripotent stem cells: easier isolation via autologous ways, 
don’t require rigorous conditions in vitro, and a low risk of tumorigenicity [ 16 ]. 
Summing up the increasing research activities over the last decade, MSCs have the 
clinic perspectives to replace cell tissues that have been damaged or destroyed in 
treating cancers, neurological disorder, autoimmune disease, and orthopedic appli-
cations [ 17 ,  18 ].  
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8.3     Biomaterials as an Artifi cial Extracellular Matrix 

8.3.1     Extracellular Matrix 

 The integration of material science and molecular cell biology has shed new light to 
the interaction and communications between cells and materials, from a more 
extensive and profound perspective [ 19 – 21 ]. Over the past decades, scientists have 
noticed the bidirectional relations between cells and materials. Cells can alter the 
physical or chemical properties of materials through secreting cytokines or other 
chemical cues. In addition, surrounding materials (especially the surface of materi-
als) can determine the temporal and spatial coordination of numerous cell fates by 
inducing a myriad of signals [ 19 ,  22 ]. Particularly, in the fi eld of tissue engineering 
or regenerative medicine, it is of great interest to utilize the close interaction between 
cells and materials to design materials that may facilitate the ingrowth and differen-
tiation of cells or induce morphogenesis in constructed tissues. Among all materi-
als, extracellular matrix (ECM) can serve as the best candidate due to its high 
similarity to original organs or tissues, biocompatibility, and bioactivities. The main 
advantage of ECM as a scaffolding material is its realization for so-called construc-
tive remodeling, that is, it supports and encourages specifi c tissue formation at the 
implantation site rather than forming inferior and less functional scar tissue [ 23 ]. 

 Naturally, extracellular matrix is a combination of macromolecules that are syn-
thesized and secreted by cells [ 24 ]. Such macromolecules are usually distributed on 
the surface of cells or around different cells, comprising a delicate and complicated 
network to support and connect the tissue structure and adjust the physiological 
behaviors among cells. Typically, extracellular matrix could be classifi ed into three 
groups: glycosaminoglycans, structural proteins, and adhesives (shown in Fig. 
 8.1 ) [ 24 ]. Glycosaminoglycans or proteoglycan can form hydrogels, encapsulating 
various matrix components. Structural proteins, such as collagen and elastin, can 
ensure the strength and fl exibility of ECM. Meanwhile, the adhesives including 
fi bronectin and laminin can promote the adhesion of cells onto ECM.

   ECM provides the foremost function as structural support to cells; it also bestows 
an optimized environment by providing sites for cell adhesion, creating soluble fac-
tor gradients, and forming interfaces between different cell types within a tissue. 
Take an example, three-dimensional ECMs in tissue engineering are employed to 
construct new natural tissues from isolated cells (i.e., stem cells). The ECMs encap-
sulating stem cells can facilitate the infl ow of nutrients and ensure the mechanical 
stability of the local environment for the seeded cells to form specifi c gene expres-
sion [ 25 ]. 

 Many researchers have revealed that tissue formation, function, and regeneration 
depend on the interaction of numerous individual cell fate processes, each of which 
is induced by an array of signals originating from the extracellular environment. 
Thus, the cell fate processes would be directed or guided by controlling the ECMs 
surrounding each cell and comprising the molecular signals. The important compo-
nents in ECMs include (i) insoluble natural matrix molecule (collagen, laminin, 
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elastin, or fi bronectin), (ii) soluble macromolecules (growth factors, chemokines, 
and cytokines), and (iii) proteins on surfaces of neighboring cells (cadherins) [ 19 ]. 
The ultimate fate of a cell to proliferate, differentiate, migrate, apoptose, or perform 
other specifi c functions is a coordinated response to the molecular interactions with 
these ECM components. Take stem cell as an example, cell fate is infl uenced by 
such coordinated interaction of soluble factors, extracellular matrix, and signals 
from neighboring cells. Specifi c binding of signal molecules with cell surface recep-
tors induces complex intracellular signaling pathways with subsequent effects on 
gene expression, self-renewal, morphogenesis, and differentiation [ 25 ].  

8.3.2     Natural ECM and Artifi cial ECM 

 According to the material sources, extracellular matrix could be classifi ed into two 
categories: naturally derived ones and synthetic ECMs [ 26 ]. Take a natural example, 
collagens are purifi ed protein components separated from animal or human tissues. 
Such biologically derived materials can be desired carriers to embed cells and then 
be grafted into tissue defects or induce regeneration and remodeling due to potential 
advantages of specifi c cell interactions. Since natural ECM-derived biomaterials are 

  Fig. 8.1    Schematic structure of extracellular matrix       
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highly biocompatible, a number of them have been already approved by FDA for 
clinical applications. Apart from the compatibility, naturally derived ones still pre-
serve inherent properties of biological recognition originating from the animal 
source, such as receptor-binding ligands and susceptibility to cell-triggered proteo-
lytic degradation and remodeling. Those cell-recognizable receptors are able to 
improve integrin-dependent interaction, and some of them (i.e., carbohydrates) can 
act as the specifi c ligands to recognize the surface molecules of the cells (e.g., galac-
tose, a specifi c ligand for asialoglycoprotein receptor on hepatocytes) [ 27 ]. However, 
there still exist limitations for natural ECM-derived materials. First, the quality of 
the natural products depends on the animal source and the manufacturing process. 
They might have instable properties and suffer from batch-to-batch variations. The 
quantities of the natural ECM materials are not enough to meet the application 
needs because of the complexities associated with purifi cation. Secondly, the natu-
ral ECM-derived materials cannot meet the mechanical requirements for some spe-
cifi c clinical applications. Commonly, such materials show lower mechanical 
strength and are only suitable for soft-tissue repairing. Moreover, natural biomateri-
als might have potential risks in immunogenicity issues and pathogen 
transmission. 

 In order to solve those issues above, synthetic biomaterials are designed and 
prepared to meet the requirements chemically and biologically. The past few years 
have witnessed the rapid development of synthesized biomaterials as artifi cial extra-
cellular matrix for biomedical applications and clinical use. Compared to naturally 
derived ones, synthetic biomaterials can be manufactured reproducibly on a large 
scale and have great fl exibility in tuning their microstructure, mechanical proper-
ties, and physiological properties. However, synthetic materials show poor capabil-
ity of cell recognition in general. Therefore, the biomaterials as artifi cial ECMs for 
engineering tissues have to follow several criterions. The materials should facilitate 
the localization and delivery of imbedded cells to the specifi c sites in the body, 
while maintaining the structural stability. Moreover, the material should possess 
molecular cues, mimicking different aspects of natural extracellular matrix and 
guiding the cell behaviors. To achieve these favorable effects, different functional 
components should be introduced on/into the artifi cial ECMs. The most important 
components could be integrin-dependent ligands (i.e., collagen, laminin, or fi bro-
nectin), cell–cell adhesion molecules (i.e., cadherins or ICAM), binding sites for 
growth factor proteins (i.e., bone morphogenetic protein-2 (BMP-2), HGF, and 
VEGF), or small molecules (i.e., drugs or hormones), which allows the easy acces-
sibility to cells and ligands for endocytosis. 

 Nowadays, a wide range of synthesized materials have been developed to mimic 
extracellular matrix with many functions including cellular 3D architecture, 
mechanical integrity to the new tissue, and the space for the diffusion of nutrients 
and metabolites. In general, such biomaterials could be divided into synthesized 
hydrogels, degradable polymers, or polypeptides and recombinant artifi cial ECM. 
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8.3.2.1     Synthesized Hydrogels 

 Typically, synthesized hydrogels have similar characteristics with natural ECM in 
biocompatibility and suitability for cells to survive. These useful materials have 
already gained much attention in the fi eld of biological application and clinical use. 
The cross-linked and hydrophilic polymers with controllable microstructures can be 
benefi cial for tissue-like viscoelasticity, oxygen transportation, and nutrient fl ow. 
Rape et al. [ 28 ] have prepared light-modulated hyaluronic acid hydrogels that 
enable imposition of mutually independent and spatially continuous gradients of 
ligand density and substrate stiffness, which facilitated the MSCs for mechano- 
sensitive differentiation. Another study from Yosi Navaro [ 29 ] reveals that modifi -
cation of matrix stiffness will have great infl uence on the ability of cultured stem 
cells to proliferate, survive, and differentiate into mature cells. 

 In particular, when cells are encapsulated in 3D hydrogels, the whole biomaterial 
is highly similar to extracellular matrix in our body. It has been reported that photo- 
polymerizable polyethylene glycol (PEG) derivatives have been used as tissue engi-
neering scaffolds for synthetic ECM analogs by Brenda K. Mann and his colleagues 
[ 30 ]. The materials highly resembled the natural ECMs and demonstrated the excel-
lent performance for biocompatibility. However, most synthesized hydrogels lack 
essential biological cues to induce favorable cell behaviors and cannot be biode-
gradable. Therefore, a number of biological sites are incorporated in the hydrogels, 
such as cell adhesion ligands, proteolytic susceptible ligands, and growth factors. 
Meanwhile, proteolytically degradable peptides or enzymatic degradable groups are 
also introduced to improve the degradability. As reported by Elena Cambria, sortase- 
mediated ligation was used to conjugate human epidermal growth factor grafted to 
a GGG ligation motif (GGG-EGF) to PEG hydrogels containing the sortase LPRTG 
substrate, promoting biological activity [ 31 ]. It is noted that the cell-containing 
hydrogels must be prepared under mild conditions so as not to cause the loss in cell 
viability or subsequent cell behaviors such as cell adhesion, migration, and 
differentiation.  

8.3.2.2     Degradable Polymers 

 Degradable polymers are also widely used as artifi cial ECMs. Since the physical 
and chemical properties of biodegradable polymers can be easily turned by control-
ling the synthesized conditions, or choosing the functional monomers, the degrad-
able polymers can be designed to match the requirements of many medical 
applications. Compared to other materials, degradable polymers can be easily modi-
fi ed on surfaces for further functionalization through grafting or anchoring. 

 Polyesters are one of the degradable polymers that are commonly employed as 
artifi cial ECMs, including polyglycolic acid (PGA), poly(L-lactic acid) (PLLA), and 
copolymers of poly(lactic-co-glycolic acid) (PLGA). All of these materials have 
already been approved by FDA for various biomedical applications and clinical use. 
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The ester bonds in the polymers enable them to degrade through hydrolysis, and the 
degradation rate could also be adjusted by changing the number of ester bonds dur-
ing synthesis process. Meanwhile, polyesters have better mechanical strength than 
hydrogels or naturally derived ECMs and thus can be applied in hard- tissue repair-
ing. For instance, nanofi brous PLLA scaffolds have been reported to show the simi-
larity to the structure of natural collagen fi bers and create a more favorable 
microenvironment for cells to survive [ 32 ]. Besides the advantages above, typical 
degradable polymers further need the introduction of biomedical cues stimulating or 
responding to the cells. Therefore, growth factors or bioactive domains have been 
incorporated into/onto polymers to endow the materials with the ability to recapitu-
late natural ECMs. For instance, RGD peptides (three letters which stand for argi-
nine, glycine, and aspartic acid, respectively) are widely employed in the modifi cation 
of polymers to promote cell adhesion, since the surface density, spatial arrangement, 
as well as integrin affi nity and selectivity of RGD peptide infl uenced cell responses 
like adhesion and migration [ 33 ]. 

 Amino acid-based polymers are also degradable polymers employed as artifi cial 
extracellular matrix. With the development of the synthesized poly(amino acid), 
such new biomaterials have been increasingly used for medical uses in recent years. 
Compared to other polymers that need further modifi cation or functionalization for 
biomedical cues, amino acid-based polymers naturally preserve the ability to build 
the interactions with cells. It is worth noting that certain manipulations on subse-
quent cell behaviors could be achieved by precisely determining the amino acid 
orders and well-defi ned molecular architecture. For example, Girotti and co- workers 
incorporated elastin domains, lysines, and fi bronectin CS5 domains containing 
well-known cell attachment sequence REDV into one single polymer, promoting 
cell proliferation activity, angiogenesis, and other bioactivities of interest for tissue 
growing, repairing, and healing [ 34 ]. Yihua Loo and his group reported a novel 
peptide bioinks for 3D printing in tissue repairing applications [ 35 ]. The artifi cial 
ECM contained lysine hexapeptides, which could self-assemble into stable, nanofi -
brous three-dimensional hydrogels with excellent stiffness of up to 40 kPa. These 
biocompatible scaffolds supported the three-dimensional culture of human stem 
cells and differentiation of primary cells into organotypic (gastrointestinal and skin) 
structures.  

8.3.2.3     Recombinant Artifi cial ECM 

 Hydrogels and degradable polymers have showed unique properties although there 
are some mechanical limitations. Most inorganic materials such as ceramics possess 
great mechanical property, but are limited in terms of fragility, poor degradability, 
and lack of bioactive sites. Recently, recombinant artifi cial ECM materials have 
been developed to combine the advantages of degradable polymers, natural saccha-
rides, and even inorganic materials. For example, sericin loaded electrospun nanofi -
brous composite scaffold composing cationic gelatin, hyaluronan and chondroitin 
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sulfate, and selected glycosaminoglycans (GAGs) was developed to mimic the 
extracellular microenvironment for dermal tissue applications [ 36 ]. Within the com-
posite, the gelatin functioned as the structural support and hyaluronan, chondroitin 
sulfate, and GAGs as naturally derived ECM composites for cell adhesion and pro-
liferation, while sericin served as promoter for subsequent differentiation of hMSCs. 
Moreover, it was revealed that the electrospun scaffold with multiple compositions 
could promote epithelial differentiation of hMSC in terms of several protein mark-
ers and gene expression of some dermal proteins. 

 With the deep understanding about the signals and the underlying pathways reg-
ulating stem cell fate, adult stem cells have been demonstrated the residence within 
specifi c extracellular regulatory microenvironments, consisting of a complex mix-
ture of soluble and insoluble, short- and long-range ECM signals. These multiple, 
local environmental cues are integrated by cells that respond by choosing self- 
renewal or a pathway of differentiation. Synthesized artifi cial ECMs could facilitate 
the formation of damaged tissues, homeostasis, and regeneration by offering suit-
able stem cell niches for stem cells to differentiate to favorable lineages. As we can 
see, great emphasis could be placed on the precise control of stem cell fate through 
the careful regulation of synthesized artifi cial ECM materials. The design of syn-
thetic materials mimicking natural stem cell microenvironments may be a poten-
tially powerful tool to understand and control stem cell function. A great number of 
artifi cial ECMs have been developed to explore the interaction between the materi-
als and stem cell fate control. Synthetic extracellular matrix either made of hyal-
uronic acid (HA) [ 37 ] and gelatin or HA hydrogels [ 38 ] showed the improved 
differentiation of MSCs and superior integration of the repair tissue. Kraehenbuehl’s 
group also demonstrated that the synthetic 3D ECM based on metalloproteinase- 
sensitive PEGs could direct differentiation of pluripotent cardioprogenitors [ 39 ]. 

 With certain biological cues incorporated into the materials, together with the 
stem cells, the artifi cial ECMs could mimic the natural ECM while possessing bet-
ter performance in mechanical and degradable properties, reproducible large-scale 
production, and good processability. Therefore, great challenges still remain in the 
control over dynamics and spatial organization of presentation of multiple signals 
due to the intricate and complicated structure of natural ECMs. As to the signals, the 
number of molecules that may have great impact on the cell behaviors is still under-
exploited. As for the materials, novel materials that have better spatial and hierar-
chical orders are still needed to upgrade the current materials. Hopefully, with the 
joint efforts from the scientists of different fi elds, new generation of artifi cial ECMs 
will soon appear and bring benefi ts to tissue engineering and regenerative 
medicine.    
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8.4     The Infl uence of Biomaterials/Surfaces on Stem Cell 
Differentiation 

8.4.1     Surface Topography 

 Cell interactions with the surrounding ECM play an important role in regulating 
cellular behaviors. It has widely appreciated that the properties of this cell–ECM 
interface – chief of all is surface topography – must mimic those of native ECM to 
appropriately guide cell function. Recent advances in biomaterial surface engineer-
ing have shown that surface biomechanical, spatial, and topographical properties 
can elicit control over fundamental biological processes such as cell shape, prolif-
eration [ 40 ,  41 ], and differentiation [ 42 – 44 ]. The modifi cation of topology is critical 
in controlling cellular functions by designing surfaces as well as creating different 
topological cues to control cell adhesion and hence differentiation. 

8.4.1.1     Surface Structure and Two-Dimensional Organization 

 Currently, several surface topographical cues in scaffolds with 2D structure, such as 
surface roughness or various kinds of micro-/nanoscale topographies of materials, 
have been shown in vitro or in vivo to guide marrow stem cell differentiation toward 
osteogenesis and sustain bone ingrowth. For example, Ana et al. [ 45 ] prepared sur-
face roughness gradients of average roughness (Ra) varying from the submicron to 
the micrometer range (~0.5–4.7 μm) and mean distance between peaks (RS m ) grad-
ually varying from ~214 μm to 33 μm. Their study demonstrated optimal surface 
roughness (Ra ~2.1–3.1 μm/RS m  ~71.1 down to 48.1 μm) promoting faster osteo-
genic commitment and the strongest osteogenic expression. It has also been sug-
gested from in vivo studies that controlling surface roughness is one of the most 
important parameters governing osteointegration [ 46 ]. In that regard, roughness 
topography may mimic the physical cues left by osteoclast activity on bone surface 
morphology during bone resorption [ 47 ]. Furthermore, the surface roughness 
increases the surface area of the implant material, allowing greater initial matrix 
deposition and earlier bone ingrowth [ 48 ]. 

 Apart from surface roughness, there are a variety of micro- or submicro-surface 
topologies. Liu and his group [ 49 ] reported that biomaterial microtopography 
induced indirect mechanotransduction and thus osteoblast differentiation. As shown 
in Fig.  8.2 , Seo et al. [ 50 ] upregulated the osteogenic differentiation of mMSC by 
culturing on the tailor-made micropit (tMP, 3 × 3 mm 2 ) surfaces that enhanced focal 
adhesion (FA) and actin polymerization (AP) of the cells. As shown in Fig.  8.2c , the 
cell on the fl at surface was spread with broad lamellipodium and little traction force. 
On the contrary, the cell on the tMP surface signifi cantly shrank and had a relatively 
strong traction force in the central direction which is important for signaling activa-
tion correlated with the cell differentiation. Wang et al. [ 51 ] investigated the effects 
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of grooved topography on the differentiation of MSCs into osteoblasts, adipocytes, 
and myoblasts regarding the late markers. In their study, a series of submicron- 
grooved surfaces with groove-to-ridge ratio of 1 to 1 (groove width/depth (nm), 
450/100,450/350, 900/100, and 900/550) was fabricated; the result of differentia-
tion of MSCs into different lineages, especially osteogenesis, is that the two deep- 
grooved substrates (450/350 and 900/550) were increased to a level compared to 
that on the fl at surface and signifi cantly higher than those on the shallow surfaces 
(450/100 and 900/100). 

 These methods of controlling cell attachment, shape, and then differentiation by 
surface topography have shown that MSCs have the remarkable ability to switch 
between becoming fat and bone cells based just on their ability to spread on a sur-
face and contract against it. Well-spread cells express calcifying bone proteins com-
mon in osteoblasts in a manner that is dependent on the cell’s ability to apply traction 
to the material. On the other hand, poorly spread cells develop large lipid deposits 
typical of adipocytes and are limited in their spreading and tension generation. 
Besides traction force, another distinct impact of these micropit-/micron- grooved 

  Fig. 8.2    ( a ) Schematic showing the strategy of the tMP bioactive surfaces which are intended to 
enhance focal adhesion (FA) and actin polymerization (AP) by the surface modifi cation; ( b ) sche-
matic showing preparation of the tMP surfaces which are intended to enhance FA and AP; ( c ) 
phase contrast images of cells cultured on the prepared substrates 24 h after seeding [ 50 ] (Copyright 
2013 Elsevier Ltd.)       
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substrates on cell behavior is the formation of focal adhesions and F-actin. Several 
studies indicated that micropit- or submicron-grooved substrates enhanced the for-
mation of actin fi laments and focal contacts compared with plain surfaces and the 
enhancement was positively correlated with pit/groove depth [ 52 ]. It has been sug-
gested that the formation of both focal adhesions and F-actin is correlated to the 
differentiation of MSCs [ 53 – 55 ].

8.4.1.2        Designing Surface Topology for the Third Dimension 

 Inspired by these previous investigations in 2D biomaterials, surface topology in 3D 
scaffold with hierarchical structures and its distribution should also have direct or 
indirect effects on osteoblast maturation as well as MSC osteogenic differentiation, 
presenting different effects from 2D surface. Due to the restriction and diffi culties 
of fabrication of surface topologies with uniform distribution and different mor-
phologies on the highly interconnected hole wall of the 3D material, majority of 
existing surface modifi cation in metal or polymer materials stayed in 2D level rather 
than in 3D scaffold. Thus, subsequent smart designs should incorporate 3D struc-
tures, which more closely mimic native ECM and may guide cell shape and differ-
entiation to improve the generative function of an engineered tissue. 

 To mimic the hierarchical porous architecture and specifi c biological cues of 
natural bone, Tang et al. [ 56 ] developed a trimodal macro-/micro-/nanoporous scaf-
fold (Fig.  8.3 ). Comparing with the BMS (2D MBG), the TMS (3D MBG) exhibited 
inspiring properties in terms of osteoconductivity, osteoinductivity, recombinant 
human BMP-2 (rhBMP-2) delivery, and biodegradability.

   Gwendolen et al. [ 57 ] analyzed the reason why stem cells are liable to differenti-
ate on substrate in 3D microenvironment. The cell “feels” the structural properties 
of the biomaterial surrounding it depending strongly on biomaterial structure. As 
shown in Fig.  8.4 , a microporous foam, where the pore size greatly exceeds the cell, 
effectively presents a fl at or slightly curved substrate to the cell as it adheres to a 
strut (Fig.  8.4a , top). By only attaching its basal surface to the material, mechano-
transduction mechanisms of the cell may be similar to those already elucidated on 
planar substrates where large forces are observed on stiff strut materials (Fig.  8.4b , 
large arrows). Intriguingly, micropatterns that induce cell curvature on surfaces as 
well as micropores of varying size within a scaffold appear to directly regulate force 
production in stem cells, indicating that there may exist a gradual transition from a 
highly tensed, spread cell to a low-tension, more rounded cell that contacts the 
material in all dimensions (Fig.  8.4a, b , bottom). If the pore size is too large that the 
cell can only spread on a strut of the scaffold in a manner similar to planar materials, 
the cell’s environment is then dominated by the scaffold’s stiff mechanical proper-
ties and forces are large (big arrows). On the other hand, when porosity is small and 
the cell can attach in three dimensions, the force developed will be smaller (smaller 
arrows), more likely resulting in differentiation.
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8.4.1.3        Regulation of Stem Cells by Surface Nanotopography 

 As discussed earlier, the microenvironment that cells contact with can be a potent 
regulator of adhesion and differentiation. In addition to macroscale surface topol-
ogy, cells also have the ability to sense nanoscale geometric cues from their environ-
ment. Recent fi ndings show that mammalian cells do respond to nanoscale features 
on synthetic surfaces [ 58 ,  59 ]. In respect of stem cell adhesion, Yim et al. [ 60 ] 
demonstrated that nanotopography alone can upregulate the neuronal markers of 
hMSCs. Another group has also demonstrated the important roles of topography in 
one-dimensional and three-dimensional cell migration [ 61 ]. Yim et al. [ 53 ] designed 
a type of nanotopography as shown in Fig.  8.5  that modulated cell behavior by 
changing the integrin clustering and focal adhesion (FA) assembly, leading to 
changes in cytoskeletal organization and cell mechanical properties.

   In terms of stem cell differentiation, one impressive report from Dalby et al. [ 62 ] 
demonstrates that the use of nanoscale disorder with a diameter of 120 nm is able to 
induce hMSCs to produce bone mineral and osteogenic differentiation in vitro, in 
the absence of osteogenic supplements. This approach of scaffold materials stimu-
lating stem cell differentiation had similar effi ciency to that of stem cells cultured 
with osteogenic media. Zhao et al. designed a series of hierarchical micro-/nano- 
textured topographies (MNTs) combined with micropitted and nanotube  topography 

  Fig. 8.3    ( a ) Design of trimodal macro-/micro-/nanoporous scaffold loaded with rhBMP-2; ( b ) 
schematic illustration of preparing trimodal MBG scaffold (TMS) [ 56 ] (Copyright  ©  2015 Acta 
Materialia, Inc. Published by Elsevier Ltd.)       
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  Fig. 8.4    3D Scaffold parameters infl uence stem cell contractility and differentiation [ 57 ] 
(Copyright 2009 Elsevier Ltd.)       

  Fig. 8.5    ( a ) Scanning electron micrographs of gratings with 350 nm linewidth and 700 nm pitch 
(350 nm gratings) and 500 nm linewidth and 1 mm pitch (500 nm gratings); ( b ) atomic force 
micrograph (AFM) of 350 nm gratings on TCPS [ 53 ] (Copyright 2009 Elsevier Ltd.)       
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(as shown in Fig.  8.6 ). They provided that the combined topography was more 
 similar to the extracellular matrix (ECM) of natural bone and exhibited more pro-
nounced effects on MSC osteogenic differentiation as well as osteoblast maturation 
[ 63 ,  64 ].

   The micro- and nanoscale surface topographical modifi cation is widely applied 
to enhance properties of biomaterials and regulate cell osteogenic differentiation. 
The underlying mechanism is also widely explored. Liu et al. [ 49 ] propose that the 
surface topography modulates cell differentiation via mechanotransduction of direct 

  Fig. 8.6    SEM pictures showing the morphology of the fabricated samples [ 49 ] (Copyright 2014 
Elsevier Ltd.)       
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and indirect. As shown in Fig.  8.7 , N-cadherin may be important in the process of 
topography inducing indirect mechanotransduction as well as regulating the 
β-catenin signaling. In Fig.  8.7a , the microtopography downregulates the N-cadherin 
expression leading to higher β-catenin signaling and consequently osteoblast dif-
ferentiation, whereas the nanotopography signifi cantly upregulates the N-cadherin 
expression resulting in reduced β-catenin signaling activity and thus depressed dif-
ferentiation. As shown in Fig.  8.7b, N -cadherin can cut down the β-catenin at the 
cell–cell adhesion site and interact with the Wnt coreceptor LRP5/6. Inhibiting the 
Wnt/β-catenin signaling results in negative regulation of the β-catenin.

   In this regard, the control of surface topography in engineered constructs has 
proven to be a valuable tool in guiding the commitment and development of stem 
cells. Importantly, the ability to modulating variety of surface topologies that, 
through physical as well as molecular interactions, enable undirected or directed 
control of stem cell behavior may further enhance our capabilities in engineering 
functional tissue substitutes. By controlling the nanotopography and microtopogra-
phy of tissue engineering scaffolds in two/three dimensions, we may further improve 
the regulation of stem cell fate in bio-artifi cial systems. Such signifi cant advances 
shown in these in vitro studies emphasize the importance of a multidisciplinary 
approach for the use of stem cells in the development of engineered tissue substi-
tutes and may lead to enhanced biomaterial clinical performance.   

8.4.2     Porosity and Pore Size 

 Porosity is a parameter that refers to the fraction of the gel volume fi lled with liquid 
phase, which is the volume of voids around matrix scaffold molecules per unit vol-
ume of the gel. Pore size is a very different parameter, which, unlike porosity, 
directly refers to geometry of pores. Cell adhesion and motility depend on the size 

  Fig. 8.7    Illustration of the detailed N-cadherin/β-catenin signaling in the micro-/nanotopography- 
induced mechanotransduction [ 63 ] (Copyright 2011 Elsevier Ltd.)       
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of the pores, rather than porosity. Mean pore size has correlation with porosity for 
many synthetic polymers of simple composition. However, for natural polymers 
like collagenous gels, there is no direct correlation, since the diameter of collagen 
fi brils can vary from few nanometers to a few hundred nanometers [ 65 ]. 

 Porosities of scaffolds are the prerequisite for permeability in vitro and in vivo. 
Scaffold matrices act mostly as media for fl uid fl ow, diffusion, and cell migration 
[ 66 ]. Permeability of ECM defi nes accessibility of small molecules (nutrients, hor-
mones, and oxygen), large molecules (e.g., function of basement membranes), cell 
processes (e.g., axons), or cells (vascularization). Permeability of ECM to cell 
migration is important for regenerative processes. Poor permeability for cells, such 
as in scarred tissues, results in poor regeneration. Therefore, permeability for fl uid 
fl ows and molecular diffusion is important for cell survival, since low permeability 
may result in lack of nutrients and ischemia. 

 Interconnected porous structures provide nutrients to the cells growing into the 
pores and allow for optimal interaction of the scaffold with cells. The aspects that 
are taken under consideration include pore size, size distribution, porous morphol-
ogy, interconnectivity, and surface area-to-volume ratio [ 67 ]. Each of these factors 
infl uences biological response, notably, cell migration, proliferation, and thus tissue 
regeneration. Substrate porosity seems to be an important factor as it can vary the 
length between two adjacent anchoring points, to which cell can adhere [ 68 ]. 
According to the IUPAC, the porous size of dense materials is classifi ed into three 
different types: micropores (<2 nm), mesopores (2–50 nm), and macropores (>50 
nm). Nevertheless, for tissue engineering, a slightly different description of the pore 
sizes is commonly applied. In the following part, we will adopt the nomenclature 
used by biomaterial scientists to describe the pore sizes of tissue engineering scaf-
folds, which classify pore sizes as macropores (>50 μm), micropores (0.1–50 μm), 
and mesopores (2–50 nm). Therefore, we will distinguish these three different types 
of pores throughout this section and will not consider the pore ranges established by 
IUPAC. 

8.4.2.1     Macropores 

 Scaffold macroporosity plays a critical role in the regeneration of damaged tissues, 
allowing cell penetration, which is essential for the later integration with the host 
tissue and increases the chances for key processes to take place, including tissue 
matrix and blood vessel ingrowth. It is generally acknowledged that the optimum 
pore size for scaffolds lies in the range between 100 and 400 μm [ 69 ]. Specifi cally, 
macropore size determines the effi ciency at which cells seed into the scaffold. Small 
pores prevent the cells from penetrating the scaffold, while large pores prevent cell 
attachment due to a reduced area and, therefore, available ligand density [ 70 ]. The 
scaffold should have an adequate porosity in terms of the magnitude of the porosity, 
the pore size distribution, and its interconnectivity. This also will allow cell ingrowth 
and vascularization and promote metabolite transport. A scaffold with an open and 

H. He and C. Liu



203

interconnected pore network and a high degree of porosity (>90 %) is ideal for the 
scaffold to interact and integrate with the host tissue [ 71 ]. 

 Macroporous scaffolds were observed to be potentially promising toward wound 
healing in relation to nonporous. Porous hydroxyapatite (HAp) scaffolds fabricated 
by additive manufacturing methods indicated signifi cant bone formation when the 
pore diameter was in the range of ~400–1200 and ~300–800 μm [ 72 ]. As mentioned 
before, the extent of bone ingrowth was observed to depend on pore size. Pores of 
diameter ~20–50 μm are expected to provide favorable functionality from the view-
point of physiological liquid exchange, while pores of diameter ~100–350 μm are 
suitable for cell colonization and vascularization, leading to penetration of tissue 
into the biomaterial structure [ 73 ]. This size range facilitated migration of cells in 
porous scaffolds and was appropriate for increased bone regeneration. 

 The degree of macropore interconnectivity is considered to be critically impor-
tant in a manner similar to pore size. In biodegradable porous ceramics, the degree 
of interconnectivity was noted to be seemingly more important than the pore size, 
while in nonbiodegradable materials, interconnectivity and pore size were observed 
to be equally important. Under in vivo conditions, the penetration of cells and chon-
droid tissue formation inside macropores occurred when the interconnectivity 
dimensions were greater than ~20 μm, while mineralized bone formation occurred 
when the interconnectivity size exceeded 50 μm [ 74 ]. The interconnectivity of pores 
ensures availability of higher surface area for enhanced cell adhesion and 
proliferation. 

 The range of the optimum macropore size differs with different materials. For 
example, the effect of 3D silk fi broin scaffolds on cell proliferation and migration of 
human foreskin fi broblast showed that pore sizes of 200–250 μm and porosity of 
approximately 86 % enabled better cell proliferation [ 75 ]. However, cell prolifera-
tion of these scaffolds with smaller pore sizes of 100–150 μm can be improved by 
having higher porosity of approximately 91 %. Hence, by altering the pore size, 
porosity, or both parameters, the cell viability and proliferation can be enhanced 
[ 76 ]. Besides affecting the cell proliferation capability, it has been shown that the 
amount of ECM produced, that is, the amount of GAG secretion, and the expression 
of collagen gene markers are also affected by the pore size of scaffolds [ 77 ]. The 
study by Lien et al. demonstrated that chondrocytes showed preferential prolifera-
tion and ECM production for scaffolds with pore sizes between 250 and 500 μm 
[ 78 ]. This pore size range was observed to be capable of maintaining the phenotype 
of cells, while pores ranging from 50 to 200 μm resulted in cell dedifferentiation 
[ 79 ]. Thus, the role of porosity and interconnectivity in scaffolds is also to facilitate 
cell migration within the porous structure such that cell growth is enabled while 
overcrowding is avoided. 

 Therefore, for bone tissue engineering, the optimal pore size for osteoblast activ-
ity in tissue-engineered scaffolds is still controversial. In general, scaffolds with 
pore sizes of about 20–1500 μm have been used. Akay et al. studied the behavior of 
osteoblasts in polyHIPE polymer (PHP), a type of highly porous polymeric foam 
[ 80 ]. The osteoblasts were shown to populate more in smaller pores (40 μm) when 
they were grown in scaffolds with different pore sizes, but larger pore sizes (100 
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μm) facilitated cell migration. However, the different pore sizes did not have any 
effect on the extent of mineralization or cell penetration depth. Collagen–GAG 
(CG) scaffolds were also studied to determine its optimal pore size for bone tissue 
engineering purposes and the effect of pore size on a preosteoblastic cell line, 
MC3T3-E1 [ 81 ]. From the results, optimal cell proliferation and infi ltration were 
found in CG scaffolds with mean pore sizes greater than 300 μm. In addition, the 
ability of larger pores to facilitate cell infi ltration was shown to override the benefi -
cial effect of greater initial cell attachment surface areas provided by smaller pores. 
Hence, this study supported previous reports that suggested the importance of hav-
ing pore sizes greater than 300 μm for osteogenesis to occur. However, it should be 
noted that cell differentiation is also dependent on the cell type, scaffold material, 
and fabrication conditions. 

 The pore size has also been shown to have an effect on the proliferation and dif-
ferentiation of cells for cartilage tissue engineering. Adipose stem cells were seeded 
on PCL scaffolds prepared with different pore sizes (100, 200, and 400 μm) and 
were placed under chondrogenic differentiation conditions for 21 days. The results 
showed that proliferation was higher for the 100 and 200 μm pore sizes, whereas 
cells tended to agglomerate in the 400 μm pore size scaffolds. Nevertheless, proteo-
glycan production as well as chondrogenic markers was signifi cantly higher for the 
400 μm pore size scaffolds compared to the 100 and 200 μm pore sizes [ 82 ]. Cell 
aggregation and cell–cell contact are known to be the most signifi cant step for chon-
drogenic differentiation. Hence, the higher pore size allows the allocation of higher 
number of cells in the pores, which tend to agglomerate once they encounter other 
cells in the bigger pores showing higher markers of chondrogenesis. In the smaller 
pores, the number of cells is more limited and therefore preferentially attaches to 
the substrates rather than surrounding cells since there is no proper space to accom-
modate more cells. 

 Another effective system to determine the optimum pore size is through the use 
of gradient scaffolds. In general, results show a cell-dependent behavior, presenting 
osteoblast and chondrocytes preferentially in the bigger pore sizes after 56 days, 
whereas fi broblasts are mainly present in the smaller ones [ 83 ]. Furthermore, adi-
pose stem cells grown in the gradient pore size (90–400 μm) scaffolds were shown 
to have the highest chondrogenic differentiation but lowest proliferation in the big-
gest pore size (400 μm) [ 84 ]. This further confi rms the previous hypothesis, show-
ing that when cells encounter bigger pore sizes, enough number of cells can be 
allocated to allow the cell–cell contact and hence present higher markers of chon-
drogenic differentiation.  

8.4.2.2     Micropores 

 While macropores with pore sizes and pore interconnections in the range of hun-
dreds of microns are relevant for cells to migrate and proliferate, micropores with 
pore sizes in a smaller range also play pivotal roles in tissue engineering. These 
pores are usually few microns in size and are involved mainly on the initial 
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adsorption of proteins on the surface of the materials. Cells interact with biomateri-
als through cell–protein interactions through the transmembrane proteins. Therefore, 
it is believed that the increase in protein concentration may signifi cantly affect cell 
fate. Besides the ability to adsorb proteins, these small-sized pores are also known 
to allow the regulation of cell behavior, playing key roles in directing stem cell fate. 

 The role of macroporosity has been mainly associated with the ability of a scaf-
fold to allow proper bone ingrowth and bone regeneration, while having in general 
slight effects on cell proliferation and differentiation. Nevertheless, the porosity in 
the range of nanometers up to several microns has tremendous effects on the ability 
of cells to proliferate and differentiate and hence plays a key role in the overall bone 
regeneration. Not only it is able to regulate the phenotype of cells to induce higher 
cell mineralization but also increase the protein adsorption, which in turn can 
increase the osteoinductive capacity of a material. 

 Microporosity can be incorporated into ceramic and polymeric scaffolds with 
different techniques. For example, a microporous foam material, wherein the pore 
size greatly exceeds the cell, displays a slightly curved substrate to the cell. As the 
basal surface of the cell attaches to the material, mechanotransduction mechanisms 
may be similar to those already elucidated on planar substrates. Microscopic pores 
of about cell size lead to a low-tension, more grounded cell contacts with the mate-
rial in all dimensions. There may exist a gradual transition from fi rst variant to the 
last for intermediate pore sizes [ 85 ]. 

 Surface microporosity of a material plays a very important role on cell behavior. 
The infl uence of pore sizes on cell behavior was determined by culturing MG-63 
osteoblast-like cells on polycarbonate membranes designed with different pore 
sizes. Lee et al. [ 86 ] have reported that the cells spread and adhered better on mem-
branes with smaller micropores (0.2 μm diameter) than on those with larger micro-
pores (3.0–8.0 μm). Moreover, the cells cultured on larger micropores produced 
increased levels of ALP and osteocalcin. In another study, the different microporos-
ity and topography of CDHA materials (total porosity of 35 vol.%, pores by 5 μm) 
were partially responsible for the different patterns of proliferation and differentia-
tion observed for osteoblast cells [ 87 ]. Materials with smaller CDHA crystals stim-
ulated differentiation, whereas those with bigger crystals enhanced proliferation. 

 Habibovic et al. performed an elegant experiment to determine the role of micro-
porosity in two families of chemically identical porous ceramics: HAp and biphasic 
calcium phosphate (BCP) [ 88 ]. Sintering temperatures between 1100 and 1200 °C 
allowed modifying the microporosity (within a pore diameter range of 2 μm) while 
not altering their macroporosity (249 ± 38 μm). The results showed that the implan-
tation into the back muscles of Dutch milk goats for 6 and 12 weeks allowed bone 
formation in the presence of micropores but failed when the amount of micropores 
remained low (HAp sintered at 1250 °C). The higher amount of adsorbed/entrapped 
proteins in the microporous walls enhanced bone formation [ 89 ], which was essen-
tial to provide the biomaterial with osteoinductive capacity. It is thus speculated that 
the microporosity modifi es the dynamic interface of materials and consequently 
triggers the differentiation of relevant cells toward the osteogenic lineages. It has 
been pointed out that a higher microporosity was inherently linked with a higher 
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specifi c surface area and hence could cause a major dissolution of ions [ 88 ]. The 
higher ion dissolution would facilitate the apatite formation in vivo, causing the 
coprecipitation of endogenous proteins (e.g., BMPs) that could in turn trigger the 
differentiation of recruited undifferentiated cells toward the osteogenic lineage [ 90 ]. 
Another hypothesis suggested that the infl ammatory response triggered after the 
implantation of a biomaterial, which causes the release of cytokines that promote 
the differentiation of circulating MSCs into osteoblasts, would induce osteoinduc-
tivity [ 91 ]. In experiments by Peyton et al. [ 92 ], on MSC motility in 3D PEG scaf-
folds, pore diameter has been varied from 7 to 17 μm (i.e., from signifi cantly smaller 
than the spherical cell diameter to approximately cell diameter). Cell speed is the 
highest compared to larger pores, but net displacement of the cells within matrix is 
maximal for intermediate pore sizes, probably because of diffi culty in fi nding 
straight way in the large-pore scaffold. 

 Micropores also play a key role in controlling protein adsorption as well as cell–
material interactions. Nevertheless, these pores may also be effi cient systems for the 
loading and release of specifi c biological molecules with regenerative potential. 
These pores which are usually in the range of tens of microns have been shown to 
be ideal for growth factor allocation that has enhanced bone regeneration [ 93 ]. 
These promotions in bone regeneration by micropores have been collectedly defi ned 
as an “initial micropore acceleration” at the early stage of regeneration [ 56 ,  94 ]. 
Combining previous literatures with the results, Tang et al. speculated several pos-
sible reasons for this acceleration as follows. By providing a larger surface area, the 
microporosities could facilitate the coprecipitation of endogenous cytokines and 
growth factor, which indirectly stimulate stem cell recruitment to the defect site 
[ 95 ]. After then, surfaces with microporous topologies could signifi cantly enhance 
biomineralization and were benefi cial for protein adsorption and cell attachment. 
During cartilage formation, newly formed collagen fi bers mineralized and wrapped 
in the micropores forming tight interlock between the material and tissue, resulting 
in a bone/scaffold composite with no “dead space.” Due to this “initial micropore 
acceleration,” the healing progresses of trimodal macro-/micro-/nanoporous and 
bimodal macro-/microporous scaffolds were in ahead of bimodal macro-/nanopo-
rous scaffolds.  

8.4.2.3     Mesopores/Nano-pores 

 Mesoporous materials refer to as mesostructured materials or simply mesophases 
and belong to the class of nanomaterials, whose properties can be tuned at the nano-
metrical scale. Specifi cally, according to IUPAC nomenclature, mesoporous materi-
als refer to materials with pore sizes ranging within 2–50 nm. These materials are 
generally obtained by coupling a sol–gel method that is very effective to prepare 
glasses and ceramics at room temperature, with a supramolecular self-assembling 
process. This particular approach is possible by taking advantage of hydrophobic/
hydrophilic features of some molecules (i.e., surfactants) to prepare supramolecular 
aggregates (micelle). The fi rst successful synthesis of pure-silica mesostructured 
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materials was performed in the early 1990s, when surfactants as structure-directing 
agents were used by Mobil Oil researchers [ 96 ]. Since then, many classes of meso-
porous materials with different pore features have been synthesized. 

 With regard to the biomedical fi eld, mesoporous materials, being characterized 
by an ordered texture of nano-sized pores, can easily host drug molecules and, 
therefore, are good candidates for designing and producing systems for controlled 
drug delivery. In addition, the silanol groups located on the walls of silica mesopo-
rous materials may not only be useful to functionalize the walls for enhancing the 
drug adsorption ability of the materials, but can also react with biological fl uids to 
produce HAp or apatite-like nanocrystals [ 97 ]. In vitro bioactivity studies, carried 
out by soaking SBA-15, MCM-41, and MCM-48 in SBF, revealed that an apatite- 
like layer was formed on the surface of SBA-15 and MCM-48 materials after 30 and 
60 days of immersion, respectively [ 98 ]. This behavior is quite surprising as these 
mesophases, being constituted by pure silica, should not exhibit bioactive proper-
ties. In fact, according to Hench’s defi nition of bioactivity [ 99 ], bioactive mecha-
nisms can occur only if particular ion exchange phenomena take place between the 
material and surrounding fl uids. On the other hand, it is obvious that mesoporous 
materials are nontraditional materials and, therefore, their mesoporous texture can 
impart them unexpected and fascinating properties. MCM-41 also exhibited a bio-
active behavior when its walls were doped with phosphorus or by adding small 
quantities of bioactive glasses. 

 MBG scaffolds exhibited greatly enhanced bone-forming properties, when com-
pared with traditional bioactive glass (BG) scaffold of the same composition [ 100 ]. 
Besides its higher surface area and pore volume, the effects of mesopores reported 
by literatures are described. Drug release studies by using gentamicin have been 
reported [ 101 ]. The drug uptake ability of MBG scaffolds was over twofold higher 
than that of the BG scaffold; in addition, as far as drug delivery is concerned, during 
the whole release period in SBF, gentamicin was delivered from the MBG scaffold 
at a much lower release rate when compared with that from BG scaffolds. 

 Since entrapment in mesopores has turned out to be a promising strategy in the 
fi elds of enzymatic biocatalysis, biosensors, etc., some researchers have reported 
that the mesoporous support with comparable porous size to the protein molecule is 
benefi cial for higher loading, preserved activity, and sustained release. Motivated by 
these previous investigations, Tang et al. [ 56 ] proposed the concept of “size-matched 
mesoporous entrapment” for rhBMP-2 delivery and endeavored to investigate the 
possibility of matching the mesoporous dimension with the size of rhBMP-2 mol-
ecule (7 × 3.5 × 3 nm 3 ) to achieve a desirable immobilization and further realize 
optimal bone regeneration by cooperation of multiscale structure and rhBMP-2. 

 Cells respond to their surrounding structure and with nanostructures exhibit 
unique proliferative and differentiation properties. Since the early 1970s, bioactive 
glasses are known to be able to chemically bond to living bone without the forma-
tion of fi brous tissue around the implant due to the growth of a bone-like apatite 
layer on its surface [ 102 ,  103 ]. It was demonstrated that HAp formation on the 
sol–gel glass surface is related both to the structure and to the composition of the 
material, whereas melt-derived bioactive glasses show a direct dependence only 
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from the composition. An increase of the pore volume and specifi c area (up to 
200 m 2 /g) in sol–gel glasses highly accelerates the deposition of HAp, thus enhanc-
ing the bonding of the material to the bone tissue [ 104 ]. Ordered mesoporous silica 
possess a very high surface area and an ordered system of generally open mesopores 
but are not properly suitable as fi lling materials for bone repair because of their 
almost complete lack of bioactivity [ 105 ]. Some authors reported a weak bioactive 
behavior of SBA-15 and MCM-48, but only after relevant times of contact with 
biological fl uids (>30 days) [ 106 ]. On the contrary, MBGs belonging to the SiO 2 –
CaO–P 2 O 5  ternary system were found to exhibit a faster and higher bioactivity also 
in comparison with sol–gel glasses, thanks to their textural and structural properties 
(specifi c surface area up to 500 m 2 /g) [ 107 ]. Therefore, considering their superior 
bioactivity, MBGs may be a very promising material for bone tissue regeneration 
and exhibit the potential of mediate the fate of stem cells by immobilization of 
growth factors and its inherent osteoinductive properties.   

8.4.3     Surface Stiffness 

 Matrix stiffness is an important regulator of cellular responses (such as migration, 
proliferation, and collagen deposition) mediating interface integration. As cells lay 
down extracellular matrix (mainly collagen) within a cell sheet or biomaterial sheet 
scaffold during in vitro culture or in vivo post-implantation, matrix density and stiff-
ness increase. Increasing matrix stiffness would, in turn, be expected to affect the 
integration process by regulating critical cell behavior. It has been suggested that 
identifi cation of variations in matrix stiffness could provide a useful tool for assess-
ing interface integrity at step-off edges during cartilage repair [ 108 ]. 

 Cell behavior and mechanical properties of the extracellular environment are 
intimately related. Cells can translate the stiffness of the microenvironments to 
which they are attached into biological signals (mechanotransduction) by a series of 
transmembrane receptors. These receptors comprise an intracellular domain (inter-
acting with cytoplasmic proteins including the cytoskeleton) and an extracellular 
domain that specifi cally binds to adhesion partners. Tension forces expose active 
sites in these receptors with kinase activity, which allow the transformation of 
mechanical stimulation in chemical signals [ 109 ]. 

 Matrix stiffness has been shown to play an important role in cell survival, prolif-
eration, and differentiation. For example, the stiffness of different matrices (0.1–1 
kPa, 8–17 kPa, and 25–40 kPa) on which native mesenchymal stem cells were cul-
tured was demonstrated to determine the lineage of the cells during differentiation 
(neurogenic, myogenic, and osteogenic, respectively) in vitro [ 110 ]. These experi-
ments show that mechanical properties of the ECM induce not only cell spreading 
and changes in cell morphology but also stimulate or repress the synthesis of spe-
cifi c transcription factors, inducing the establishment of special phenotypes concor-
dant with the organ where the cells come from or defi ning their fate in the case of 
stem cell differentiation. 
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 Stiffness of the adjacent tissue affects stem cell fate in vivo when the cell exits its 
niche and starts to participate in regenerative process [ 111 – 113 ]. Stem cells tend to 
proliferate, migrate toward the injured site, and differentiate to the relevant cell 
type, adoptive to stiffness of the substrate. Stiffness of ECM has been shown to be 
crucial for the maintenance of satellite stem cells in vivo [ 112 ]. Collagen VI has 
been proved to be the major regulator of stiffness in the stem cell niche in this case. 
For instance, experimental models that allow control over physical properties of 
ECM such as stiffness typically employ small adhesion molecules (i.e., short pep-
tides) instead of natural full-size multi-domain matrix molecules. Short peptides 
immobilized on abnormally stiff surfaces are also a standard approach to study the 
effect of spatial placement of epitopes. Biologically relevant full-size ECM adhe-
sion molecules, such as niche-specifi c laminin isoforms, fi bronectin, or vitronectin, 
are often immobilized on fl at and abnormally stiff plastic or glass surfaces [ 85 ]. 

 To date several hundreds of research papers are dedicated to dependence of stem 
cell fate on stiffness of their substrates in vitro. Similar results are obtained with 
different materials used as substrates: MSCs tend to differentiate to the cell type 
relevant to stiffness of the substrate as long as the other parameters (such as differ-
ent substrate geometries or adhesion ligands) are not limiting for cell attachment 
and spreading [ 114 ]. These elastic materials include polyacrylamide gels, PEG 
hydrogels, or HA gels. MSCs are cultured on substrates of different stiffness in dif-
ferentiation media specifi c for the particular cell lineage, and the expression of spe-
cifi c cell markers is monitored. 

 Briefl y, the MSCs differentiate into neuronal or glial cells on the soft matrices 
that resemble soft brain tissue [ 115 ]. They differentiate into adipocytes on twofold 
stiffer substrates [ 68 ], into myoblasts on tenfold stiffer substrates [ 116 ], and into 
osteocytes on harder matrices that mimic premineralized bone [ 117 ]. MSC differen-
tiation tendency with respect to substrate stiffness is summarized in Table  8.1 .

   MSCs have weaker cell adhesion to soft substrates, but anchor more strongly to 
stiff substrates. The level of adhesion strength correlates with commitment of the 
MSC to specifi c cell lineage. Suppression of adhesion strength for a cell on hard 
substrates imitates cell behavior on soft substrates in terms of the lineage marker 
expression. Alterations in the number, stability, and strength of the developing cell 
adhesions lead to reorganization of the cytoskeleton and change in cell morphology. 
On stiffer substrates stem cells tend to spread more and tend to assemble their cyto-
skeleton, such as building long actin–myosin stress fi bers [ 43 ]. Majority of MSCs 
develop branched morphology with multiple fi lopodia on soft gels that mimic elas-
ticity of the brain (0.1–1 kPa) [ 118 ]. MSCs acquire rather spheroid shape on matri-
ces resembling adipose tissue (4 kPa) [ 68 ]. Spindle-shaped cells appear on stiffer 
matrices that mimic elasticity of striated muscle (8–17 kPa). Spreading on even 
more stiff matrices (25–40 kPa) yields polygonal MSCs similar in morphology to 
osteoblasts. 

 Also stiffer hydrogels generally promote acceleration of stem cell proliferation 
compared to softer gels. It has been established for human bone marrow stem cells 
on polyvinyl alcohol gels of 1–24 kPa stiffness [ 119 ] and for rat bone marrow stem 
cells on polyacrylamide (PAA) substrates of 6.1 kPa and 46.7 kPa [ 120 ]. The human 
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   Table 8.1    Summary of MSC differentiation dependence on substrate stiffness [ 85 ]   

 Lineage 
 Matrix 
stiffness,  E   Material  Testing method 

 Neurogenic  0.1–1 kPa  2D polyacrylamide gels, collagen 
coated 

 Nanoindentation 
using atomic force 
microscopy 

 ~1 kPa  2D polyvinyl alcohol hydrogel  Compression test 
 1 kPa  3D type I collagen gel and hyaluronic 

acid gel 
 Compression test 

 ~1–2 kPa  2D gelatin–hydroxyphenylpropionic 
acid gel 

 Dynamic shear 
deformation 1 %, 
1 Hz using rheometer 

 6.1 kPa  2D polyacrylamide (PAA) gel  Compression test 
 Gliogenic  10 kPa  3D type I collagen gel and hyaluronic 

acid gel 
 Compression test 

 Vascular 
endothelial cells 

 2–3 kPa  3D polyethylene glycol dimethacrylate 
(PEGdma) nanofi ber hydrogel 

 Tensile test 

 Adipogenic  2.5–5 kPa  3D alginate–agarose hydrogel with 
RGD 

 Compression test 

 4 kPa  2D polyacrylamide (PAA) gel  Nanoindentation 
using atomic force 
microscopy 

 L5 kPa, 
6 kPa 

 2D polydimethylsiloxane (PDMS)  Tensile and 
macroscopic 
indentation tests 

 Myogenic  7–17 kPa  2D polyacrylamide (PAA) gels, 
collagen coated 

 Nanoindentation 
using atomic force 
microscopy 

 12–15 kPa  3D polyethylene glycol dimethacrylate 
(PEGdma) nanofi ber hydrogel 

 Tensile test 

 ~30 kPa  2D gelatin–hydroxyphenylpropionic 
acid gel 

 Dynamic shear 
deformation 1 %, 
1 Hz using rheometer 

 >9 kPa, 
25 kPa, 
80 kPa 

 2D polyacrylamide gel, coated with 
collagen, fi bronectin 

 Dynamic mechanical 
analysis 

 Cardiomyocytes  45 and 
65 kPa 

 3D thermosensitive hydrogel (PAA and 
HEMA-PTMC) 

 Tensile test 

 Osteogenic  11–30 kPa  3D alginate–agarose hydrogel with 
RGD 

 Compression test 

 15–100 kPa  2D polydimethylsiloxane (PDMS)  Tensile and 
macroscopic 
indentation tests 

 24 kPa  2D polyvinyl alcohol hydrogel  Compression test 
 25–40 kPa  2D polyacrylamide gels, collagen 

coated 
 Nanoindentation 
using atomic force 
microscopy 

(continued)
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MSC proliferation rate increases up to tenfold with the increase of stiffness from 0.7 
to 80 kPa on the polyacrylamide (PAA) substrates [ 121 ]. The murine embryonic 
stem cell (ESC) proliferation accelerates as stiffness increases from 41 kPa to 
2.3 MPa on the polydimethylsiloxane (PDMS) substrates [ 122 ]. 

 Cells are not only sensitive to ECM adhesion but also to its rigidity and elasticity. 
It was observed that there is an inverse correlation between matrix density or rigid-
ity and cell migration. Discher and collaborators demonstrated the importance of 
matrix elasticity on stem cell fate [ 123 ]. Depending on the elasticity of the surface 
on which the MSCs were grown, they could differentiate into lineages that corre-
sponded to the stiffness of the native environment which was resembled. For exam-
ple, MSCs cultured on soft gels (0.1–1 kPa), to mimic brain elasticity, developed a 
neuronal morphology, with fi lopodia branching and spreading including expressing 
genes related to neuronal differentiation pattern. Furthermore, medium stiffness 
gels (8–17 kPa), which mimic striated muscle elasticity, promoted differentiation to 
myogenic cells, and the gels with the highest stiffness (25–40 kPa), to mimic bone 
elasticity, enhanced osteogenic differentiation. 

 A recent study based on an ECM composed of hyaluronan and fi bronectin found 
that adult human dermal fi broblasts migrate faster on softer substrates and demon-
strate more dynamic lamellipodial activity [ 124 ]. Perhaps more signifi cantly, in 
addition to having an effect on the speed of migration, substrate stiffness has also 
been implicated in controlling the direction of cell movement. A previous report 
suggested that cells migrate preferentially toward stiffer surfaces, a phenomenon 
termed durotaxis [ 125 ]. 

 As matrix stiffness is proved to affect signifi cantly formation of focal adhesions, 
it is crucial to investigate the epitope cluster effect with respect to substrate stiff-
ness. Stem cells express specifi c integrins, which connect cytoskeleton to the 
ECM. The level of cell surface integrins appears to be signifi cantly lower on soft 

Table 8.1 (continued)

 Lineage 
 Matrix 
stiffness,  E   Material  Testing method 

 30 kPa  2D polyacrylamide (PAA) gel  Nanoindentation 
using atomic force 
microscopy 

 42 kPa  2D polyacrylamide (PAA) gel collagen 
coated 

 Tensile test 

 46.7 kPa  2D polyacrylamide (PAA) gel  Compression test 
 ~60 kPa  2D gelatin–hydroxyphenylpropionic 

acid 
 Dynamic shear 
deformation 1 %, 
1 Hz using rheometer 

 80 kPa  2D polyacrylamide gel coated with 
collagen, fi bronectin 

 Dynamic mechanical 
analysis 

 190 kPa–
3.1 MPa 

 2D polydimethylsiloxane (PDMS)  Nanoindentation 

    Copyright      ©  2015 Maria Akhmanova et al.  

8 Stem Cell Differentiation Mediated by Biomaterials/Surfaces

http://www.ncbi.nlm.nih.gov/pmc/about/copyright.html


212

substrates than that on stiff substrates [ 126 ]. Different types of integrins are respon-
sible for adhesions at different stiffness levels. Thus, integrin α2 is upregulated in 
the course of osteogenic induction of MSCs on stiff matrices [ 127 ]. Integrin α5 is 
downregulated on soft gels, but its overexpression had no effect on cell spreading 
[ 128 ]. Activation of integrin α1 in bone marrow MSCs is induced by soft substrate 
to a signifi cantly greater degree than by stiff substrate [ 126 ,  129 ]. α1-integrin sig-
naling in the niche is involved in the maintenance of epidermal stem cells or neural 
stem/progenitors in a stem cell state. Proliferation of MSC is mediated by activation 
of integrin α1 and selectin. Later, we shall discuss in detail the biochemistry of 
integrin interaction with the specifi c matrix molecules. 

 Moreover, stiffer matrices made of the same material have lower pore size and 
permeability. Polymer substrates of the same stiffness but variable pore sizes can be 
produced [ 113 ]. It is important to note that solute permeability of the matrix is 
enhanced under dynamic deformations due to increased fl uid fl ow [ 130 ]. 
Permeability for the cells also is affected by substrate stiffness and viscoelasticity, 
because cells can deform actively more pliable matrices to move through. These 
aspects are still to be investigated.  

8.4.4     Chemical Properties 

 Incorporation of well-defi ned chemical properties into/onto biomaterials/scaffolds 
also enhances the adhesion and growth of stem cells and then directs specifi c dif-
ferentiation to induce certain biological functions. Briefl y, the cell–biomaterial 
interaction is a very complex process which involves many cytokines and ECM 
proteins. The surface chemical characteristics of biomaterials/scaffolds can affect 
the adsorption of such cytokines and ECM proteins, and this in turn infl uences the 
subsequent cellular response. Chemical properties of biomaterials, mainly includ-
ing substrate elemental composition, surface functional groups, and biochemical 
functionalization, have signifi cant infl uences on regulating stem cell activities. In 
this section, we will provide an interpretation of how the above chemical cues can 
affect stem cell response and direct stem cell fate in vitro. 

8.4.4.1     Physiological Processes of Cell–Material Interaction 

 Understanding the mechanism of the physiological processes that control cell–bio-
material interaction is fundamental to investigate the infl uence of chemical proper-
ties on stem cell adhesion and phenotype. As the fi rst step, adhesion of stem cells 
onto the biomaterial matrix is essential for its viability, proliferation, and differen-
tiation. The adhesion of stem cells on biomaterials is primarily mediated by specifi c 
recognition and binding of cellular receptors on cell membrane to cytokines/ECM 
proteins adsorbed on the material surfaces. Among all the transmembrane receptors 
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in stem cells, integrins, a widely expressed family of heterodimeric receptors [ 131 ], 
have turned out to exert principal role in anchoring cells to ECM. By binding to its 
extracellular ligand, an Arg–Gly–Asp (RGD) peptide found in several ECM pro-
teins, integrins can activate the formation of the focal adhesion (FA) complex and 
cytoskeleton reorganization in stem cell [ 132 ,  133 ]. Through integrin–ECM protein- 
mediated focal adhesions, stem cells are able to sense the underlying material sub-
strate and react to its chemical properties (Fig.  8.8 ). For example, focal adhesion 
kinase (FAK) and vinculin are major players in the focal adhesion processes acti-
vated by integrin–fi bronectin (Fn) interactions [ 134 – 136 ]. In particular, vinculin 
transduces integrin-mediated intracellular signaling molecules that promote cell 
migration [ 132 ,  137 ].

   Importantly, it was testifi ed that the initial adhesion and morphology of stem 
cells at the material surface can infl uence the subsequent long-term function of stem 
cell lineage [ 138 ]. Cell–material and cell–cell interactions activate specifi c intracel-
lular signal pathways that regulate stem cell fate. Thus, the enhancement in early 
cellular response including adhesion and cytoskeleton changes is prerequisite to 
stimulating subsequent stem cell differentiation and, ultimately, to achieving a spe-
cifi c cell phenotype and certain biological functions. Specifi cally, many reports 
demonstrated that the substrate-induced intracellular FA formation and actin polym-
erization could stimulate the osteogenic differentiation of MSCs [ 139 – 142 ]. In the 
following, we will mainly discuss the effects of biomaterial chemical properties on 
MSC adhesion, viability, and osteogenic differentiation.  

  Fig. 8.8    Schematic 
illustration of the integrin 
function in cell–material 
interaction       
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8.4.4.2     Effects of Elemental Composition on Stem Cell Behaviors 

 The effects of chemical elemental characteristics on stem cell responses have been 
investigated extensively. It is noteworthy that some divalent ions have been found to 
participate in the bioprocess of cell adhesion [ 143 ]. Some functions of integrins are 
dependent on interaction with divalent cations such as calcium, magnesium, and 
manganese through a metal ion-dependent adhesion site (MIDAS) and MIDAS-like 
motives [ 143 ,  144 ]. Among divalent cations, magnesium increases the affi nity of 
integrins for ligands including ECM in a millimolar concentration, while calcium 
reverses the increased affi nity in some cases [ 143 ,  145 ]. Magnesium is a vital and 
widely used component for the bone substitutes. Zhang et al. [ 146 ] systematically 
studied the effects of the magnesium in calcium phosphate cement (CPC) on the 
initial responses and the ultimate differentiation of MSCs, as well as the mechanism 
involved. The magnesium precursor (MPC) consisted of Ca (H 2 PO 4 ) 2 ·H 2 O and MgO 
in a molar ratio of 1:2 was incorporated into CPC to obtain the MPC-modifi ed CPC 
(MCPC). By regulating the weight percentage of MPC in the range from 0 % to 20 
% in MCPC, MCPC surfaces with different magnesium densities were obtained. 
The Fn adsorption and the availability of the cell-binding domains on the synthe-
sized surfaces were determined by immunofl uorescence staining and quartz crystal 
microbalance with dissipation (QCM-D) analysis. The attachment, morphology, 
focal adhesion formation, actin fi lament assembly, and the expression of integrin 
subunits of MSCs on different cements were assayed. The results indicated that the 
incorporation of certain content of MPC into CPC could not only enhance the adhe-
sion and spread but also promote the osteogenic differentiation of MSCs in vitro. 
And the desirable effi cacy was achieved on the 5MCPC (with 5 % MPC) with mod-
erate proportion of Mg. As the schematic diagram (Fig.  8.9 ) shows, 5MCPCs were 
believed to effectively modulate the orientation of the adsorbed Fn for enhanced 
cell-binding affi nity and upregulate the integrin α5β1 expression of MSCs. Based 
on these results, it can be inferred that the Mg element concentration had predomi-
nant effect on the interaction of Fn and integrin α5β1, which mediated the MCPC- 
induced enhanced cellular response in MSCs.

   Besides, some research has shown that the existence of silicon may stimulate the 
proliferation of MSCs and activate cells to produce transforming growth factors 
(TGF). For example, Ding et al. found that the Si/Ca ratio of calcium silicate 
cements could modulate attachment and proliferation of MSCs [ 147 ]. Calcium sili-
cate cements with a higher Si content promoted cell attachment and triggered 
greater total integrin, pFAK, and collagen type I expression compared to the cement 
with a higher Ca content. Integrin expression profi les changed accordingly, with 
higher levels of α2β1 and ανβ3 subintegrin in the cells on the Si-rich and Ca-rich 
cements, respectively, which were ascribed to the collagen-binding and Fn-binding 
subintegrin on human primary cells, respectively. Mitogen-activated protein kinase 
(MAPK)/extracellular regulated kinase (ERK) and MAPK/p38 signaling pathways 
were activated in MSCs cultured on these cement substrates, and their inhibition 
signifi cantly attenuated cell adhesion, proliferation, and differentiation as assessed 
according to total DNA and alkaline phosphatase (ALP) activity. Si component of 
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calcium silicate materials can induce upregulation of MAPK/ERK and MAPK/p38 
signaling pathway more effectively than Ca component.  

8.4.4.3     Effects of Functional Groups on Stem Cell Behaviors 

 Many functional groups, for example, –CH 3 , –NH 2 , –SH, –OH, and –COOH, can 
infl uence the self-renewal and lineage commitment of MSCs directly or through 
interacting with specifi c ECM proteins. Using self-assembled monolayers (SAMs) 
of alkanethiols on gold as model surfaces, Keselowsky et al. [ 136 ] investigated the 
effects of surface chemistry on Fn adsorption, integrin binding, and cell adhesion. 
SAMs presenting terminal –CH 3 , –OH, –COOH, and –NH 2  functionalities modu-
lated adsorbed Fn conformation as determined through differences in the binding 
affi nities of monoclonal antibodies raised against the central cell-binding domain 
(–OH > –COOH = –NH 2  > –CH 3 ). Binding of integrin α5β1 to adsorbed Fn was 
controlled by SAM surface chemistry in a manner consistent with antibody binding 
(–OH > –COOH = –NH 2  > –CH 3 ), whereas integrin αV binding followed the trend 
–COOH much greater than –OH = –NH 2  = –CH 3 , demonstrating integrin α5β1 
specifi city for Fn adsorbed onto the NH 2  and OH SAMs. Cell adhesion strength to 
Fn-coated SAMs correlated with integrin α5β1 binding (–OH > –COOH = –NH 2  > 
–CH 3 ), and experiments with function-perturbing antibodies demonstrated that this 
receptor provides the dominant adhesion mechanism. 

  Fig. 8.9    Schematic diagram of the adsorption-induced changes in the structural orientation of the 
binding domain in Fn and the ensuing interaction between Fn and integrin α5β1 on ( a ) CPC and 
( b ) 5(10)MCPC       
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 Curran et al. [ 148 ] examined the behavior of MSCs cultured on a range of silane- 
modifi ed surfaces to determine the effects of the surface functional groups on the 
early differentiation potential of MSCs in vitro. Cells were cultured for 1 and 7 days 
in direct contact with glass which had been functionalized by surface treatment to 
provide a range of different surfaces, –CH 3 -, –NH 2 -, –SH-, –OH-, and –COOH- 
modifi ed surfaces, and a clean glass reference (TAAB). Viable cell adhesion was 
quantifi ed by lactate dehydrogenase assay, and morphology and viability were qual-
itatively evaluated using calcein AM, ethidium homodimer, cytoskeletal (F-actin), 
ECM (Fn and vitronectin), and Hoechst staining (nucleus). The expression of 
selected differentiation markers, collagen type II (chondrocytes), CBFA1 (bone 
transcription factor), collagen type I (MSC marker), and TGF-β3 (extracellular 
matrix production), was determined using real-time polymerase chain reaction. The 
expression of ornithine decarboxylase was evaluated as a marker of proliferation. 
Surfaces of the –NH 2  group demonstrated the greatest level of cell adhesion by the 
7-day period, and mRNA expression profi les indicated osteogenic differentiation, 
increased CBFA1, and decreased collagen type II expression. Cells cultured in con-
tact with the –COOH surfaces displayed different cell morphologies and Fn and 
vitronectin spatial distributions compared with the cells in contact with the –NH 2  
surfaces, in addition to an increase in collagen type II expression, indicative of 
chondrogenic differentiation. The modifi cations to the surface chemistry of glass 
did affect cell behavior, in terms of viable cell adhesion, morphology, and profi les 
of mRNA expression, providing the means to alter the differentiation potential of 
the MSCs. 

 Using high internal phase emulsion (HIPE) templating method, Viswanathan 
et al. [ 149 ] fabricated a 3D scaffold with amphiphilic block copolymers, polystyrene- 
b- poly(ethylene oxide) (PS-PEO) and/or polystyrene-b-poly(acrylic acid) 
(PS-PAA), which exhibited both cell inert (PEO) and adhesive (PAA) domains. The 
results demonstrate how Fn and MSCs adhere in a domain-specifi c manner: an opti-
mal balance between concentration and spatial distribution of PAA domains may be 
contributing toward the preferential adhesive behavior of the stem cells, which 
means not only the type but also the spatial distribution (pattern) of the functional 
groups directing the stem cell growth and fate.  

8.4.4.4     Effects of Biochemical Functionalization on Stem Cell Behaviors 

 Another approach toward the control of stem cell behavior on biomaterials is the 
biochemical incorporation of adhesion-promoting oligopeptides or oligosaccha-
rides. Stem cell adhesion to traditional biomaterials is based upon recognition of 
short peptides of ECM proteins from the body fl uids adsorbing specifi cally or non-
specifi cally to the material surface by the corresponding adhesion receptors, which 
means the cell–material interaction is indirect. As a more direct approach, several 
investigators have explored the covalent or physicochemical incorporation of 
adhesion- promoting oligopeptides and oligosaccharides onto the biomaterial 
surface. 
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 Extensive research has been performed by anchoring oligopeptides representing 
the ECM-binding sites onto the biomaterial surfaces. The most commonly used 
peptide for surface modifi cation is RGD, the signaling domain derived from fi bro-
nectin and laminin. A number of materials including glass [ 150 ], quartz [ 151 ], 
metal oxide [ 152 ], and polymers [ 153 ] have been modifi ed with these peptides and 
characterized for cellular interaction with their surfaces. Different coupling tech-
niques have also been employed to ensure covalent binding of the peptides to the 
surface of the materials. For example, the reactive moieties on the model surface, 
usually –NH 2 , were chemically reacted with certain functional groups, usually –
COOH, that are present within the bioactive peptide. A bifunctional cross-linker 
that has a long spacer arm can be used for the immobilization of the peptide to the 
surface, which can enable the immobilized peptide to move fl exibly in the biologi-
cal environment [ 151 ]. For polymer substrates lacking appropriate functional 
groups for a coupling reaction, a photochemical immobilization method [ 154 ] has 
been utilized to graft cell-binding peptides. In order to examine that any cellular 
responses to the modifi ed substrates are mediated solely by the immobilized pep-
tides, the experiment has often been performed under serum-free conditions. 

 Designing materials that can selectively interact with cell-binding peptides while 
minimizing nonspecifi c adsorption of ECM proteins is also challenging. 
Immobilization of poly(ethylene glycol) (PEG) [ 155 ] or its derivative [ 156 ] on the 
surface has been effective to limit cell adhesion. The interpenetrating polymer net-
work (IPN) that consists of both the hydrophilic chain that can limit nonspecifi c 
adsorption of proteins and the reactive chain that allows for peptide immobilization 
may be desirable for this application [ 157 ]. With RGD covalently incorporated into 
poly(ethylene glycol) diacrylate (PEODA) hydrogel, Yang et al. [ 158 ] demonstrated 
that RGD-conjugated PEGDA hydrogel system promotes the osteogenesis of bone- 
marrow- derived MSCs. RGD-tethered hydrogel stimulated the production of bone 
marker proteins, such as ALP and osteocalcin, in a dose-dependent manner, with 
2.5 mM being the optimal concentration. 

 Cao et al. [ 159 ] synthesized a series of charged or neutral oligopeptide motifs 
coupled with RGD using quartz substrates as the model. MSC behaviors on the 
modifi ed surfaces with different charged oligopeptide motifs were studied. It was 
found that these different charged oligopeptide motifs coupled with RGD were bio-
compatible for cell proliferation and adhesion. Moreover, it was demonstrated that 
the positively charged oligopeptide motif could inhibit osteogenic differentiation, 
while the negatively charged and neutral oligopeptide motifs could enhance osteo-
genic differentiation in the presence of RGD. 

 Chien et al. [ 160 ] determined the effects of surface bioadhesive signals on self- 
renewal and osteogenic differentiation of MSCs using a low-fouling platform. 
 Cell- resistant poly(carboxybetaine) hydrogel was conjugated with 5 μM or 5 mM of 
cell-adhesive RGD peptides in order to control the cells’ affi nity to the substrate. 
MSCs were cultured on the RGD-modifi ed poly(carboxybetaine) hydrogel, and 
then the cells’ states of stemness and osteogenic differentiation were evaluated. The 
MSCs formed 3D spheroids on the 5 μM RGD substrate while exhibiting spreading 
morphology on the 5 mM RGD substrate. Furthermore, MSCs on the 5 μM RGD 
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hydrogel maintained a better stemness phenotype, while the hMSCs on the 5 mM 
RGD hydrogel proliferated faster and underwent osteogenic differentiation. In con-
clusion, the stemness of hMSCs was best maintained on a low RGD surface, while 
osteogenic differentiation of hMSCs was enhanced on a high RGD surface. Wang 
et al. [ 161 ] investigated MSC behaviors on micro-/nanopatterns with RGD nanoar-
rays of nanospacings 46 and 95 nm and with micropans of side lengths 35 and 65 
μm (four groups in total). The osteogenic and adipogenic differentiation of MSCs 
was conducted, and the potential effect of RGD nanospacing and the effect of cell- 
spreading size on cell differentiation were decoupled for the fi rst time. The results 
reveal that RGD nanospacing, independent of cell-spreading size, acts as a strong 
regulator of cell tension and stem cell differentiation.   

8.4.5     Multiscale Hierarchical Structure 

 Hierarchical structures were fi rst proposed in 1994 in order to develop novel pro-
cessing technologies to fabricate hierarchically structured materials with proper 
control on an industrial scale [ 162 ]. In 2005, Hollister proposed a clear defi nition 
stating hierarchical structure refers to the features at scales from the nanometer to 
millimeter that are able to determine how well the bioscaffold meets the confl icts 
between mechanical function and mass transport needs [ 163 ]. 

 Almost all types of biomaterials, such as metals, polymers, ceramics, hybrids, 
and composites, can be machined into biomedical scaffolds for the purpose of tissue 
engineering. For example, by employing a liquid foaming method and subsequent 
chemical treatments, three-dimensionally hierarchical porous structures can be suc-
cessfully achieved in titanium scaffolds with pore size ranging from the nanometer 
to micrometer scale. This scaffold also has a suffi cient compressive strength to meet 
the requirements of implantation [ 164 ]. Woodard et al. revealed that the micropores 
in porous hierarchical HAp bone scaffolds are quite important to maintain the 
mechanical satiability of the scaffolds, as the newly formed bone in the scaffolds 
supported the load after a fracture. The mechanical failure stress was signifi cantly 
less than that of the scaffolds with pure macropores. Furthermore, evidence also 
suggested that the bone could arrest crack propagation in hierarchical HAp scaf-
folds [ 165 ]. Practically, hierarchical bimodal or multimodal porous architectures 
with macro-, micro-, and nano-pores, simultaneously, are also important in modu-
lating the permeability and compliance of polymeric scaffolds that favor various 
applications in tissue engineering. 

8.4.5.1     Hierarchical Pore Size Structure 

 Actually, sol–gel glass scaffolds can be considered the precursors of the hierarchi-
cally structured macro-/mesoporous glass scaffolds [ 166 ]. In the last couple of 
years, some attempts for fabricating multiscale glass-based scaffolds have been 
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carried out by using properly mesostructured materials, in which the nanoporous 
size and arrangement can be carefully controlled and designed. The purpose of such 
scaffolds is twofold, as they combine the properties of traditional glass-derived scaf-
folds, i.e., mechanical support in the defect zone, bioactivity, favored osteointegra-
tion, and bone tissue regeneration, with the unique features supplied by mesoporous 
materials, such as enhanced bioactivity and controlled drug adsorption/release abil-
ity for drug therapy in situ. 

 Yun et al. [ 167 ] synthesized hierarchically porous 3D MBG scaffolds with good 
in vitro bioactivity by using a combination of sol–gel, double polymer templating, 
and rapid prototyping techniques. Li et al. [ 168 ] reported the synthesis of multi-
scale porous MBG scaffolds by using the block copolymer EO20PO70EO20 
(P123) and a PU macroporous sponge as co-templates and demonstrated that a 
HAp layer was formed on the scaffold surface after soaking in SBF for 4 h. Zhu 
et al. [ 169 ] successfully prepared 3D porous MBG scaffolds by a combination of 
PU sponge and P123 surfactant as co-templates and evaporation-induced self-
assembly (EISA) process. Apart from MBG, inorganic nanostructures based on 
calcium phosphates are also compounds of great interest in scaffold development 
since they are the major inorganic constituent (69 wt%) of naturally occurring 
mineralized bone. 

 Of special interests are the scaffolds that are able to present a bimodal pore size 
distribution, mainly having macropores for cell penetration and micropores for pro-
tein adsorption/delivery. Interestingly, the micropores also present some roles in the 
overall mechanical properties of scaffolds. For instance, HAp scaffolds were pre-
pared with two different micropore sizes, mainly 5.96 and 16.2 μm, showing higher 
bending and compression strength in the presence of smaller micropores [ 93 ]. 
Microporous (54–80 vol.%) bioactive glass scaffolds with hierarchical porosity 
have been recently developed with the aim to satisfy the macroporosity needed for 
bone ingrowth while maintaining adequate mechanical properties (12–20 MPa) 
[ 93 ]. 

 Inspired by the impressive property of natural bone, 3D hierarchical porous scaf-
folds have attracted signifi cant attentions since they can provide transportation 
“highways” on various scales during osteo-regeneration and promote the innate 
regenerative mechanisms of the human body. In recent years, synthetic scaffolds 
with hierarchical macro-/micro- or macro-/nano-architectures are being rapidly 
developed and have evolved various biomaterials, including biodegradable poly-
mers (tyrosine-derived polycarbonate, PLGA), ceramics (hydroxyapatite, bioglass, 
calcium carbonate), metals (stainless steel and titanium), etc. Numerous studies 
have concluded that interconnected macroporosity with diameter larger than 100 
μm is a prerequisite for bone ingrowth, cellular infi ltration, and nutrient/waste trans-
portation [ 170 ]; and micro- and nano-topologies on the material surface play a criti-
cal role on cell attachment, biomineralization, and full-scale osteointegration 
in vivo. Based on these previous researches, Tang et al. [ 56 ] have successfully incor-
porated trimodal macro-/micro-/nanoscale structures into one scaffold to achieve 
optimal osteogenic properties.  
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8.4.5.2     Hierarchical Porosity Structure 

 Natural bone is a classic case of a functionally graded structure with an outer highly 
dense region (cortical bone) having an elastic modulus of ~18 GPa, the inner porous 
region (cancellous bone) having an elastic modulus of ~1 GPa, and the bone marrow 
cavity in the central region [ 171 ]. Thus, there is a gradual increase in porosity as 
well as modulus variation from cortical to cancellous transition, especially at the 
end of long bones. Thus, to replicate the architecture of natural bone, 3D scaffolds 
with graded porosity are preferred. In this context, Ti–6Al–4V rod was fabricated 
with central foam core (density ~0.6 g/cm 3 ) and outer foam structure with relatively 
higher density (~1.1 g/cm 3 ) as shown in Fig.  8.10  [ 172 ]. The inner and outer foam 
is characterized by a stiffness of 0.3 and 2.2 GPa, respectively. Also, a porous cyl-
inder of Ti–6Al–4V alloy was fabricated using the electron beam melting (EBM) 
method, characterized by a lower-density inner foam, surrounded by a foam with 
relatively higher density (Fig.  8.10b ). Generally, porous materials with a specifi c 
pore size facilitate growth of one particular cell. For example, pore sizes of ~5–15 
μm were considered suitable for fi broblast, ~70–120 μm for chondrocytes, and 
~100–400 μm for osteoblast ingrowth. In contrast, gradient porous materials can 
simultaneously repair and reconstruct two or more different tissues, since the differ-
ent regions provide different microenvironments for multiple tissues.

  Fig. 8.10    ( a ) A conceptual view of intramedullary stem of Ti–6Al–4V foam built by EBM using 
the CAD model and ( b ) cylindrical foam with dense outer region and low-density inner core [ 172 ] 
(Copyright 2012 Lawrence E. Murr et al.)       
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8.4.5.3        Hierarchical Surface Structure 

 Cells are innately receptive of their surroundings, typically to a broad spectrum of 
feature sizes from the macro down to molecular level, between 100 μm and 10 nm. 
It is through an elaborate and dynamic feedback mechanism of signal transfer 
between the ECM and the cells that the behavior of the latter is coordinated into 
complex functional tissues. Hence, engineering these dynamic ECM mechanisms 
into biomaterials is the key to control cell behavior. 

 It is already circumstantiated that both micrometer- and nanometer-scale fea-
tures of a material have marked infl uence on cell behavior. Additionally, materials 
organized on multiple length scales have better conformity to biological matrices 
than those with single-scale features and are, hence, more propitious for all kinds of 
biomedical applications. The effects of microscale surface topography on cellular 
responses have been investigated over the years. Currently, nanostructuring of sur-
faces has garnered immense interest in view of their structural similitude to the 
native ECM of cells. Undeniably, nanotopography plays a cardinal role in modulat-
ing cell functionality. Recent research by Gentile et al. manifests the potentiality of 
moderately rough nanostructured surfaces with large fractal dimensions in promot-
ing stable cell adhesion, growth, and proliferation [ 173 ]. 

 Literature is replete with evidences on topographic sensitivity of cells (i.e., inter-
play of cells with surface features) to nanoscale as well as micrometer-range fea-
tures like grooves, ridges, and wells. Nanoscale alterations in topography evoke 
multifarious cell responses, including changes in cell adhesion, cell orientation, cell 
motility, surface antigen display, cytoskeletal condensation, activation of tyrosine 
kinases, and modulation of intracellular signaling pathways, which in turn coordi-
nate transcriptional activity and gene expression. Notwithstanding the feature size, 
cell behavior is also administered by the nature of ordered topography (e.g., ridges, 
grooves, steps, pits, pillars, channels) and their symmetry (e.g., orthogonal or hex-
agonal packing). 

 In vivo, the basement membrane, composed of ECM components, is a complex 
network of pores, fi bers, ridges, and other features of nanometer-sized dimensions. 
Topographical cues generated by the ECM, independent of biochemistry, have 
direct effects on cell behavior such as adhesion, migration, cytoskeletal arrange-
ments, and differentiation. Cells are inherently sensitive to local microscale, meso-
scale, and nanoscale topographic and molecular patterns in the ECM environment, 
a phenomenon called “contact guidance” [ 174 ]. The development of microfl uidics 
and micro-/nanofabrication methods to analyze the cellular response to substrate 
topography has provided new insights into the interactions of cells with their 
microenvironments. 

 Grooves and pillars are the most common feature types employed in the study of 
the effects of surface structures on cells. The infl uence of groove patterns on the 
behavior of cell has been extensively investigated by using various cell types such as 
fi broblast, osteoblast, epithelial, myoblast, etc. A large number of studies revealed 
that cells tend to align to the long axis of the grooves. Kaiser et al. defi ned the role of 
groove/ridge dimensions on fi broblast cell migration [ 175 ]. They found that surface 
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structures signifi cantly infl uenced cell orientation, migration direction, as well as 
migration speed in the directions parallel and perpendicular to the grooves/ridges in 
a surface structure-dependent way. Uttayarat et al. investigated the combination of 
fl ow shear stress and groove guidance on endothelial cell migration [ 176 ]. When 
fl ow direction was oriented parallel to microgrooves, the cells migrated along the 
microgrooves. When microgrooves were oriented perpendicular to the fl ow, most 
cells migrated orthogonal to the grooves and downstream with the fl ow. Lee et al. 
reported that the nanoscale ridge/groove pattern arrays alone can effectively and rap-
idly induce the differentiation of human embryonic stem cells into a neuronal lineage 
without the use of any differentiation-inducing agents, indicating the signifi cant role 
of topography in determining cell fates [ 177 ]. 

 The infl uence of pillar patterns on the behavior of cells has also been extensively 
studied. MSCs preferentially differentiated and osteosarcoma cancer cells increased 
their malignant transformation due to the micro-pillar geometry. In particular, the 
increase of pillar heights from 1 to 10 μm affected the in vitro adhesion and guides 
morphology of fi broblasts by laminin expression enhancement [ 178 ]. Furthermore, 
the spacing between 5 and 10 μm of pillars was shown to rearrange the actin cyto-
skeleton and govern fi broblast migration in vitro [ 179 ]. Nanotopography alone can 
induce the differentiation of MSCs into neuronal lineage and induced a more sig-
nifi cant upregulation of neuronal markers compared to microtopography, highlight-
ing the importance of feature size in topography-induced differentiation. 

 Other micro-/nano-sized features, such as nodes, pits, pores, and so forth, have 
been reported to infl uence the behavior of cells. The topography of the cell substra-
tum plays an important role in regulating cellular behavior, and micro-/nanofabrica-
tion techniques provide useful tools for manipulating cells in both fundamental cell 
biology research and tissue engineering.    

8.5     Delivery of Bioactive Agents 

 To enhance the interactions between the materials and host cells/tissues and direct 
the differentiation of MSCs, one of the useful strategies is the introduction of the 
bioactive components in extracellular matrix components within/onto the material 
structures. These components usually include ECM peptides/polypeptides, cyto-
kines, growth factors, and DNAs. In the view of the osteoinductive potential, osteo-
genic growth factors such as fi broblast growth factor-2 (FGF-2), TGF-β2, and 
BMP-2 have been extensively used to improve the material osteoinductivity. 

8.5.1     Growth Factors 

 Growth factors were initially discovered as a result of their ability to motivate con-
tinuous mitosis of quiescent cells in a nutritionally complete medium without 
serum. While nutrients and growth factors are both essential for mitosis, only 

H. He and C. Liu



223

growth factors know how to initiate mitosis of quiescent cells. A variety of cellular 
processes need growth factors as regulatory agents. The biology of these factors 
differs from the classical hormones as neither their site(s) of synthesis nor site(s) of 
action is limited to defi ned tissues. 

 Growth factors are polypeptides that transmit signals to modulate cellular activi-
ties. It is known that growth factors play crucial roles in communication and infor-
mation transfer between cells and their microenvironment [ 180 ]. Moreover, growth 
factors are soluble-secreted signaling polypeptides capable of instructing specifi c 
cellular responses in a biological environment. The specifi c cellular response trigged 
by growth factor signaling can result in a very wide range of cell actions, including 
cell survival, and control over migration, differentiation, or proliferation of a spe-
cifi c subset of cells. Prior to addressing strategic delivery of growth factors, under-
standing the biological functions and roles of these proteins in the extracellular 
matrix is fi rst of all required because the extracellular matrix contains numerous 
components such as adhesive molecules, notch signaling molecules, traction- 
enabling adhesion molecules, and proteoglycan molecules to bind and modulate the 
activity of a number of growth factors. The signal transmission mechanism initiates 
with growth factor secretion by the producer cell. The growth factor instructs cell 
behavior through binding to specifi c transmembrane receptors on the target cells. 
The machinery that transduces the growth factor-binding signal to the cell nucleus 
involves a complex array of events involving cytoskeleton protein phosphorylation, 
ion fl uxes, changes in metabolism, gene expression, protein synthesis, and ulti-
mately an integrated biological response. 

 Growth factors differ from other oligo-/polypeptide molecules, such as insulin 
and hormones, in the mode of delivery and response elicited. Typically, growth fac-
tors do not act in an endocrine fashion; they exhibit short-range diffusion through 
the extracellular matrix and act locally owing to their short half-lives and slow dif-
fusion [ 181 ]. The ability of a growth factor to deliver a particular message to a dis-
tinct subpopulation of cells is not exclusively determined by the identity of the 
growth factor and its ability to diffuse through the ECMs; it is also determined by 
the target cell number, the type of receptors, and the intracellular signal transduction 
subsequent to factor binding. The same growth factor can convey different instruc-
tions depending on the receptor type to which it binds and on the cell type to which 
it binds. Moreover, the same receptor can translate different messages depending on 
the intracellular transduction pathways. The ultimate response of a target cell to a 
particular soluble growth factor can also be governed by external factors, including 
the ability of the factors to bind to ECM, ECM degradation, and growth factor con-
centration and cell target location [ 182 ]. 

 Growth factors are involved in the regulation of a variety of cellular processes 
and typically act as signaling molecules between cells [ 183 ]. They promote cell 
proliferation, differentiation, and maturation, which vary in growth factors. As a 
result, they play important roles in wound healing and tissue regeneration. However, 
most growth factors act in a diffusible manner and are generally unstable in a tissue 
environment. This prolonged retention is considered to maintain the activity of 
growth factors in cells or in their environment (i.e., the ECM or artifi cial implant 
scaffolds), until the repair process is initiated or even completed. Thus, many 
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attempts have been made to improve the performance of growth factors (e.g., their 
active period and stability). In addition, it is very important to add biofunctionality 
such as the regulation of cell functions to biomaterials used for artifi cial organs. 
Modifi cation of growth factors for immobilization on or for high-affi nity binding to 
cells or scaffold biomaterials has been performed by various researchers [ 184 ]. 

 Most growth factors, which act in a diffusible manner, interact with their cognate 
receptor on the cell membrane and form a complex. This interaction induces phos-
phorylation of the receptor and triggers signal transduction in the cell. These com-
plexes are then internalized, partially decomposed by lysosomes, and partially 
recycled to the cell membrane [ 185 ]. Thus, internalization of the receptor/growth 
factor complexes leads to the desensitization of cells (downregulation) and to the 
reduction of excessive responses and overstimulation. In contrast, some growth fac-
tors are known to act in a nondiffusible manner by being present at the cell surface 
(juxtacrine) or by associating with specifi c substances, such as the ECM (matric-
rine). The nondiffusible mechanism was elucidated by the discovery of cell 
membrane- bound growth factors in the 1990s, which include heparin-binding EGF- 
like (HB-EGF) growth factor, transforming growth factor-β (TGF-β), tumor necro-
sis factor-α (TNF-α), colony-stimulating factor 1 (CSF-1), and the c-kit ligand 
[ 186 ]. These growth factors are barely internalized even after binding to their recep-
tors but exhibit long-term activity without downregulation. This point suggests the 
possibility of designing binding growth factors with specifi c activities. 

 There are several characteristic properties of growth factors. Many cell types can 
produce the same growth factor, and the same growth factor can act on many cell 
types (pleiotropism) with the same or different effects. Furthermore, different 
growth factors can share the same biological effect (redundancy). Growth factors 
can infl uence the secretion of other growth factors (antagonize or enhance). Growth 
factors are not stored as preformed molecules, but their secretion is a brief self- 
limited event and their synthesis is initiated by new gene transcription, transient 
transcriptional activation, and their mRNAs are unstable [ 187 ]. There are transient 
synthesis and rapid release with activity controlled by posttranscriptional mecha-
nisms such as proteolytic release of an active product from an inactive precursor. 
Most cellular responses to growth factors require new mRNA and protein 
synthesis. 

 The availability of growth factors from the conditioned medium of cultured 
human cells, their expansion through recombinant technologies, and improved 
understanding of their functions and clinical applications has increased the need for 
pharmaceutical forms. Unfortunately, the short half-lives of growth factors, their 
relatively large size, slow tissue penetration, and their potential toxicity at systemic 
levels all leading to a long time for the tissue to respond obviate conventional routes 
of administration. 

 All vascularization processes involve a series of interactions among cytokines, 
growth factors, various types of cells, and enzymes. The onset of vascularization 
begins with the binding of biological agents to the surface receptors of endothelial or 
endothelial progenitor cells, and a resulting cascade of agents act in the subsequent 
processes of vascularization. Numerous growth factors involved in vasculogenesis, 
angiogenesis, and arteriogenesis have been identifi ed and characterized, including 
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vascular endothelial growth factor (VEGF), fi broblast growth factor (FGF), placen-
tal growth factor (PIGF), hepatocyte growth factor (HGF), platelet- derived growth 
factor (PDGF), angiopoietin-1 and angiopoietin-2, insulin-like growth factor (IGF), 
granulocyte macrophage colony-stimulating factor (GM-CSF), and monocyte che-
moattractant protein-1 (MCP-1). Growth factors are often chosen as drug candidates 
for rebuilding networks of blood vessels for therapeutic angiogenesis or for tissue 
engineering. 

 Members of the transforming growth factor-β (TGF-β) superfamily are secreted 
multifunctional growth factors that determine the development, maintenance, and 
regeneration of tissues and organs. Their importance in the development of multi-
cellular organisms is clear from their presence in all vertebrates and invertebrate 
animals. On the basis of their phylogenetic and functional relationships, the TGF-β/
bone morphogenetic proteins (BMPs) can be subdivided into four subgroups, which 
also highlight mechanistic differences in receptor binding and activation or the dif-
ferences found in modulatory mechanisms [ 188 ]. These subgroups are the TGF-βs, 
the bone morphogenetic proteins (BMPs) and growth and differentiation factors 
(GDFs), activins/inhibins, and the so-called outsider subgroup.  

8.5.2     Brief Introduction of BMPs 

 Bone morphogenetic proteins belong to the large transforming growth factor-beta 
(TGF-β) superfamily of structurally related signaling proteins which are disulfi de- 
linked dimers composed of two 12–15 kD monomers. To date, more than 20 mem-
bers have been identifi ed in humans with varying functions during developmental 
and physiological processes [ 189 ] such as embryogenesis, skeletal formation, 
hematopoiesis, and neurogenesis. Among these growth factors, BMP-2, BMP-4, 
and BMP-7 (also called osteogenic protein-1) have been largely used as recombi-
nant proteins for their ability to repair bone defects in different animal models [ 190 , 
 191 ]. Liu et al. [ 192 ] have elucidated the exact mechanism by which BMPs affect 
MSCs. These proteins generate the transcription factor Smads by combining with 
type I or II serine/threonine receptor on the MSC membrane to activate 203 gene 
loci which control the osteoblast differentiation of MSCs. 

 BMP-2 is a FDA-approved growth factor and can induce ectopic bone and carti-
lage formation in adult vertebrates and is involved in central steps in early  embryonal 
development. A cDNA encoding mature human BMP-2 could be effi ciently 
expressed in  Escherichia coli , and after renaturation a dimeric BMP-2 protein of Mr 
26000 was prepared with a purity greater than 98 %. Fernando Lecanda et al. [ 193 ] 
have proved that BMP-2 has profound effects on the proliferation, the expression of 
most of the bone matrix proteins, and the mineralization of both relatively immature 
human bone marrow stromal preosteoblasts and mature human osteoblasts. 
However, combined with clinical challenges such as limited effi cacy, excessive 
doses, side effects, and high costs, efforts have focused on improving BMP-2 half- 
life and/or sustaining and localizing its release [ 194 ].  
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8.5.3     Immobilization of Growth Factors 

 Growth factors typically act as signaling molecules to regulate a variety of cellular 
processes. For example, BMPs stimulate bone cell differentiation and improve the 
cell proliferation, whereas FGF and VEGF enhance angiogenesis. BMPs have been 
integrated onto/into the implantable materials to signifi cantly enhance a wide vari-
ety of biological functions including stimulating osteogenesis and angiogenesis 
[ 195 ,  196 ]. Upregulation of BMP-2 has been observed during the fi rst 3 weeks of 
osteogenesis [ 197 ]. Moreover, the growth factors released during the infl ammatory 
phase have the potential of attracting undifferentiated mesenchymal stem cells to 
the injured site [ 198 ]. On the basis of these fi ndings and the nature of BMP-2, this 
growth factor must be delivered in a sustained fashion that emulates the natural 
release profi le of BMP-2 in vivo. 

 There are several methods for immobilizing biological molecules including 
BMPs on inorganic/organic surfaces. Physisorption is the easiest method of surface 
modifi cation. The fundamental interacting force of physisorption is van der Waals 
force and the interaction energy is very weak. Therefore, the direct immobilization 
of growth factors by physisorption is easily disrupted by desorption, and the growth 
factors will diffuse into the surrounding medium, losing their ability to exert a sus-
tained effect [ 199 ]. Moreover, the loading amount of bioactive agents with physi-
sorption is limited, and there is an obvious burst release at the beginning stage. To 
improve the surface properties of a substrate, such as its appearance, adhesion, and 
wettability, the substrate surfaces can be modifi ed or functionalized via coating 
growth factors with other materials. A variety of biomaterials including calcium 
phosphates, collagen gels, sponges, HA, dextran, and chitosan have been co-coated 
for prolonged and local release of BMPs. 

 Growth factors have also been chemically immobilized on surfaces by covalent 
bonding. Some linkers have also been used as intermediaries to chemically immo-
bilized growth factors, including coupling agents and dopamine. Meanwhile, the 
covalent binding usually requires nonphysiological conditions and complex proce-
dures [ 200 ]. Many researchers have also developed layer-by-layer self-assembly 
and biomimetic/electrochemical deposition approaches for immobilizing growth 
factors [ 201 ]. However, either time-consuming or poor controlling of the coating 
properties limits their applications. To achieve the high loading effi ciency and 
maintain the biological stability of BMP-2, the immobilization techniques require 
the fast operation, mild conditions, as well as the well-controlled coating. Among 
different techniques, the electrostatic spray deposition (ESD) has shown a great 
potential for biomolecule incorporation onto/into metallic materials because of 
simple and low-cost, fast deposition rate and protein-friendly, well-controlled, and 
easy coating for complex geometries [ 202 ]. To date, this technology has been suc-
cessfully applied to deposit many inorganic/organic materials on the metallic sur-
faces. Our group also used this technique to co-deposit BMP-2 and chitosan on 
metallic surface for enhancing the proliferation and osteogenic differentiation of 
bone MSCs [ 203 ]. 
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 Growth factors are often added to the scaffold surface via electrostatic interac-
tion and ionic complexation, and the corresponding release depends on protein–sur-
face interactions that are governed by surface charge, surface roughness, and surface 
energetics. For more sustained release, bioactive molecules can be physically 
encapsulated within the scaffolding material and in microparticles. Covalent immo-
bilization methods must be assessed in terms of gradients, spatial distribution and 
density, conjugation effi ciency, dose dependence, downstream signaling, heparin-/
affi nity-based delivery, dual delivery, and cleavable linkers [ 204 ]. For the purpose 
of this review, 100 % or less delivery over the course of 30 days is considered suc-
cessful sustained release, based on the timescale required for repairing different 
tissues.  

8.5.4     Infl uence of Ions on rhBMP-2 and Stem Cell 
Differentiation 

8.5.4.1     The Infl uence of Various Ions on the Activity of rhBMP-2 
to Induce the Osteogenic Differentiation 

 As has been discussed, rhBMP-2 is a widely used, potent osteogenic growth factor 
and can induce osteogenic differentiation of multipotent mesenchymal cells and 
induce bone formation in both animals and humans. Various matrices have been and 
are currently being adopted to carry recombinant human BMP-2 (rhBMP-2) [ 205 –
 208 ]. However, due to the hydrogen/ionic/hydrophobic interaction with the sub-
strates or the environmental factors such as pH, ionic strength, and temperature 
in vitro and in vivo, highly effi cient delivery of rhBMP-2 remains a challenge till 
now. Therefore, fundamental understanding of the conformational behavior of 
rhBMP-2 during its application in vitro and in vivo would be very signifi cant to the 
design and fabrication of the rhBMP-2-based orthopedic implants/scaffolds. Recent 
studies reveal that metal cations play a decisive role in the regulation of protein fold-
ing, conformation, stability, and bioactivity of protein. Zinc (Zn 2+ ), copper (Cu 2+ ), 
calcium (Ca 2+ ), magnesium (Mg 2+ ), manganese (Mn 2+ ), and strontium (Sr 2+ ) have 
been reported as modulators for protein conformation and biofunctions [ 209 – 211 ]. 
Thus, the interaction between cations and rhBMP-2 was systematically elucidated 
in this section.

   Considering the fact that Ca 2+  is the most pervasive component of the bone 
matrix/scaffold and is abundant in cell culture medium and the physiological envi-
ronment, the “hormesis” phenomenon was observed for the infl uence of calcium on 
the bioactivity of rhBMP-2. Briefl y, low concentration of Ca 2+  (0.18 mM) enhanced 
rhBMP-2-induced osteogenic differentiation, while high Ca 2+  concentration (>1.80 
mM) exerted negative effect. In vivo ectopic bone formation exhibited similar trend. 
Further studies using circular dichroism spectroscopy and fl uorescence spectros-
copy, together with cell culture experiments, revealed that at low concentration, 
weak interaction of Ca 2+  and rhBMP-2 slightly increased β-sheet/β-turn content and 
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facilitated recognition of BMP-2 and BMPRIA. But, high Ca 2+  concentration (>1.8 
mM) induced the formation of Ca–rhBMP-2 complex and markedly increased the 
content of β-sheet/β-turn, which led to inhibition binding of rhBMP-2 and BMPRIA 
and thus suppression of downstream Smad1/5/8, ERK1/2, and p38 mitogen- 
associated protein kinase signaling pathways (as shown in Fig.  8.11 ). Those results 
suggested osteogenic bioactivity of BMP-2 can be adjusted via extracellular Ca 2+ , 
which should provide guide and assist for development of BMP-2-based materials 
for bone regeneration [ 212 ]. 

 Strontium (Sr 2+ ) has pronounced effects on stimulating bone formation and 
inhibiting bone resorption in bone regeneration. The interaction between Sr 2+  and 
rhBMP-2 was further discussed in this part. Sr 2+  could bind recombinant human 
BMP-2 (rhBMP-2) rapidly, even in the presence of Ca 2+  and Mg 2+ , and inhibited 
rhBMP-2-induced osteogenic differentiation in vitro and osteogenetic effi ciency 

  Fig. 8.11    Schematic depiction of the effect of Ca 2+  on the conformation and bioactivity of rhBMP-
 2. Effect of Ca 2+  on the rhBMP-2-induced osteogenic differentiation. Ca 2+  ion at low concentration 
facilitated for the binding capacity of BMP-2 with its receptors on the cell membrane and thus 
enhanced Smad1/5/8 and MAPK signaling transduction, which further stimulated the expression 
of osteogenic marker genes and the ALP activity. Additionally, increasing Ca 2+  attenuated the 
binding capacity to BMPRIA, downregulated the signaling transductions of Smad1/5/8 and MAP 
kinases, and consequently reduced the rhBMP-2-induced gene expression and ALP activity [ 212 ] 
(Copyright 2015 Changsheng Liu et al.)       
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in vivo. Further studies demonstrated that Sr 2+  treatment undermined the binding 
capacity of rhBMP-2 with its receptor BMPRIA and thus attenuated Smad1/5/8 
phosphorylation without affecting their dephosphorylation in C2C12 cells. 
Furthermore, circular dichroism spectroscopy, fl uorescence spectroscopy, and 
X-ray photoelectron spectroscopy all revealed that the inhibitory effect of Sr 2+  on 
the rhBMP-2 osteogenic activity was associated with the formation of Sr–rhBMP-2 
complex and ensuing enhancement of β-sheet structure (as shown in Fig.  8.12 ). Our 
work suggests the activity of rhBMP-2 to induce osteogenic differentiation was 
decreased by direct interaction with free Sr ions in solution, which should provide 
guidance and assistance for development of BMP-2-based materials for bone regen-
eration [ 213 ].

   Moreover, magnesium is a vital and widely used component for the bone substi-
tutes. Mg 2+  plays a vital role to modulate the conformation and bioactivity of 
rhBMP-2. However, possibly due to the weak bonding of Mg 2+  with rhBMP-2, low 
concentration of Mg 2+  has no obvious effect on the osteogenic activity of 
rhBMP-2. 

  Fig. 8.12    Schematic depiction of the effect of Sr2+ on the conformation and bioactivity of 
rhBMP-2. Compared with free rhBMP-2, the Sr–rhBMP-2 complex, facilitated by the interaction 
of rhBMP-2 and Sr2+ ion, attenuated the binding capacity to BMPRIA, consequently downregu-
lated the Smad signaling transduction cascades, and eventually reduced the rhBMP-2-induced 
osteogenic differentiation in vitro (including ALP activity and bone-related protein and gene 
expression) and osteogenetic effi ciency in vivo [ 213 ] (Copyright  ©  2016 Acta Materialia, Inc. 
Published by Elsevier Ltd.)       
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 However, those results mentioned above were analyzed using C2C12, a pluripo-
tent skeletal muscle myogenic progenitor cell line, which can differentiate toward 
an osteoblastic lineage in the presence of BMP-2 and thus is considered as a useful 
model for analyzing both the common and specifi c signaling mechanisms of BMPs 
[ 214 ]. Although the rhBMP-2-induced ALP activity in rat mesenchymal stem cells 
showed a same trend, the infl uence of cations on the rhBMP-2 in stem cells is still 
unknown. 

 Furthermore, lithium (Li + ) ions, which are widely used as a long-term mood 
stabilizer in the treatment of depressive disorders, are known to affect embryonic 
development by altering cell fate determination and pattern formation. Li +  activates 
the canonical Wnt signaling pathway through inhibition of the β-catenin degrada-
tion kinase and glycogen synthase kinase-3 (GSK3) to mimic the canonical WNT 
signaling. Analogous to WNT, lithium prevents GSK3-mediated phosphorylation of 
cytosolic transcription factor β-catenin and its subsequent degradation by the pro-
teasome complex. Although stabilization of β-catenin in osteoblasts has been shown 
to promote bone mass accrual in a mouse model, several studies reported inhibitory 
effects of lithium supplements on the osteogenic differentiation of cultured 
 mesenchymal stem cells. One possible explanation for these apparent contradictory 
fi ndings might be that lithium affects the differentiation of osteoblast progenitors 
through additional signaling events, which independently or in concert with WNT 
signaling affect the bone resorption activities in vivo. In murine MC3T3-E1 pre-
osteoblasts and a pluripotent mesenchymal cell line C2C12, lithium inhibits BMP-2 
signaling to affect osteogenic differentiation on account to reduction of BMP-2- 
induced Smad1/5/8 phosphorylation without affecting their dephosphorylation. 
Additionally, in MC3T3-E1 cells, lithium attenuates BMP-2-induced osteogenic 
differentiation through GSK3 inhibition, while in C2C12 cells, these negative 
effects of lithium ions on BMP-2 signaling do not rely on GSK3 inhibition or acti-
vation of canonical WNT signaling [ 215 ].  

8.5.4.2     Infl uence of Various Ions on the Osteogenic Differentiation 
of Stem Cells 

 Due to the excellent biocompatibility and bioactivity, CaP-based biomaterials have 
been attracting great attention in the bone regeneration. The dynamic dissolution/
precipitation of CaP minerals from the mineralized matrices dictates the concentra-
tions of Ca 2+  and PO 4  3−  in the extracellular milieu. The previous investigation has 
proposed the role for inorganic ions in stimulating osteogenic differentiation. 

 The response of osteoprogenitors to calcium (Ca 2+ ), which created an in vitro 
environment with high extracellular Ca 2+ , is of primary interest for both normal 
bone homeostasis and the clinical fi eld of bone regeneration. It reported that Ca 2+  
enhanced proliferation and morphological changes in human bone-marrow-derived 
mesenchymal stromal cells (hMSCs) with the upregulated expression level of osteo-
genic genes including ECM proteins (osteopontin, bone sialoprotein, and osteocal-
cin) and BMP-2. This means hMSCs will develop an osteoblastic phenotype due to 
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increased [Ca 2+ ] in the culture medium. Ca 2+  is a ligand for several G-protein- 
coupled receptors (GPCRs) and can enter the cell via gap junction hemichannels or 
activate the Notch signaling pathway in the chick embryo during left–right organ 
asymmetry acquisition. The best described GPCR involved in Ca 2+  sensing is the 
calcium-sensing receptor (CaSR), as well as metabotropic glutamate receptors 
(mGluRs), gamma-aminobutyric acid (GABA), GABAB, and GPRC6A. Furthermore, 
ion channels such as voltage-gated Ca 2+  channels (VGCCs), acid-sensing ion chan-
nels (ASIC) – ASIC1a/ASIC1b – and human ether-à-go-go-related gene (HERG) 
K +  channels open in response to variations in [Ca 2+ ]. The analysis of signal trans-
duction pathways with GPCR agonists and antagonists, targeting the CaSR and 
mGluR1, respectively, suggests that these receptors are not involved in BMP-2 
expression, but cannot exclude the possibility of an unknown GPCR mediating 
hMSC BMP-2 expression in response to [Ca 2+ ]. Type L voltage-gated calcium chan-
nels are involved in mediating the signaling pathway between extracellular Ca 2+  and 
BMP-2 expression, but not exclusively. Moreover, in other cell lines such as osteo-
blasts, Ca 2+  treatment results in phosphorylation of extracellular signal-regulated 
kinases 1 and 2 (ERK1/2), and ERK1/2 phosphorylation also occurred when 
MC3T3-E1 cells were treated with Ca 2+ . In addition, biphasic CaP crystals failed to 
induce the expression of a characteristic set of genes in mouse embryonic fi bro-
blasts when upstream activators of ERKs were blocked. In hMSCs, MEK1/2 activ-
ity is essential for the effect of Ca 2+ , probably via Fos expression and AP-1 formation 
that in turn binds to the AP-1-binding domain of the BMP-2 promoter region [ 216 ]. 

 Phosphate ions have generated excitement in the fi eld of vascular biology due to 
an increased propensity for intravascular calcifi cation with hyperphosphatemia seen 
in chronic renal disease. The mechanism behind phosphate-induced osteogenesis 
has been partially elucidated to involve the ubiquitous sodium phosphate cotrans-
porter SLC20A1, adenosine signaling, and ERK1/2 phosphorylation. Extracellular 
PO 4  3−  enters the cells through SLC20A1 and subsequently into the mitochondria, 
which serves as a substrate for ATP synthesis. ATP is then secreted and metabolized 
into adenosine, which subsequently promotes osteogenic differentiation of hMSCs 
through the A2b adenosine receptor via autocrine and/or paracrine signaling. 
Another possibility is that intracellular transport of calcium or phosphate ions inhib-
its negative regulators of the Smad signaling pathway such as Smad6 or Smad7 
[ 217 ,  218 ]. 

 Due to the pronounced effects for stimulating bone formation and inhibiting 
bone resorption, strontium (Sr 2+ ) has been incorporated into biomaterials/scaffolds 
to improve the bioactivity for bone regeneration applications [ 219 – 221 ]. It has 
reported that Sr 2+  promotes osteoblast differentiation including upregulating expres-
sion of the endogenous BMP-2 [ 222 ] probably via calcium-sensing receptor (CaR)-
dependent mechanism [ 223 ] or modulation of the Wnt/β-catenin [ 224 ] and MAPK 
pathways [ 225 ]. 

 The further studies aimed to investigate the possible effects of strontium on 
MSCs and signaling pathways possibly involved. The increased phosphorylation of 
mitogen-activated protein kinase (MAPK) ERK1/2 and p38 was detected in 
strontium- treated MSCs. PD98059 and SB203580, selective inhibitors of ERK1/2 
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kinase and p38, attenuated the effect of strontium on osteogenesis. Furthermore, it 
was demonstrated that rat sarcoma (Ras) viral oncogene homolog, an upstream 
regulator of ERK1/2 and p38, was activated by strontium treatment and siRNA- 
mediated Ras knockdown inhibited strontium-stimulated expression of osteogenic 
markers. Finally, the transcriptional activity and phosphorylation level of runt- 
related transcription factor-2 (Runx2) were signifi cantly increased in response to 
strontium treatment in MSCs. PD98059 and Ras siRNA inhibited the effect of 
strontium on Runx2 activation. Taken together, strontium can promote osteogenic 
differentiation of MSCs through activating the Ras/MAPK signaling pathway and 
the downstream transcription factor Runx2 [ 226 ]. 

 Wnt/β-catenin signaling is involved in almost every aspect in embryonic devel-
opment and plays a central role in bone development and homeostasis. β-Catenin 
signaling also plays an important role in regulating the commitment of the differen-
tiation of pluripotent stem cell into osteoblast lineage during fracture healing. The 
canonical Wnt signaling could regulate osteogenesis of MSCs and improve the effi -
ciency of bone tissue engineering. The in vivo data demonstrated the expression of 
β-catenin, and Frizzled receptor was signifi cantly increased by strontium, thus 
transducing signals that activated the downstream osteogenic transcription factors 
and enhancing osteoblastic differentiation; on the other hand, strontium could also 
inhibit the expression of Wnt pathway inhibitors, prevent the degradation of 
β-catenin, and promote osteogenic differentiation.   

8.5.5     Infl uences of Other Molecules on rhBMP-2 and Stem 
Cell Differentiation 

8.5.5.1     Interactions Between GAG Sugars and BMP-2 

 Recent evidence suggests that BMP-2 kinetics can be improved by complexing the 
growth factor with glycosaminoglycan (GAG) sugars [ 226 ]. GAGs are long-chain 
compounds composed of repeating disaccharide units with a carboxyl group and 
one or more sulfates, in which one sugar is N-acetylgalactosamine or 
N-acetylglucosamine [ 227 ]. These highly anionic, linear polysaccharides form 
important constituents of the extracellular matrix and are noted for their ability to 
bind, stabilize, and protect various growth and adhesive factors [ 228 ]. Heparin, 
heparan sulfate (HS), keratan sulfate, dermatan sulfate, chondroitin sulfate, and 
hyaluronic acid are well known as endogenous GAGs. 

 Heparin, a hyper-sulfated glycosaminoglycan (GAG) sugar harvested from mast 
cell-rich tissues, has been investigated extensively and shown great promise in this 
regard. Heparin can bind to and modulate various extracellular molecules including 
growth factors, adhesion molecules, and receptors. Rainer Ruppert et al. [ 229 ] iden-
tifi ed the basic N-terminal domains of dimeric BMP-2 as heparin-binding sites that 
are not obligatory for receptor activation but modulate its biological activity. Some 
studies have reported that heparin enhances the bioactivities of BMP-2 through 
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binding to and stabilizing BMP-2, protecting BMP-2 from degradation and inhibi-
tion by BMP antagonists [ 226 ,  230 ], or acting as a BMP-2 coreceptor by facilitating 
ligand-induced receptor hetero-oligomerization [ 231 ], thereby improving BMP-2 
effi cacy. In contrast, some researchers have found that heparin inhibits BMP-2 
osteogenic bioactivity in vitro by binding to both BMP-2 and BMP receptor (BMPR) 
[ 232 ] or sequestering BMP-2 on the cell surface and mediating the internalization 
of BMP-2 [ 226 ]. In addition, Shin Kanzaki et al. [ 233 ] found that heparin decreased 
the phosphorylation of Smad1/5/8 after 0.5 h culture, while prolonged periods of 
culture with heparin enhanced the Smad phosphorylation in BMP-2-stimulated 
MC3T3 cells. These fi ndings indicate biphasic effects of heparin on BMP-2 activity 
and suggest that heparin has complex effects on the BMP-2 osteogenic bioactivities. 
Thus, the mechanism by which heparin regulates bone metabolism induced by 
BMP-2 remains unclear. 

 Despite promising results, the use of heparin to augment BMP-2 therapy may 
pose unwanted effects due to heparin’s affi nity for a wide range of proteins. For 
instance, heparin’s ability to interact and activate antithrombin III promotes its wide 
use in anticoagulant therapy [ 234 ]. As the fracture hematoma acts as a reservoir for 
cytokines and growth factors important for bone repair [ 235 ], the use of anticoagu-
lant compounds like heparin may be counterproductive. Furthermore, heparin treat-
ment is known to reduce bone density and has been linked to the development of 
osteoporosis [ 236 ] through its pro-osteoclastic actions in vitro [ 237 ] and in vivo 
[ 236 ]. 

 Like heparin, HS is a GAG sugar with repeating disaccharide units of 
N-glucosamine and uronic acid. Importantly, however, HS is less sulfated (40–60 
%) compared to heparin (>80 %) and has a greater variability in its sulfation pattern 
that is critical for binding specifi c signaling molecules [ 238 ]. This specifi city is of 
major biomedical signifi cance, because HS retains the advantageous bioactivity of 
heparin without the adverse effects associated with its pleiotropic protein affi nity. 

 Dombrowski et al. [ 239 ] found that exogenous application of HS to cultures of 
primary rat MSCs could stimulate their proliferation, leading to increased expres-
sion of osteogenic markers and enhanced bone nodule formation. Studies from 
Bramono et al. [ 240 ] have demonstrated that marrow-derived HS (HS5) is an effec-
tive adjuvant of BMP-2 which sustains BMP-2-dependent osteogenic activity in a 
similar pattern to heparin and minimizes side effects by (i) prolonging BMP-2 half- 
life, (ii) reducing interactions between BMP-2 with its antagonist noggin, and (iii) 
modulating BMP-2 distribution on the cell surface. The sulfated polysaccharides 
could enhance the biological activity of both homodimers and heterodimers of 
BMPs by continuously serving the ligands to their signaling receptors expressed on 
cell membranes [ 226 ]. In addition, not only the total amounts of sulfur but also its 
position and/or structure is important to modify the stimulatory capacity of BMP 
activity. 

 Degat et al. [ 241 ] explored the binding capacity of synthetic heparin-like dextran 
derivatives to BMP-2. Affi nity electrophoresis analysis provided evidence that 
carboxy- methylated dextran polymers grafted with high amounts of benzylamide 
groups (named DMCB) interact with BMP-2. In vitro, DMCB dose dependently 
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promoted osteoblast differentiation induced by BMP-2 in C2C12 myoblasts more 
effi ciently than heparin. In rats in vivo, DMCB also stimulated ectopic calcifi cation 
mediated by BMP-2. These data indicate that dextran-based polysaccharides pro-
long the half-life of the growth factor and promote its biological activity. 

 Dose-dependent effects on BMP bioactivity were observed in both sulfated chi-
tosan and heparin. Compared with native heparin, 2-N,6-O-sulfated chitosan 
(26SCS) showed much stronger simultaneous effects on the BMP-2 bioactivity at 
low dose. Stimulated secreted noggin protein failed to block the function of 
BMP-2 in the presence of 26SCS. The BMP-2 ligand bound to its receptor was 
enhanced by low dose of 26SCS, whereas weakened by the increasing amounts of 
26SCS. Furthermore, simultaneous administration of BMP-2 and 26SCS in vivo 
dose dependently induced larger amounts of ectopic bone formation compared with 
BMP-2 alone. These fi ndings indicated that 26SCS could be used as the synergistic 
factor of BMP-2 for bone regeneration [ 242 ]. Buttner et al. [ 243 ] have reported that 
over-sulfated CS derivatives themselves are able to induce osteogenic differentia-
tion of hMSC, probably independent of BMP-2 and TGF-β1 signaling, and offer 
therefore an interesting approach for the improvement of bone healing. The enzy-
matic disruption of HS and CS chains on cell surface proteoglycans alters BMP and 
Wnt activity so as to enhance the lineage commitment and osteogenic differentia-
tion of hMSCs [ 244 ]. 

 Hyaluronic acid is a long polysaccharide consisting of repeating disaccharide 
units of N-acetylglucosamine and d-glucuronic acid and a major component of 
extracellular matrix (ECM) proteins in mammalian tissues. Michinao Kawano et al. 
[ 245 ] found that HA enhanced BMP-2 osteogenic bioactivity in MG63 cells via 
downregulation of BMP-2 antagonists and ERK phosphorylation. Also Jungju Kim 
et al. [ 246 ] found that during bone regeneration in vivo, there was a synergetic effect 
of bone formation with HA-based hydrogel with hMSCs and BMP-2 in the histo-
logical and immunohistochemical analysis.  

8.5.5.2     Dexamethasone/Ascorbic Acid/Glycerophosphate (DAG) 

 Dexamethasone (DEX)/ascorbic acid/glycerophosphate (DAG) and BMP-2 are 
potent agents in cell proliferation and differentiation pathways. Dexamethasone 
(DEX) is a synthetic glucocorticoid that has been used clinically as an anti- 
infl ammatory drug, although long-term administration of DEX or other steroids 
may cause or exacerbate osteoporosis. However, DEX has also been used for 
decades to differentiate MSCs into adipogenic [ 8 ], chondrogenic [ 247 ], and osteo-
genic lineages [ 248 ]. DEX affected not only the proliferation rate but also the sub-
population composition of BMSCs and MuSCs and subsequently augmented their 
osteogenic capacity during osteogenic differentiation. During osteogenic induction 
by BMP-2, DEX also markedly affected cell proliferation in both BMSCs and 
MuSCs. In an in vivo ectopic bone formation model, bone formation in muscle- 
implanted scaffolds containing dexamethasone and BMP-2 was more than twofold 
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higher than that in scaffolds containing BMP-2 alone. These results suggest that 
DEX potently enhances the osteogenic capability of BMP-2 and may thus decrease 
the quantity of BMP-2 required for clinical application, thereby reducing the com-
plications caused by excessive doses of BMP-2 [ 249 ]. 

 In Langenbach and Handschel’s review [ 250 ], it has been concluded that DEX 
induces Runx2 expression by FHL2-/β-catenin-mediated transcriptional activation 
and that DEX enhances Runx2 activity by upregulation of TAZ and MKP1. Ascorbic 
acid leads to the increased secretion of collagen type I (Col1), which in turn leads to 
increased Col1/α2β1 integrin-mediated intracellular signaling. The phosphate from 
β-Gly serves as a source for the phosphate in hydroxyapatite and in addition infl u-
ences intracellular signaling molecules. Treatment with β-glycerophosphate can 
result in non-osteogenic dystrophic mineralization. 

 Marcus et al. [ 251 ] found that DAG induced collagen I secretion from MSCs, 
which was further increased by the combination of DAG + BMP-2. In comparison, 
the collagen scaffold and the control samples showed no signifi cant infl uence on 
collagen I secretion of MSCs. DAG stimulation of MSCs led also to a steady but not 
signifi cant increase of BMP-2 level. A DAG and more, a DAG+BMP-2, stimulation 
increased the number of mesenchymal cells (CD105+/CD73+). To be summarized, 
BMP-2 enhances DAG-induced osteogenic differentiation in mesenchymal bone 
marrow cells. Both agents interact in various ways and can modify osteoblastic 
bone formation.  

8.5.5.3     Extracellular Antagonists of BMP-2 

 BMP antagonists were found in the Spemann organizer of Xenopus embryos as a 
molecule to inhibit BMP binding to their receptors. They are designated as noggin 
and chordin. After the fi rst discovery of the BMP antagonists, numerous BMP 
antagonists, which are secretory proteins with cysteine arrangement structure, were 
found. The extracellular BMP antagonists represent a number of secreted peptides, 
which bind BMPs with high affi nity and prevent their interaction with their specifi c 
receptors. Antagonists such as noggin, chordin, gremlin (Grem1), and twisted gas-
trulation- 1 (Twsg1) have been shown to inhibit BMP action in a range of different 
cell types and developmental stage-specifi c contexts. 

 Noggin binds to BMP-2 and BMP-4 with high affi nity and to BMP-6 and BMP-7 
with low affi nity to prevent further action of BMP action. Chao Chen’s study [ 252 ] 
showed that noggin suppression signifi cantly decreased human MSC metabolism 
and DNA content on days 3 and 6 and decreased total protein amount on day 14. 
Noggin suppression also reduced the expression levels of osteoblastic genes, ALP, 
integrin-binding sialoprotein (IBSP), muscle segment homeobox gene (MSX2), 
osteocalcin (OC), osteopontin (OPN), and runt-related transcription factor-2 
(Runx2). Signifi cantly decreased enzymatic ALP activity in noggin-suppressed 
group was evident. Moreover, noggin suppression decreased calcium deposits by 
BMP-2-induced osteoblasts. Collectively, this study showed that noggin suppres-
sion decreased viability and BMP-2-induced osteogenic differentiation of human 
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MSCs, suggesting that noggin is stimulatory to osteogenesis of human MSCs. It has 
also been reported that endogenous signaling by BMP-2 controls the differentiation 
of embryonic stem cells into this lineage. Treatment of embryonic stem cell cultures 
with BMP antagonist noggin blocks this form of differentiation and induces the 
appearance of a novel cell type that can give rise to neural precursors [ 253 ]. 

 Chordin as well as noggin binds BMPs and modulates BMP action. Using fl uo-
rescent labeling, BMP-2 was found to be internalized in HeLa cells via a clathrin- 
dependent pathway, with noggin and Grem1 increasing BMP-2 uptake. By contrast, 
chordin decreased BMP-2 uptake, suggesting that BMP ligand and receptor interac-
tions on the cell surface involve cooperative binding of BMP antagonists such as 
noggin and Grem1 as well as other proteins such as the endoglin CD105 coreceptor 
[ 254 ]. Francois NK Kwong et al. [ 255 ] demonstrated that chordin knockdown 
accelerated early osteogenesis of MSCs and led to increased deposition of mineral 
at late time points. The suppression of chordin led to an increase in the bioavail-
ability of endogenously produced BMP-2 to drive the differentiation of 
osteoprogenitors. 

 Twisted gastrulation (TSG) is expressed in the lung, thymus, and kidney and 
binds to BMPs to inhibit BMP action in osteoblasts. The action of TSG may be 
determined in cell-specifi c manner. Recent studies using TSG overexpression sys-
tem in stromal/preosteoblasts supported antagonistic activity of TSG on BMP sig-
naling [ 256 ]. The mechanism for agonist activity of TSG is explained by indirect 
action: TSG promotes cleavage of co-associator chordin to enhance to BMP 
activity. 

 Gremlin is a glycoprotein that binds and antagonizes the actions of BMP-2, 
BMP-4, and BMP-7. Gremlin appears to activate the extracellular regulated kinase 
(ERK) pathway in endothelial and tumor cells and as a consequence to have direct 
cellular effects. Gremlin antagonizes BMP actions on the differentiation of marrow 
stromal cells and on osteoblastic function in vitro. Targeted osteoblast gremlin over-
expression in vivo leads to spontaneous fractures and osteopenia. The reduction in 
bone volume is due to a decrease in osteoblast function and in number, confi rming 
a possible effect of this BMP antagonist in the regulation of cell growth. Gremlin 
and other members of the differential screening-selected gene aberrative in neuro-
blastoma family, such as cerberus, coco, and sclerostin, inhibit BMP as well as Wnt 
activity, suggesting additional potential mechanisms of action for this group of 
BMP antagonists [ 256 ].  

8.5.5.4     Interplay Between BMP-2 and Other Cytokines 

 Currently, commercially available recombinant human BMP-2 (rhBMP-2) is 
impregnated in an absorbable collagen sponge (ACS), which is used to retain 
rhBMP-2 at wound sites and to permit a slow release into the extracellular milieu. 
In the clinic, trauma, contamination, degradation of the ACS, and exogenous BMP-2 
[ 257 ,  258 ] can trigger an exaggerated infl ammatory environment, which is charac-
terized by the recruitment of infl ammatory cells and stem cells to the implantation 
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site and the secretion of various infl ammatory cytokines in serum, such as TNF-α, 
IL-1β, IL-8, and IL-6 [ 259 ]. Recently, the use of anti-infl ammatory drugs such as 
bone morphogenetic protein-binding peptide [ 260 ], triptolide-micelles [ 261 ], and 
corticosteroids [ 262 ] was proved to reduce the infl ammatory response and subse-
quently enhance the osteoinductive capacity of BMP-2. These results indicate that 
the low osteoinductive effi cacy of BMP-2 may be a result of the exaggerated infl am-
matory environment. Huang’s group has reported that TNF-α/IL-1β- and BMP-2- 
activated p38 and ERK1/2 signaling have opposing roles that converge on Runx2 to 
regulate osteoblastic differentiation [ 263 ]. The elucidation of these mechanisms 
may hasten the development of new strategies and improve the osteoinductive effi -
cacy of BMP-2 in the clinic to enhance osteoblastic differentiation and bone forma-
tion. Their recent studies have demonstrated that synergy between IL-6 and sIL-6R 
promotes the cell surface translocation of BMPRIA and maintains the stability of 
BMPRI A expression, leading to enhanced BMP-2-/ACS-induced bone regenera-
tion [ 264 ]. 

 In addition, the combined release of stromal cell-derived factor-1 (SDF-1) and 
BMP-2 enhanced the recruitment of osteogenic cells and angiogenesis, resulting in 
the synergistic effect on bone regeneration [ 265 ]. Kleinschmidt et al. [ 266 ] pro-
duced a mutant growth and differentiation factor-5 (GDF-5) protein BB-1 which 
enhanced heterotopic bone formation in mice. Rabbit radius defects treated with a 
BB-1-coated collagen carrier healed earlier and with increased bone volume com-
pared to BMP-2 and GDF-5 according to in vivo micro-CT follow-up. While BMP-2 
callus often remained spongy, BB-1 supported earlier corticalis and marrow cavity 
formation, showing no pseudojoint persistence like with GDF-5. Thus, by combin-
ing positive angiogenic and osteogenic features of GDF-5 and BMP-2, only BB-1 
restored the natural bone architecture within 12 weeks, rendering this promising 
growth factor variant especially promising for long bone regeneration. 

 TGF-βs and FGF-2, FGF-4, and FGF-6 have been proven to be inducers of 
osteoblast proliferation (a higher extent for TGF-β and FGF-2) and inhibitors of 
ALP activity and osteoblast mineralization, indicating potential application for 
in vitro bone growth induction in bone tissue engineering. To determine how fi bro-
blast growth factor-2 (FGF-2) affects the BMP signaling pathway during BMP- 
induced ectopic bone formation, Nakamura et al. [ 267 ] implanted type I collagen 
disks containing constant amounts of BMP-2 (5 μg) onto the back muscles of adult 
male mice and confi rmed that low doses of FGF-2 increased ectopic bone formation 
in vivo and high doses inhibited bone formation. Northern and/or Western blots of 
recovered muscle from the in vivo experiment and treated muscle-derived primary 
culture cells from the in vitro experiment revealed that low doses of FGF-2, but not 
high doses, increased the expression of BMP receptor (BMPR)IB, phosphorylated 
Smad1, noggin, and osteocalcin. It is further indicated that low-dose FGF-2 may 
facilitate BMP-2-induced ectopic bone formation by altering the expression of 
BMPRs on the surface of bone-forming progenitor cells. 

 In a summary, there is accumulating evidence to demonstrate that stem cell fate 
could be regulated by the chemical/mechanical properties of matrix materials, 
topography, geometry and hierarchy structure, and genetic clues delivered. It is 
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obvious that stem cells have the ability to sense the microenvironment and give the 
response to the surroundings in a different manner. By well regulating the factors 
discussed above, the stem cell fates could be potentially directed to the desirable 
way for medical applications. However, the microenvironments surrounding the 
stem cells in vivo are integrated and complicated. Besides the factors we have dis-
cussed in this chapter, MSCs in vivo are also composed of microenvironmental cells 
that nurture stem cells and enable them to maintain tissue homeostasis, such as 
potential of hydrogen (pH), ionic concentration, cytokines secreted by immune 
cells, oxygen, and biomechanics introduced by implants. Numerous attempts have 
been made to reveal the interaction between the stem cells and microenvironment 
in vivo [ 268 – 270 ]. However, this fi eld of research is still developing, but there is 
great promise that stem cell fate could be controlled by designing advanced bioma-
terials and intelligent surfaces, which are responsive to their environment to fulfi ll 
bone healing demands.    

8.6     Future Perspectives 

 Nanotopography and micro-/nano-hierarchy structure have shown to offer impor-
tant clues for controlling specifi c stem cell responses. Using these nanoscale fea-
tures of biomaterials to guide stem cell fate holds great promise for bone repair and 
regeneration. Furthermore, micro-/nano-hierarchy structure could be designed on a 
single biomaterial to induce different stem cell responses by creating gradient pores, 
matching further scope for therapeutic applications. The main challenges in using 
these nanoscale features in the clinical applications are the precise control of nano-
structures for large-scale production. Therefore, it is necessary to make more 
attempts for the feasible and affordable technologies for large-scale production. 

 The immobilization of growth factors (i.e., rhBMP-2) or other bioactive agents 
to biomaterials has been confi rmed to be a successful strategy in directing stem cell 
differentiation. Many strategies have been applied for effectively immobilizing 
growth factors with sustained releasing, directing stem cell fate. However, further 
studies are required for successful clinical translation. A better control of the bioac-
tivity, orientation, and spacing and stability of the growth factor must be defi ned to 
achieve the desired control of stem cell differentiation. 

 Another important issue is the long-term effects of biomaterials, the growth fac-
tors, and functional groups on the response of the stem cells/microenvironment 
in vivo. There is a great need to determine the better regulation of the inductive 
chemical clues for the desired response in a specifi c application. Since the cells 
other than stem cells in vivo would response to these material clues, further investi-
gation needs to be done to ensure the wanted functionalities without negative effects 
in vivo. 

 Many studies have investigated the effect of different factors on stem cell behav-
ior. However, it becomes a big challenge to take into account more factors and even 
all possible parameters for guiding the stem cell fate. Advanced technology and 
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more testing model systems need to develop for mimicking the microenvironments 
including stem cells, other surrounding cells, biomaterials, etc. All these knowledge 
and results allow us to better understand the intrinsic function and reparative proper-
ties of the stem cells and offer the great potential for more economical and clinically 
effective cell therapies for future medical applications.     
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    Chapter 9   
 Cartilage Regeneration                     

     Yuankun     Dai     and     Changyou     Gao    

9.1           Introduction 

 Articular cartilage is a highly developed connective tissue for weight-bearing and 
friction-reducing. Chondrocyte is the only type of cells in mature articular cartilage, 
occupying 1–10 % of the tissue volume. Seventy to eighty percent of weight of 
articular cartilage is water. Collagen, proteoglycans, matrix glycoproteins, and 
small amount of elastin and phospholipids contribute the other 20–30 % of the 
weight [ 1 ,  2 ]. Figure  9.1a  shows the composition and structure of articular cartilage 
[ 3 ]. Cells and extracellular matrix (ECM) in cartilage distribute laterally in the 
superfi cial, randomly in the middle, and vertically in the deep layers of cartilage, 
respectively.

   The avascular structure in the articular cartilage determines that the chondro-
cytes can only get nutrients from the synovial fl uid [ 4 ]. After maturation of carti-
lage, chondrocytes have low ability to migrate and proliferate. Hence, articular 
cartilage has low possibility of self-healing when lesion occurs. The intrinsic migra-
tion of bone marrow mesenchymal stem cells (BMSCs) into cartilage defect always 
leads to the formation of fi brocartilage [ 4 ]. 

 Articular cartilage defects caused by arthritis and trauma severely affect the 
healthy life of human being. In order to treat cartilage defects, different protocols 
such as autologous chondrocyte implantation (ACI), mosaicplasty, microfracture, 
autologous matrix-induced chondrogenesis (AMIC), and cartilage tissue engineer-
ing have been developed, as shown in Fig.  9.1b  [ 5 ]. 

 ACI utilizes autologous chondrocytes grown in culture, which are reimplanted in 
a second-stage procedure to repair large chondral defects [ 6 ]. Mosaicplasty is indi-
cated for the treatment of smaller defects, less than 2–4 cm 2  in size, primarily on the 
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  Fig. 9.1    ( a ) Composition and structure of articular cartilage and ( b ) various clinical strategies for 
regeneration of cartilage [ 3 ,  5 ]       
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femoral condyles. The treatment of larger lesions is limited by donor site morbidity, 
and the use in the patellofemoral joint is controversial [ 7 ]. To overcome these chal-
lenges, cartilage tissue engineering has been developed to realize the structural and 
functional regeneration of damaged cartilage [ 8 ]. As shown in Fig.  9.2a , the cells, 
scaffolds, and bioactive molecules are defi ned as three essential elements for the 
traditional cartilage tissue engineering [ 9 ,  10 ]. Various chondrogenetic cell sources 
are available for the cartilage tissue engineering. The chondrogenesis capability of 
these cells can be induced or enhanced with many biochemical or biomechanical 
stimulation in vitro. After culture in vitro, scaffold-based or scaffold-free engi-
neered cartilage could be obtained and implanted for cartilage regeneration in vivo. 
Hence, cartilage tissue engineering involves direct intra-articular delivery of pro-
genitor cells, progenitor cell delivery on scaffolds, or cell-free scaffolds coated with 
biological factors to recruit endogenous cells for articular cartilage defect repair 
[ 10 ]. The implantation of biomaterials or cartilage constructs is always accompa-
nied by injury through the surgical procedures.

   Infl ammatory response takes a pivotal role in tissue repair and regeneration, 
since injury to the tissue always initiates an infl ammatory response to the biomateri-
als. Moreover, the implantation of engineered cell-material hybrids elicits an adap-
tive immune reaction toward the cellular component, which in turn infl uences the 
host response to the material component [ 11 ]. When degradable biomaterials are 
applied, the immune response is additionally affected by the degradation products 

  Fig. 9.2    ( a ) Articular 
cartilage tissue engineering 
involving the formation of 
three-dimensional tissues 
in vitro by seeding cells 
into scaffolds or through 
scaffold-free approaches in 
the presence of 
biochemical and 
biomechanical stimuli. ( b ) 
Challenges in cartilage 
tissue engineering 
(Reprinted from Ref. [ 10 ] 
with permission)       
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and surface changes of the biomaterials. Chronic infl ammation in osteoarthritis 
develops as infl ammatory stimuli persist at the implant site with macrophages, rep-
resenting the driving force in perpetuating immune responses. Monocytes arriving 
at the implantation site undergo a phenotypic change to differentiate into macro-
phages. Their activation leads to further dissemination of chemo-attractants. 
Macrophages attached to the biomaterials can foster invasion of additional infl am-
matory cells by secreting chemokines [ 12 ]. Taking these concerns into consider-
ation, challenges of articular cartilage tissue engineering are shown in Fig.  9.2b . In 
summary, diffi culty in the regulation and maintenance of cell chondrogenetic phe-
notype, poor integration between the implanted and the host tissues, and immuno-
regulation of the implanted biomaterials are the main issues that impede the 
development of cartilage tissue engineering [ 10 ].  

9.2     Traditional Cell-Loaded Constructs for Cartilage 
Regeneration 

9.2.1     Biomaterials for Cartilage Regeneration 

 An ideal cartilage tissue engineering scaffold should preserve the following charac-
teristics: biocompatible, biodegradable, highly porous, suitable for cell attachment, 
proliferation and differentiation, osteoconductive, noncytotoxic, fl exible and elas-
tic, and nonantigenic. Generally, biomaterials used for cartilage tissue engineering 
can be divided into two categories: natural polymers and synthetic polymers. Each 
kind of these materials has their own advantages and shortcomings [ 13 ]. The natural 
materials are hydrophilic and bioactive, which enhance the cell-material interac-
tions and facilitate the cells’ chondrogenesis to the same extent. Collagen [ 14 – 21 ], 
fi brin [ 22 – 27 ], silk fi brin [ 28 – 32 ], hyaluronic acid (HA) [ 33 – 46 ], alginate [ 47 – 51 ], 
gelatin [ 40 ,  52 – 57 ], chitosan [ 58 – 64 ], etc. have been broadly invested in tissue engi-
neering. The scaffolds based on these natural polymers are usually in a format of 
hydrogels, either with single or multicomponents. Examples of cartilage tissue 
engineering scaffolds based on native materials are shown in Fig.  9.3 .

9.2.1.1       Natural Materials 

 Collagen, which constitutes the major part of the extracellular matrix (ECM) and is 
the essential component and mechanical building block of various physiological 
systems including cartilage, is highly recommended in cartilage tissue engineering. 
Collagen has many advantages including favorable biocompatibility and high den-
sity of the RGD sequences and other sequences facilitating cell adhesion and cell 
differentiation [ 19 ]. Macroporous scaffolds of collagen can be fabricated conve-
niently by freeze-drying and chemical cross-linking (Fig.  9.3a ) [ 67 ]. Vickers et al. 
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prepared a chemically cross-linked collagen type II and glycosaminoglycan (GAG) 
scaffold with a low cross-linking density. Culture of bone marrow stem cells in the 
scaffold for 4 weeks in vitro found cell-mediated contraction, increased cell number 
density, and a greater degree of chondrogenesis [ 68 ]. Levingstone et al. fabricated a 
multilayer scaffold consisting of a bone layer composed of collagen type I and 
hydroxyapatite, an intermediate layer composed of collagen type I and type II and 
hydroxyapatite, and a superfi cial layer composed of collagen type I and HA [ 69 ]. 
The scaffolds were implanted into osteochondral defects created in the medial fem-
oral condyle of the knee joint of New Zealand white rabbits, resulting in tissue 
regeneration with a zonal organization, repair of the subchondral bone, formation of 
an overlying cartilaginous layer, and evidence of an intermediate tidemark. 

 Fibrin gel has several features including biocompatibility and biodegradability. 
The fi bronectin-rich fi brin glue is an essential protein in cartilage matrix for 
chondrocytes- ECM interaction [ 26 ]. Fibrin gel could serve as a delivery system for 
chondrogenetic cells and/or bioactive molecules to facilitate cartilage regeneration 
(Fig.  9.3b ) [ 65 ]. Fibrin gel loaded with human bone marrow-derived mesenchymal 
stem cells (hMSCs) and growth factor could realize full regeneration of cartilage 
defects in rabbits [ 65 ]. Park et al. fabricated a hybrid hydrogel composed of fi brin 
and HA, into which chondrocytes were implanted for culture in vivo [ 23 ]. Cartilage- 
like tissues were formed in the hybrid hydrogel, showing higher amounts of the 
ECM components, GAG, and collagen. 

  Fig. 9.3    Examples of cartilage tissue engineering scaffolds based on native materials. ( a ) Collagen 
porous scaffold. ( b ) BMSCs loaded fi brin glue. ( c ) Silk fi broin scaffold. ( d ) Acellular cartilage 
matrix (Reprinted from Refs. [ 29 ,  65 – 67 ] with permission)       
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 Hyaluronic acid (HA) is one of the most extensively studied natural materials for 
cartilage tissue engineering. HA is a linear polysaccharide found natively in adult 
articular cartilage that is involved in many cellular processes, including prolifera-
tion, morphogenesis, infl ammation, and wound repair. Furthermore, HA is also 
important to cartilage formation and is differentially regulated during limb bud for-
mation and mesenchymal cell condensation. HA hydrogels support chondrocyte 
matrix deposition and chondrogenic differentiation of mesenchymal stem cells 
(MSCs) [ 70 ]. HA is widely used to functionalize hydrogels or scaffolds for regen-
eration of cartilage defects. Sheu et al. fabricated a hydrogel based on oxidized HA 
and resveratrol, into which chondrocytes were implanted for culture in vitro, result-
ing in upregulated expression of collagen type II, aggrecan, and Sox9 genes and 
downregulated infl ammatory factors [ 39 ]. 

 Alginate is a natural anionic and hydrophilic polymer obtained primarily from 
brown seaweed and bacteria. It is composed of β-D-mannuronate and α-L-guluronate 
residues [ 71 ] and has been widely applied in many biomedical fi elds due to its 
excellent biocompatibility, low toxicity, and the mild gelation condition required to 
form a cross-linked structure [ 49 ]. Alginate can be easily modifi ed through chemi-
cal and physical reactions to obtain derivatives and can be processed into three- 
dimensional scaffolds such as hydrogels, microspheres, microcapsules, sponges, 
foams, and fi bers. Studies prove that the alginates would support the chondrogene-
sis [ 72 ,  73 ]. The cells-alginate constructs are widely used for the regeneration of 
articular cartilage defects, and some of the researches demonstrate quite positive 
results. Igarashi et al. delivered BMSCs in an ultra-purifi ed alginate gel into  articular 
cartilage defects in rabbit knees, resulting in complete regeneration of the defects 
[ 74 ]. 

 Gelatin is a denatured collagen, but has relatively low antigenicity compared 
with collagen. Recently, gelatin-based biomaterials have been widely studied in tis-
sue engineering. However, it is diffi cult to use pure gelatin scaffold for hard-tissue 
regeneration such as bone and cartilage due to its weaker mechanical strength. 
Hence, many studies focus on preparing pure gelatin scaffolds by using proper 
cross-linking methods [ 75 ] or hybrid scaffolds based on gelatin [ 40 ,  54 ,  55 ,  76 ]. 
Some natural materials such as HA, fi brin, chitosan, and synthetic materials have 
been extensively incorporated to obtain hybrid scaffolds, which not only preserve 
higher mechanical property but also retain the bioactivity of natural materials. 

 Chitosan is obtained by deacetylation of chitin which is an abundant natural 
material. The positive charge in the molecular chain may protect GAGs from hydro-
lysis [ 61 ]. However, the positive charge may also limit the proliferation of chondro-
cytes. Meanwhile, weaker mechanical property of wet chitosan also limits its 
application in cartilage tissue engineering [ 62 ]. Therefore, the hybrids of one or 
more materials are always adopted for the application of chitosan in tissue 
engineering. 

 Silk fi broin is also a widely used natural material for tissue regeneration. 
Scaffolds based on silk fi broin for cartilage regeneration can be fabricated through 
a template/solution-casting method as reported (Fig.  9.3c ) [ 29 ]. Recently, ECM 
materials have become more popular because the matrices retain the structure of 
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native cartilage, which preserve mechanical and chemical signals that can induce 
cell differentiation and recruitment without additional biologic additives. Cartilage 
ECM can be obtained from either cell-derived matrices secreted during culture 
in vitro or from native cartilage (Fig.  9.3d ) [ 66 ]. Decellularization is an effective 
way to fully remove all cellular components and nucleic acids or to kill the remnant 
cells within the matrix [ 77 – 80 ]. The scaffolds based on the decellularized cartilage 
ECM regenerate hyaline cartilage when combined with rabbit MSCs after trans-
plantation into weight-bearing area of patellar grooves in rabbits for 12 weeks [ 81 ].  

9.2.1.2     Synthetic Materials 

 Synthetic polymers are also widely applied in cartilage tissue engineering, but the 
relatively low cell adhesive ability limits their applications. The widely used syn-
thetic materials include poly(lactide-co-glycolide acid (PLGA) [ 40 ,  57 ,  82 – 84 ], 
polycaprolactone (PCL) [ 85 – 89 ], poly(ethylene glycol) (PEG) [ 34 ,  90 – 98 ], etc. The 
scaffolds composted of solely synthetic materials can hardly realize good tissue 
regeneration. Therefore, the natural materials such as collagen, gelatin, fi brin, HA, 
and acellular ECMs, as mentioned before, can be compounded or incorporated into 
the synthetic polymeric scaffolds. Examples of cartilage tissue engineering scaf-
folds based on synthetic materials are shown in Fig.  9.4 .

   PCL is a semicrystalline polymer. It belongs to a family of poly α-hydroxyl 
esters and is one of the most widely used biodegradable polyesters for medical 
applications because of its biocompatibility, biodegradability, and fl exibility [ 101 ]. 
It is widely used to prepare scaffolds for cartilage tissue engineering as well [ 40 ,  46 , 
 47 ,  82 ,  102 – 104 ]. For example, Kim et al. prepared a PCL scaffold constructed with 
layers of electrospun and salt-leaching PCL membrane, into which chondrocytes 
were seeded by using an injectable heparin-based hydrogel (Fig.  9.4a ). In vivo 
transplantation of the construct into partial-cartilage defects demonstrates signifi -
cant cartilage formation with good integration to the surrounding cartilage [ 85 ]. 
Lebourg et al. modifi ed PCL scaffolds with cross-linked HA to grant PCL more 
hydrophilic and biomimetic microenvironment. Complete regeneration of chondral 
defects in rabbits in vivo was confi rmed by implanting the scaffolds for 24 weeks 
[ 38 ]. 

 PLAG is usually synthesized via ring-opening copolymerization of lactide and 
glycolide, which has prominent advantages such as adjustable molecular weight and 
degradation rates, good mechanical properties especially toughness, and excellent 
processibility [ 105 ]. It has been widely used to prepare scaffolds to engineer tissues 
including cartilage, bone, nerve, etc. [ 106 – 111 ]. Chang et al. seeded endothelial 
progenitor cells into a highly porous PLGA scaffold and implanted into the osteo-
chondral defect in the medial femoral condyle of rabbits. After 12 weeks, the defects 
were regenerated with hyaline cartilage, showing a normal columnar chondrocyte 
arrangement, higher Sox9 expression, and greater contents of GAG and collagen 
type II [ 112 ]. In order to enhance the bioactivity of PLGA scaffolds, bioactive mate-
rials such as HA, gelatin, collagen, and fi brinogen can be usually incorporated. 
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PLGA/fi brin gel-based constructs combined with MSCs and TGF-β1 chondrogenic 
genes could facilitate the in vivo regeneration of full-thickness cartilage defects in a 
rabbit model (Fig.  9.4b ) [ 99 ,  113 ,  114 ]. The PLGA scaffold is fabricated by a gela-
tin porogen leaching method, into which fi brinogen containing cells and plasmid 
TGF-β1 gene complexes is infi ltrated and then gelated. The chondrocytes cultured 
in vitro distribute evenly and maintain a round morphology in the hybrid scaffold as 
that in the normal cartilage [ 115 ]. The implantation of PLGA/fi brin 
gel/N,N,N-trimethyl chitosan chloride (TMC)/pDNA-TGF-β1 construct into osteo-
chondral defects for 12 weeks in vivo results in regenerated cartilage with smooth 
surface and well integration with its surrounding tissue and subchondral bone [ 99 ]. 

 PEG hydrogel has received wide attention due to its injectability, non-cell- 
adhesive property, cell compatibility, and low immunogenicity. Meanwhile, PEG 
hydrogel could be prepared for cartilage regeneration (Fig.  9.4c ) [ 100 ]. The non-
degradability of PEG in physiological environment limits its application in tissue 
engineering, although the PEG molecules of lower molecular weight, like PEG- 400, 
have been proved to metabolize via renal or intestine pathways [ 116 ]. Biodegradable 
segments such as oligo(lactic acid), oligo(ε-caprolactone), oligo(trimethylene car-
bonate), and phosphate groups have been introduced into the PEG-based mac-
romers. Fan et al. developed a micro-cavitary hydrogel via photo- polymerization of 
biodegradable oligo(trimethylene carbonate)-poly(ethylene glycol)-

  Fig. 9.4    Examples of cartilage tissue engineering scaffolds based on synthetic materials. ( a ) 
PLCL scaffold. ( b ) PLGA scaffold. ( c ) PEG hydrogel (Reprinted from Refs. [ 85 ,  99 ,  100 ] with 
permission)       
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oligo(trimethylene carbonate) diacrylate macromers [ 96 ]. The cavitary structure in 
the hydrogel would accelerate degradation of the hydrogel. Compared with non-
cavitary hydrogel, the cell density and total contents of collagen and GAG are 
 signifi cantly higher. The hydrolytically biodegradable PEG hydrogels offer a prom-
ising platform for chondrocyte encapsulation and for tuning degradation of cartilage 
tissue engineering scaffolds. Skaalure et al. prepared a semi- interpenetrating net-
work of bioactive HA and oligo(lactic acid)-PEG hydrogel, into which chondro-
cytes were encapsulated and cultured for 4 weeks. In this way, the contents of 
collagen and GAG are signifi cantly increased [ 34 ].   

9.2.2     Cells for Cartilage Regeneration 

 Chondrocytes in the cartilage produce cartilage ECMs and therefore have been the 
fi rst choice for cartilage tissue engineering [ 117 ]. They are isolated from various 
sources such as articular cartilage, nasal septum, ribs, and ear cartilage and are 
extensively used for the study of cartilage regeneration in vitro and in vivo. However, 
one of the major limitations of chondrocytes is their instability in the culture in vitro, 
leading to the loss of expression of cartilage matrices such as collagen type II and 
aggrecan. Recently, multipotent MSCs have been gained increasing interest in car-
tilage tissue engineering as an alternative to autologous chondrocytes due to their 
ease in isolation and high expansion capacity in vitro. MSCs exhibit the potential to 
differentiate into chondrocytes [ 118 ], tenocytes [ 119 ], ligament cells [ 120 ], neuro-
nal cells [ 121 ,  122 ], cardiomyocyte [ 123 ,  124 ], osteoblasts [ 125 ], and other cell 
types [ 126 ]. In particular, bone marrow-derived stem cells (BMSCs), adipose- 
derived stem cells (ADSCs), and embryonic stem cells (ESCs) are most widely 
applied in cartilage tissue engineering. 

9.2.2.1     Chondrocytes 

 Chondrocytes are metabolically active cells that synthesize a large spectrum of 
ECM components such as collagen, glycoproteins, proteoglycans, and HA [ 117 ]. 
Since the chondrocytes are the only type of cells in articular cartilage, they are used 
for the regeneration of cartilage defects in priority both in vitro and in vivo [ 117 , 
 127 – 134 ]. It is believed that the use of chondrocytes would lead to the formation of 
neo-tissue with exactly the same ECMs with the native cartilage [ 135 ]. The activity 
of chondrocytes is altered by many factors present within their chemical and 
mechanical environment. However, the use of chondrocytes for cartilage repair suf-
fers from chondrocyte dedifferentiation. A proper culture and delivery of chondro-
cytes, including the use of chondrogenetic culture medium, growth factors, and 
mesenchymal stem cells, need to be well adjusted in order to keep the phenotype of 
chondrocytes [ 130 ]. Three-dimensional scaffolds can better mimic the native micro-
environment of chondrocytes in cartilage tissue, promoting cell-cell and cell-matrix 
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interactions and enforcing round chondrogenetic cell morphology and thereby 
maintaining their phenotype. Xu et al. encapsulated chondrocytes in alginate gel 
beads and cultured in spinner fl asks in chondrogenic and chondrocyte growth 
medium and then subcutaneously implanted the cells-loaded beads to evaluate the 
ectopic chondrogenesis [ 132 ]. The results prove high deposition of glycosamino-
glycan and expression of cartilage-specifi c genes. Lohan et al. pre-cultured chon-
drocytes in polyglycolide (PGA) scaffolds for 3 weeks, which were then implanted 
into critical-sized osteochondral defect of rabbit knee femoropatellar groove [ 128 , 
 131 ]. Twelve weeks after implantation, neo-cartilage was formed in vivo in the 
PGA constructs seeded with chondrocytes. The results are signifi cantly better than 
those of the cell-free PGA scaffolds and empty defects.  

9.2.2.2     Bone Marrow-Derived Stem Cells (BMSCs) 

 BMSCs have been extensively used for chondrogenesis in a three-dimensional cul-
ture in vitro with addition of chondrogenetic factors and regeneration of cartilage 
defects in animal models in vivo [ 33 ,  136 – 139 ]. BMSCs can be isolated via plastic 
adhesion or negative selection from bone marrow aspirate that includes a highly 
heterogeneous cell population such as hematopoietic cells, endothelial cells, and 
adipocytes [ 140 ]. However, there are some limitations of BMSCs. The relative num-
ber of BMSCs in the marrow blood is rather small, and their differentiation ability 
decreases signifi cantly with age [ 141 ]. Meanwhile, the constructs of cartilage con-
taining BMSCs can raise many problems such as fi brosis, vascularization, the “hol-
low” phenomenon, and shrinkage likely due to the incomplete differentiation of 
BMSCs, deterring the clinical translation of tissue-engineered cartilage [ 139 ]. 
Hence chondrogenetic bioactive factors are always applied to promote chondrogen-
esis differentiation of BMSCs. Li et al. fabricated a bilayered poly(vinyl alcohol)/
gelatin/vanillin (PVA/Gel/V) and nano-hydroxyapatite/polyamide-6 (n-HA/PA6) 
scaffold, into which BMSCs were implanted. The obtained constructs were used for 
the regeneration of cartilage and subchondral bone defects in rabbits in vivo [ 142 ]. 
With BMSCs loading, the two different layers of the composite biomimetic scaf-
folds provide a suitable microenvironment for cells to form respective tissues.  

9.2.2.3     Adipose-Derived Stem Cells (ADSCs) 

 ADSCs are becoming more and more attractive because they can be easily isolated 
from adipose tissues and cultured in vitro for an extended period of time with stable 
expansion and low levels of senescence [ 143 ]. Adipose tissue contains a large pro-
portion of MSCs and is easily accessible in all individuals. Compared with BMSCs, 
the ADSCs are relatively abundant and can be easily available. In vitro and in vivo 
studies confi rm the chondrogenetic ability of ADSCs and the ability of cartilage 
regeneration [ 144 – 150 ]. In the presence of platelet-rich plasma (PRP) and cartilage- 
specifi c extracellular molecules, the expression of collagen type II and aggrecan can 
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be signifi cantly upregulated [ 149 ,  150 ]. Wang et al. proved different chondrogenic 
degrees of ADSCs being cultured in hydrogels composed of chondroitin sulfate, 
HA, and heparin sulfate, respectively [ 147 ]. This chondrogenetic potential of 
ADSCs makes them a promising candidate for restoration of cartilage defects 
in vivo. Wang et al. implanted ADSCs into acellular cartilage matrices and used the 
cell-loading constructs to restore the articular cartilage defects of rabbits [ 148 ]. 
After 12 weeks of implantation, the defects are fi lled with neo-tissues, showing a 
smooth surface, highly expressed collagen type II and GAG, and chondrocyte-like 
cells in the recesses. TEM analysis confi rms plenty of secretary matrix particles in 
the neo-tissue.  

9.2.2.4     Embryonic Stem Cells (ESCs) 

 Recently, several studies have demonstrated the regeneration of cartilage defects 
in vivo by using ESC progenitor cells [ 151 – 154 ]. ESCs can be obtained from the 
blastocyst and are able to self-renew for a prolonged period of time without differ-
entiation and, most importantly, can be differentiated into a large variety of tissues 
derived from all three germ layers. Although the application of ESCs would bring 
problems such as immunologic incompatibility, possible development of teratomas, 
and ethical issues in human, the in-depth study of ESCs would promote their appli-
cations in healing human diseases. For the cartilage regeneration, ESCs are also a 
promising choice [ 151 ,  153 ,  155 – 157 ]. Pilichi et al. demonstrated a positive result 
of application of non-differentiated ESCs in vivo for osteochondral regeneration 
without tumorigenic and teratoma formation [ 154 ]. They treated osteochondral 
defects in a sheep model with ESCs for 24 weeks, proving the regeneration of artic-
ular cartilage defects with hyaline cartilage, without signs of immune rejection or 
teratoma. Toh et al. used TGF-β1 to induce chondrogenic differentiation of ESCs, 
explored the potential of these ESC-derived chondrogenic cells to produce an ECM- 
enriched cartilaginous tissue construct when cultured in HA hydrogel, and further 
investigated the cartilage regenerative ability in an osteochondral defects in a rat 
model [ 152 ]. Twelve weeks after implantation, a hyaline-like neo-cartilage layer is 
formed, showing good surface regularity and complete integration with the adjacent 
host cartilage and a regenerated subchondral bone.  

9.2.2.5     Other Cells 

 Besides BMSCs, ADSCs, and ESCs, other types of stem cells from muscle, 
synovium, and periosteum can also be used for the cartilage regeneration 
[ 158 – 161 ]. 

 Several works report that synovium-derived MSCs (SMSCs) show a higher 
colony- forming effi ciency than BMSCs. Because the SMSCs display a great poten-
tial to differentiate into chondrocytes, they are one of the best candidates for the 
repair of cartilage defects [ 162 ]. SMSCs have the potential for both cartilage tissue 
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engineering in vitro and cartilage regeneration in vivo. With appropriate stimula-
tion, SMSCs are capable of migrating into articular cartilage defects and differenti-
ating to chondrocytes [ 162 – 167 ]. Fan et al. explored therapeutic chondrogenesis of 
rabbit SMSCs encapsulated in photopolymerized hydrogels with the treatment of 
TGF-β1, resulting in positive SMSC chondrogenesis. Meanwhile, SMSCs may be a 
type of tissue-specifi c stem cells, because they can respond to signaling in the joint 
and promote cartilage defect regeneration [ 168 ]. Pei et al. isolated SMSCs from 
synovial tissue of rabbit knee joints and mixed SMSCs with fi brin glue, followed by 
seeding into a nonwoven PGA mesh. After the constructs were prematured for 1 
month in vitro, they were implanted into rabbit knees to repair osteochondral 
defects. Six months later, the cartilage defects were full of smooth hyaline-like car-
tilage with high expressions of collagen type II and GAG and were well integrated 
with the surrounding native cartilage. No detectable collagen type I and macro-
phages were found [ 169 ].   

9.2.3     Bioactive Signals for Cartilage Regeneration 

 The cell growth factors are typical bioactive molecules, which can stimulate or 
inhibit cellular proliferation, differentiation, migration, and gene expression [ 171 ]. 
There are a number of essential growth factors that have regulatory effects on chon-
drocytes or stem cells in terms of chondrocyte maturation and cartilage formation. 
The candidate growth factors include transforming growth factor β (TGF-β), insulin- 
like growth factor-1 (IGF-1), bone morphogenic proteins (BMPs), fi broblast growth 
factor (FGF), platelet-derived growth factor (PDGF), etc. [ 172 ]. Each growth factor 
plays a different role in the migration, proliferation, and differentiation of cells as 
summarized in Fig.  9.5 . However, it is diffi cult to precisely defi ne the function of 
each growth factor due to the functional overlaps in temporal scale [ 170 ].

9.2.3.1       TGF-β 

 So far four types of TGF-β superfamily, namely, TGF-β1, TGF-β2, TGF-β3, and 
BMP, have been found in cartilage [ 171 ]. Activated TGF-β not only increases the 
synthesis of proteoglycan but also prevents degradation of cartilage ECM by inhib-
iting matrix metalloproteinase (MMP). These TGF-β isomers play an important role 
in the late stage of chondrocyte differentiation and may participate in bone forma-
tion as well. TGF-β1 induces early stage of chondrogenesis and increases the pro-
duction of aggrecan and collagen type II [ 173 ]. TGF-β3 plays a role in the maturation 
of chondrocytes [ 174 ]. The TGF-β has been extensively used for the regeneration of 
cartilage defects in vitro and in vivo [ 112 ,  175 – 184 ]. For example, Yin et al. fabri-
cated a TGF-β1-immobilized scaffold by incorporating TGF-β1-loaded gelatin 
microspheres into PLGA framework and evaluated the ADSC differentiation in the 
scaffold in vitro and regenerative ability of cartilage defect in vivo. The cell 
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proliferation and GAG deposition in the TGF-β1-immobilized scaffold are signifi -
cantly increased, and the cartilage regeneration is promoted in the defective articu-
lar cartilage in vivo [ 184 ]. Lu et al. engineered ADSCs with a baculovirus system 
that confers prolonged and robust TGF-β3/BMP-6 expression. Culture for 2 weeks 
in vitro in a porous scaffold leads to the formation of cartilaginous constructs with 
improved maturity and mechanical properties. After implantation into full-thickness 
articular cartilage defects in rabbits, these engineered constructs regenerate neo-
cartilages that resemble native hyaline cartilage in terms of cell morphology, matrix 
composition, and mechanical properties. The neo-cartilages also have cartilage-
specifi c zonal structures without signs of hypertrophy and degeneration and inte-
grate well with the native cartilages [ 180 ].  

9.2.3.2     IGFs 

 IGFs have a polypeptide sequence similar to proinsulin that allows cells to commu-
nicate with their physiologic environment. IGF-1 is well known to promote cell 
proliferation and inhibit apoptosis. IGF-1 is expressed in developing cartilage, 
mature cartilage, and synovial fl uid of the joint. Both of in vitro and in vivo studies 
confi rm that IGF-1 can induce chondrocyte differentiation and proliferation of 
MSCs and enhance proteoglycan and collagen type II synthesis [ 185 – 192 ]. Spiller 
et al. encapsulated IGF-1 in degradable PLGA microparticles and embedded the 
particles in PVA hydrogel. The PGA fi ber scaffolds with chondrocytes were wrapped 
around the hydrogels and were implanted subcutaneously in athymic mice. 
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  Fig. 9.5    Schematic overview of the role of growth factors at different stages of chondrogenesis 
(Reprinted from Ref. [ 170 ] with permission)       
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Histology analysis proves enhanced cartilage formation in the layers surrounding 
the hydrogel with increased content of ECMs, mechanical properties, and integra-
tion between the cartilage layers and the hydrogels [ 191 ]. The regeneration of carti-
lage and subchondral bone in vivo was confi rmed by injecting IGF-1 suspended HA 
solution to the temporomandibular in a rabbit model. Twelve and twenty-four weeks 
after the injection, the defects were well repaired, and nearly normal micro- 
architectural properties of the subchondral cancellous bone were found in the 
defects [ 190 ].  

9.2.3.3     BMPs 

 BMPs are able to induce the formation of the cartilage and bone, which are required 
for the formation of pre-chondrogenic condensation and differentiation into chon-
drocytes. Meanwhile, they can increase the expression of the specifi c chondrocyte 
markers such as type X collagen [ 129 ,  178 ,  193 – 200 ]. BMP-2, a potent regulator of 
chondrogenic expression, has received considerable attention in cartilage and osteo-
chondral tissue engineering. Jeong et al. investigated the infl uence of BMP-2 on the 
production of cartilage matrix and subsequent bone matrix by using primary chon-
drocytes seeded on designed three-dimensional PCL scaffolds with chemically con-
jugated BMP-2. The chemically conjugated BMP-2/PCL scaffolds can signifi cantly 
promote better cartilage regeneration without particularly accelerating endochon-
dral ossifi cation both in vitro and in vivo compared with those non-BMP-2-treated 
scaffolds [ 129 ].  

9.2.3.4     FGF-2 

 FGF-2 is known as a chondrocyte mitogen found in normal cartilage and has great 
potential for clinical applications. It can stimulate chondrocytes to synthesize carti-
laginous matrix [ 201 – 206 ]. Maehara et al. impregnated a porous hydroxyapatite/
collagen scaffold with FGF-2 and used the scaffolds to repair large osteochondral 
defects in a rabbit model. With the addition of FGF-2, the neo-tissue in the defects 
displays not only the most abundant bone regeneration but also cartilage regenera-
tion with hyaline-like appearance [ 205 ].  

9.2.3.5     PDGF 

 PDGF is a glycolytic protein released by platelets and other cells, which stimulates 
the growth of cells of mesenchymal origin, for example, the cartilage [ 207 – 210 ]. 
Meanwhile, the released PDGF-AA from hydrogel being fi lled in the full-thickness 
cartilage defects greatly promotes BMSC recruitment into the hydrogel. This con-
fi rms the ability of PDGF to recruit BMSCs besides promotion of cell proliferation 
[ 210 ].   
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9.2.4     Methods for Cartilage Tissue Engineering 

9.2.4.1     Pre-culture In Vitro for Cartilage Tissue Engineering 

 Functional repair of focal cartilage defects requires fi lling the space with neo-tissue 
that has compressive properties comparable to native tissue and integration with 
adjacent host cartilage. One of the main issues in cartilage tissue engineering is 
represented by the ideal maturation of the construct before implantation in vivo, in 
order to optimize matrix quality and integration [ 211 ]. Considerable progress has 
been made toward the in vitro tissue engineering of neo-cartilage with compressive 
properties approaching native levels [ 212 – 216 ]. In 1997, Cao et al. reported a 
human ear-shaped tissue-engineered construct by using bovine articular chondro-
cytes and a nonwoven PGA scaffold [ 217 ]. Deponti et al. studied the difference of 
cartilage maturation with or without pre-culture. Articular chondrocytes were 
embedded in fi brin glue with pre-culture in vitro for 1 week and implanted subcuta-
neously in rat, proving better tissue maturation compared with the constructs with-
out pre-culture [ 212 ]. Pei et al. mixed synovium-derived stem cells with fi brin glue, 
which were then seeded into nonwoven PGA mesh. After 1-month incubation with 
growth factors, the premature construct was used to repair osteochondral defects in 
a rabbit model. Six months later, the defects were full of smooth hyaline-like carti-
lage with high expression of collagen type II and GAG, which integrated well with 
the surrounding tissue too [ 169 ]. 

 Culture of constructs in a dynamic environment involving fl uid fl ow or agitation 
is benefi cial for cartilage synthesis compared to the static culture conditions [ 218 ]. 
Therefore, various bioreactors have been applied for cartilage tissue engineering, 
offering advantages such as better control over culture conditions, reduced diffu-
sional limitations for delivery of nutrients and metabolites, enhanced oxygen trans-
fer, and exertion of mechanical and hydrodynamic forces infl uencing cell and tissue 
development [ 219 ]. Shahin et al. pre-cultured chondrocytes in PGA scaffold for 5 
weeks within a bioreactor, confi rming improved GAG retention in the scaffolds 
[ 220 ].  

9.2.4.2     Regeneration of Cartilage Defects In Situ 

 With the deep acknowledge of cell behavior regulation and bioactive molecule func-
tions, the in situ regeneration of cartilage defects with direct implantation of carti-
lage tissue engineering constructs based on biomaterials, cells, and bioactive growth 
factors has been extensively studied. The scaffolds based on native and/or synthetic 
materials play a role in supporting the viability of cells and deposition of neo-ECMs, 
while the bioactive growth factors regulate cell differentiation and physiological 
activity. Numerous studies give positive regenerative results by using the bioactive 
constructs in repair of articular cartilage defects. As described early, cells (chondro-
cytes, BMSCs, ADSCs, ESCs, etc.) and bioactive growth factors (TGF-β, IGF-1, 
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BMPs, FGF, PDGF, etc.) are loaded into scaffolds (hydrogels, porous scaffolds, 
etc.), which are then implanted into the cartilage defects without prematuring. Li 
et al. implanted a PLGA scaffold fi lled with fi brin gel, mesenchymal stem cells 
(MSCs), and poly(ethylene oxide)-b-poly(L-lysine) (PEO-b-PLL)/pDNA-TGF-β1 
complexes into osteochondral defects, resulting in full in situ regeneration of the 
defect [ 113 ]. However, the application of constructs containing cells and bioactive 
molecules is still faced with obstacles like source, amount, and phenotype mainte-
nance of MSCs during culture, immune reaction against foreign cells, as well as 
feasibility of clinical translation considering the ratio of performance to price [ 221 ].    

9.3     Cell-Free Constructs for Cartilage Regeneration In Situ 

 Based upon the principles of tissue engineering, the stem cells and chondrocytes are 
usually used for cartilage regeneration. However the controversy of using cells in 
tissue engineering still exists because of the uncertainty of dose, time point, as well 
as side effects [ 222 ]. In fact, stem cells are abundant in bone marrow and adult 
organs such as the brain, peripheral blood, skin, teeth, etc. Once tissues get dam-
aged, endogenous stem/progenitor cells will migrate to the injured site through 
peripheral blood by responding to the immune cell-secreted biochemical signals 
[ 223 ,  224 ]. Therefore, homing of endogenous cells for tissue regeneration in situ 
would be a promising new therapeutic option to bypass the controversial of cell 
usage. Compared to that of the traditional cartilage tissue engineering, the recruit-
ment of cells into cartilage defect to realize the regeneration in situ still remains rare 
[ 225 ]. Nonetheless, the cell-free scaffolds combined with anti-infl ammatory mole-
cules and BMSC-attractive chemokines would have positive infl uence on the regen-
erative outcome of cartilage defects. For example, Park et al. studied the in situ 
recruitment of BMSCs into cartilage defects by transplantation of polylactide/β- -
tricalcium phosphate (PLA/β-TCP) scaffolds containing IL-8 or MIP-3α [ 8 ]. 
Compared to those scaffolds without chemokines, the scaffolds with IL-8 or MIP-3α 
can highly facilitate the restoration of cartilage with a smoother surface and higher 
deposition of collagen. Wang et al. fabricated an anti-infl ammatory scaffold com-
posed of resveratrol-grafted polyacrylic acid and atelocollagen [ 226 ]. The scaffolds 
were transplanted into osteochondral defects without the employment of cells. After 
implantation for 12 weeks, the pro-infl ammation genes such as IL-1, MMP13, and 
COX-2 were downregulated, while the cartilage-related genes were upregulated, 
leading to effi cient regeneration of cartilage defects. For the sake of easier applica-
tion clinically, a widely accepted biomaterial instead of a brand-new one would be 
the best choice for fabricating the scaffold. Dai et al. fabricated a macroporous fi brin 
scaffold with high Fg content and mechanical strength through a porogen leaching 
method by using PCL microspheres as the porogen. Together with the excellent 
bioactivity of Fg, the cell-free fi brin scaffold could effi ciently regenerate full- 
thickness cartilage defects in rabbit knees, resulting in neo-cartilage with a smooth 
surface, well integrity with surrounding tissue, highly deposited GAGs and collagen 
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type II, and higher expression of cartilage-related genes and proteins, which ensure 
the great potential for clinical application of Fg scaffold to achieve in situ inductive 
cartilage regeneration [ 227 ]. Meanwhile, the cell-free scaffolds can facilitate carti-
lage regeneration in clinic too. Roessler et al. implanted a cell-free collagen type I 
matrix for the treatment of large cartilage defects (mean defect size 3.71 ± 1.93 cm 2 , 
range 1.20–9.00) of the knee and conducted a short-term follow-up after the implan-
tation. Signifi cant pain reduction was achieved after implantation for 6 weeks, while 
the activity of patients was highly improved and nearly reached to preoperative 
value after 12 months [ 228 ].  

9.4     Simultaneous Regeneration of Cartilage 
and Subchondral Bone 

 Articular cartilage defects can be divided into two forms, full-thickness cartilage 
defects without subchondral bone damage and osteochondral defects involving both 
the cartilage and the underlying subchondral bone [ 229 ]. Subchondral bone plays a 
pivotal role in supporting cartilage and will suffer from deterioration once cartilage 
is damaged. When damage of subchondral bone occurs, the neo-cartilage has poor 
integration with the subchondral bone, leading to negative regeneration of the artic-
ular cartilage defects [ 230 ]. Hence, the regeneration of structure and functions of 
the articular cartilage defects can be realized only if both cartilage and subchondral 
bone are simultaneously regenerated with good interface binding [ 231 ]. There are 
several problems that should be overcome for the regeneration of osteochondral 
defects, including the construction of different layers of scaffolds, well integration 
of the neo-formed tissues with native tissues, and the effective binding of neo- 
formed cartilage and subchondral bone [ 232 ]. Schematic design of multilayered 
scaffolds for osteochondral defect regeneration and typical multilayered collagen 
scaffolds is shown in Fig.  9.6  [ 69 ]. Osteochondral tissues encompass cartilage layer, 
calcifi ed cartilage, and subchondral bone layers in the spatial scale (Fig.  9.6a ). The 
scaffolds with a biphasic structure based on different materials and different chemi-
cal or mechanical properties are designed for the regeneration of cartilage and sub-
chondral bone, respectively (Fig.  9.6b ) [ 233 – 237 ]. The evaluation of the regenerative 
ability of the scaffolds in vivo has found some positive results [ 238 – 241 ]. For exam-
ple, the biphasic PEG/hydroxyapatite scaffold with cartilage- and subchondral 
bone-like hierarchical nano-roughness, microstructure, and spatiotemporal bioac-
tive cues can be prepared by the 3D printing technology. In vitro culture proves 
osteochondral differentiation of BMSCs in the scaffold [ 242 ]. The bilayered scaf-
fold composed of PLCL, PLGA, and β-tricalcium phosphate (β-TCP) has been pre-
pared by a sintering method and a gel pressing method. The PLGA/β-TCP layer has 
osteo-conduction activity for bone regeneration, while the elastic PLCL scaffold 
has mechano-active properties for cartilage regeneration [ 243 ]. The biphasic scaf-
fold composed of aragonite-hyaluronic acid (Ar-HA) layers shows full regenerative 
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ability of osteochondral defects with a critical size of 6 mm in diameter and 10 mm 
in depth in the load-bearing femoral condyle of goats [ 244 ].

9.5        Histological Grading of Cartilage 

 Histological quality of repaired cartilage is one of the most important evaluations of 
success in cartilage regeneration. Up to present, various histological scoring sys-
tems are used to evaluate the quality of cartilage tissues. Basically, a scoring system 
should be comprehensive but also applicable to researchers with limited knowledge 
of cartilage histology. In summary, the systems are divided into three categories to 
describe the osteoarthritic, in vivo repaired, and in vitro engineered cartilage, 
respectively [ 245 ]. 

 Scoring systems for osteoarthritic cartilage focus on the degenerative features of 
healthy or diseased cartilage. Histological-Histochemical Grading System (HHGS) 
is the fi rst system for the evaluation of osteoarthritic cartilage [ 246 ]. It evaluates the 
cartilage structure, cell distribution, Safranin-O staining, and tidemark integrity to 
classify the level of cartilage damage. HHGS is applied in the grading of both 
human and animal cartilages [ 247 ,  248 ]. Although widely used, HHGS is not effi -
cient to evaluate the specifi c extent of cartilage deterioration [ 249 ]. Osteoarthritis 
Research Society International (OARSI) developed an Osteoarthritis Cartilage 
Histopathology Assessment System for better evaluation of the severity and the 
extent of cartilage surface damage during the arthritic process [ 250 ]. The OARSI 
system is more adequate for the assessment of mild osteoarthritis and could be more 
conveniently used by less experienced observers [ 249 ]. 

 Many scoring systems are developed to evaluate the regeneration of cartilage 
defect in vivo. O’Driscoll score, Pineda scale, Wakitani score, OsScore, Knutsen 

  Fig. 9.6    ( a ) Schematic design of multilayered scaffolds for osteochondral defect regeneration. ( b ) 
Three-layered collagen scaffolds (Reprinted from Ref. [ 69 ] with permission)       
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score, and International Cartilage Repair Society (ICRS) score are widely used 
[ 245 ]. O’Driscoll is the fi rst scoring system to assess the repaired cartilage in vivo 
and is frequently used for cartilage analysis in animal studies [ 251 ]. However, 
many different subitems make it a bit lengthy and complicated to use. Pineda scale 
is developed to simplify the assessment and is applied to evaluate the self-healing 
ability of cartilage defect in rabbit at the fi rst beginning [ 252 ]. After that, Wakitani 
introduced a modifi ed scoring system based on Pineda scale, which is extensively 
applied to evaluate animal cartilage repair in vivo [ 253 ]. O’Driscoll, Pineda scale, 
and Wakitani score are mainly used to evaluate cartilage repair in animal models. 
In contrast to the animal studies, the study of cartilage repair in human is hard to 
evaluate due to the infeasible harvest of large biopsy. Considering that, Robert 
et al. proposed a scoring system for small biopsy of repaired human cartilage, 
which is named as OsScore [ 254 ]. Moreover, ICRS introduced ICRS I and ICRS 
II scoring systems for more easy and reliable histological evaluation of repaired 
cartilage [ 255 ,  256 ]. ICRS scoring systems are based on a catalogue of repaired 
cartilage as a reference for scoring. Distinguished from other systems, ICRS scor-
ing enables discrimination of each subitem, instead of summarizing all the subi-
tems to create a total score. Compared with the ICRS I, the ICRS II contains 
additional categories, making it more comprehensive. Especially when a scaffold 
is used in cartilage repair, a category of infl ammation can be included to the ICRS 
II [ 257 ]. 

 Scoring system for engineered cartilage should focus on the quality of newly 
generated cartilage after engineering in vitro. Few histological scoring systems are 
available for the evaluation of engineered cartilage. O’Driscoll introduced a simple 
scoring system to evaluate the density of GAGs in the engineered cartilage [ 258 ]. 
This system is not suffi cient since many other characteristics, for example, cell mor-
phology, are not included. Another grading system, Bern score, was validated for 
the evaluation of engineered cartilage [ 259 ]. In contrast to O’Driscoll score, Bern 
score has a broader score range, which gives more information about the character-
istics of tissue [ 260 ].  

9.6     Challenges and Perspectives 

 Although the cartilage tissue engineering has been investigated for over two decades, 
rather limited success is achieved to develop clinically relevant outcomes. 
Nonetheless, signifi cant strides have been made to select optimal cell sources; to 
identify suitable chemistry, morphology, and compliance of scaffold materials; and 
to optimize culture conditions and dose and delivery of soluble factors, which are of 
great importance to develop models of cartilage development in vitro and regenera-
tion of cartilage defects in vivo. Meanwhile, many efforts have been made to over-
come the limitations in cell harvesting and to establish culture and implantation 
techniques in vitro. Novel methods of manufacture such as 3D printing have opened 
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new horizons for constructing personalized constructs for cartilage regeneration. A 
thorough understanding of the biological processes at both cellular and molecular 
levels will ensure the safety and effectiveness of these innovations. With the deep 
understanding of pathological and healing principles under cartilage defects, cell 
homing and in situ inductive regeneration of both cartilage and subchondral bone 
are also full of prospects. All these developments, taken together, may in the future 
lead to the successful and cost-effective translation from the bench top to the bed-
side by using novel cell/biomaterial constructs in cartilage regeneration.     
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    Chapter 10   
 Skin Regeneration                     

     Xiaowen     Zheng    ,     Qian     Li    ,     Lie     Ma     , and     Changyou     Gao   

10.1           Introduction 

 The skin, the largest organ of the human body, provides a protective barrier against 
physical, chemical, and biological pathogens to support and maintain human health. 
In addition, the skin also has the function of temperature regulation, external insult 
protection, and detoxing. Typically, the skin has hierarchical structures including 
the upper epidermal layer, interlayer dermis, and subcutaneous tissue. The epider-
mis whose thickness is 0.1–0.2 mm consists mainly of keratinocytes derived from 
the capillary network. The dermis layer composes of fi broblasts and extracellular 
matrix (ECM) including collagen, glycosaminoglycans (GAGs), and elastin. Skin 
appendages such as hair follicles, sweat glands, and sebaceous glands are from the 
subcutaneous tissue and play a great role in the sensation, temperature regulation, 
and detoxing (Fig.  10.1 ) [ 1 ].

   Burn, trauma, or chronic diseases frequently cause the loss of the skin, leading to 
descent of nonspecifi c immunity and bacterial infection, which is one of the most 
severe problems affecting human life quality. Thus, skin regeneration has become a 
major aim in the fi eld of wound healing. In the past several decades, surgical thera-
pies including skin transplantation have been applied to treat the loss of the skin and 
have achieved great success in skin regeneration. Autologous skin graft is the “gold 
standard” for clinical treatment of skin defect, and allograft plays a big role in the 
early period of skin repair as a temporary cover until a permanent skin graft is avail-
able. However, skin autograft and allograft are limited by the timely availability and 
donor sites. In addition, current skin grafts often suffer from a range of problems 
including incomplete biological functions, scar formation, and bacterial or virus 
infection during surgical therapies [ 2 ]. Thus, it has been becoming more and more 
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urgent to fi nd effective therapy strategies for the treatment of skin loss facing with 
the increasing clinical need and a vast patient resource. 

 Recently, skin substitute based on tissue engineering is being rapidly developed 
to bypass the limitations of conventional tissue transplantation and provide new 
therapeutic strategy to restore skin function [ 3 ]. Tissue engineering combines scaf-
fold, cells, and biofactors to remodel the target tissue or organ in vitro, followed by 
in vivo transplantation according to the principles of materials, medicine, and biol-
ogy. Skin tissue substitutes based on tissue engineering have been fabricating over 
the past several decades to provide more suitable therapeutic schemes for skin loss, 
and some commercial products are available in clinical application. For example, 
Dermagrafts ® , a dermal skin substitute consists of poly(glycolic acid) (PGA), 
poly(lactic acid) (PLA), and fi broblasts, has been used to treat diabetic ulcers [ 4 ]. 
However, the fully functional skin regeneration is still a big challenge for skin tissue 
engineering. Better tissue engineering strategy in the aspect of exploitation of new 
biomaterials and novel design of biomaterial scaffolds should be developed to fulfi ll 
the increasing demand of skin regeneration. 

 This chapter focuses on the application of tissue engineering and regenerative 
medicine approach for the fabrication of bioengineered constructs for skin regen-
eration. First of all, the materials and the design of material scaffold for skin regen-
eration are summarized. Then the bio-functionalization of biomaterial scaffold is 
reviewed by using proteins, genes, and cytokines. Finally, some important  challenges 

  Fig. 10.1    The structure of the human skin (Reprinted from Ref. [ 1 ] with permission. Copyright 
2007, Rights Managed by Nature Publishing Group)       

 

X. Zheng et al.



291

for skin regeneration including angiogenesis, scarring, appendages regeneration, 
and in situ tissue regeneration are discussed.  

10.2     Materials for Skin Regeneration 

10.2.1     Natural Materials 

 Collagen, one of the most important components of ECM and composed of a triple 
helix, is widely used in skin regeneration due to its good biocompatibility, biode-
gradability, fl exibility, and structural and functional similarity to ECM [ 5 ]. Besides 
the collagen derived from animal, plant-derived human collagen has been shown to 
be a promising biomaterial for skin tissue engineering because of its low risk of an 
allergic response or disease transmission [ 6 ]. However, the poor mechanical proper-
ties of collagen limit its application in skin substitute. A variety of methods includ-
ing cross-linking and blending with other substances have been established to 
improve the mechanical properties of collagen-based scaffold [ 7 ]. For example, 
synthetic human elastin/collagen composite scaffolds were fabricated by electros-
pinning for tissue engineering dermis [ 8 ]. The scaffold supported fi broblast infi ltra-
tion, de novo collagen deposition, and new capillary formation. Recently, a 
full-thickness skin equivalent consists of collagen and silk was prepared to study 
skin biology [ 9 ]. In our lab, a collagen/chitosan scaffold cross-linked with glutaral-
dehyde has been fabricated to promote the growth of fi broblasts and dermis regen-
eration. The cross-linking of glutaraldehyde and introduction of chitosan can 
enhance the biostability of the scaffold [ 10 ,  11 ]. Wang et al. used PLGA-knitted 
mesh to integrate with collagen/chitosan scaffold to improve the mechanical 
strength of the scaffolds [ 12 ]. Some commercial products based on collagen have 
been applied in clinical practice. For example, Integra ®  fabricated by cross-linked 
bovine collagen and chondroitin-6-sulfate was employed for dermal regeneration. 
Apligraf ® , a collagen-based hydrogel seeded with dermal fi broblasts and epidermal 
cells, has been widely applied to treat burns and several kinds of ulcers in the clinic 
(Fig.  10.2 ) [ 13 ,  14 ]. But it remains a challenge to regenerate the skin with complete 
appendages.

   Chitosan, the deacetylated derivative of chitin, is a linear polysaccharide consist-
ing of glucosamine and N-acetyl glucosamine [ 15 ]. Chitosan can be tailored with 
various molecular weights (50–2000 kDa) as well as degrees of deacetylation (30–
95 %), allowing wide adjustment of mechanical and biological properties [ 16 ]. 
Cross-linking is usually made to control the degradation rate and enhance the 
mechanical properties of chitosan matrix for skin tissue engineering as well [ 17 ]. 
Chitosan can be applied to deliver bioactive molecules. For example, the human 
epidermal growth factor (EGF) and basic fi broblast growth factor (bFGF) were 
encapsulated in chitosan scaffold to promote wound healing [ 18 ,  19 ]. In addition, 
membranes based on chitosan are widely used as wound dressings because of the 
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antibacterial capacity of chitosan [ 20 ]. However, the most extensive application of 
chitosan for skin regeneration is serving as a three-dimensional matrix. Tchemtchoua 
et al. prepared chitosan nanofi brillar scaffold for skin repair. Compared to chitosan 
sponge, the chitosan nanofi brillar scaffold induced a faster regeneration of both the 
epidermis and dermis (Fig.  10.3 ) [ 21 ]. Kiyozumi et al. fabricated a photo-cross- 
linkable chitosan hydrogel containing DMEM/F12 medium (medium-Az-CH-LA) 

  Fig. 10.2    Histology of Apligraf compared with normal human skin (Reprinted from Ref. [ 13 ] 
with permission. Copyright 2010 John Wiley & Sons, Inc)       

  Fig. 10.3    Compared with chitosan fi lms and sponges, the nanofi brillar structure strongly improved 
cell adhesion and proliferation in vitro. When used as a dressing covering full-thickness skin 
wounds in mice, chitosan nanofi brils induced a faster regeneration of both the epidermis and der-
mis compartments (Reprinted from [ 21 ] with permission. Copyright 2011 American Chemical 
Society)       
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for skin regeneration [ 22 ]. The hydrogel promoted re-epithelialization, vasculariza-
tion, and wound repair. Moreover, compared to collagen sponge, thicker granulation 
tissue and earlier neovascularization were found in medium-Az-CH-LA [ 23 ].

   Other natural biomaterials for skin regeneration including gelatin, hyaluronan, 
and fi brin are widely used as well. Shevchenko et al. designed a gelatin scaffold 
with attached silicone pseudo-epidermal layer for wound repair using a cryogela-
tion technique [ 24 ]. The mechanical properties of the scaffold were comparable to 
the clinical product Integra ® . In vivo test showed that the gelatin scaffold supports 
wound healing by allowing host cellular infi ltration, bio-integration, and remodel-
ing. Monteiro et al. utilized a spray-assisted layer-by-layer assembly technique to 
fabricate a multilayer fi lm composed of poly-L-lysine (the epidermal component) 
and porous hyaluronic acid scaffold (the dermal component) in a rapid and con-
trolled manner for skin tissue engineering [ 25 ]. The multilayer fi lm enhances cell 
adhesion and regeneration of the epidermal barrier functions. Losi et al. prepared a 
fi brin-based scaffold with incorporated VEGF- and bFGF-loaded nanoparticles to 
stimulate wound healing [ 26 ]. The scaffold induces re-epithelialization and enhances 
granulation tissue formation/maturity and collagen deposition in genetically dia-
betic mice. Acellular dermal matrix (ADM) is used to obtain scaffolds with similar 
components and structure of ECM of the natural skin. For instance, AlloDerm ®  
made of ADM by LifeCell ®  Corporation is extensively employed for full-thickness 
skin regeneration.  

10.2.2     Synthetic Polymers 

 The mechanical property is the biggest drawback of natural materials for skin 
regeneration: thus, natural materials usually need to be cross-linked or combined 
with other materials. On the contrary, synthetic polymers with predictable and fl ex-
ible physical and chemical properties including mechanical properties, functional 
groups, and degradation rate can be obtained under controlled conditions with 
mature techniques. Besides, synthetic polymers are biodegradable, are less expen-
sive, and have lower immunological response than natural materials [ 27 ]. 
Furthermore, synthetic polymers such as PGA, PLA, poly(lactide-co-glycolide) 
(PLGA), and polycaprolactone (PCL) have been approved by the Food and Drug 
Administration (FDA) of the USA. 

 Synthetic polymers are important materials for skin regeneration. TransCyte ®  
developed by the Advanced Tissue Science Company consisting of PLA scaffold 
and fi broblasts has been approved by the FDA for the healing of degree III burns 
[ 28 ]. PLGA matrices with fi ber diameters varying from 150 to 6000 nm were fabri-
cated via electrospinning [ 29 ]. Human skin fi broblasts acquire a well-spreading 
morphology and show signifi cant growth on fi ber matrices in the 350–1100 nm 
diameter range. Fibrous scaffolds composed of PLA and poly(ethylene glycol) 
(PEG) were prepared by electrospinning for skin tissue engineering [ 30 ]. The scaf-
fold containing 30 % PEG exhibited most benefi cial properties including  wettability, 
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and adaptable bulk biodegradation, and promoted the penetration and growth of 
human dermal fi broblasts. However, synthetic polymers are usually hydrophobic, 
and their lack of functional groups leads to limited capacity to combine with bio-
molecules. To enforce the bioactivity of synthetic polymers, natural materials are 
widely applied with synthetic polymers to design hybrid scaffolds. Chen et al. fab-
ricate a hybrid scaffold composed of knitted PLGA and weblike collagen micro- 
sponges to facilitate cell seeding and distribution and rapid formation of the dermal 
tissue [ 31 ]. A porous polycaprolactone (PCL)/collagen membrane was designed by 
Venugopal et al. via electrospinning. The well-defi ned nanostructure can well pro-
mote the growth and adhesion of cells [ 32 ]. The post-modifi cation of synthetic poly-
mers is another important method for the enhancement of bioactivity. Yang et al. 
used anhydrous ammonia plasma treatment to modify surface properties to improve 
the cell affi nity of a PLA/PLGA scaffold [ 33 ]. The modifi ed scaffold facilitated the 
growth of fi broblasts. Nanofi brous PCL/gelatin scaffolds were modifi ed by collagen 
type I grafting [ 34 ]. The diameter of the fi ber and porosity decreased with the 
increase of grafted collagen, and the collagen-modifi ed nanofi brous PCL/gelatin 
scaffolds can maintain characteristic shape and promote proliferation of 
fi broblasts.   

10.3     Scaffold Design for Skin Regeneration 

 The scaffold plays a vital role for skin regeneration by serving as a three- dimensional 
matrix for maintaining cell activities and promoting extracellular matrix formation, 
delivering biofactors, preserving tissue volume, and providing temporary mechani-
cal function. As the skin is complicated with a multilayer structure, how to design a 
scaffold mimicking the hierarchical structure and ultrastructure of ECM of the skin 
is an issue of great importance. So far different formats of scaffolds have been 
designed to treat different kinds of damaged skins. For example, chitosan/poly(vinyl 
alcohol) (PVA) nanofi brous membrane has been prepared by electrospinning as a 
wound dressing [ 35 ]. However, for dermal or even full-thickness skin regeneration, 
the most common scaffold formats are porous scaffolds and hydrogels. 

10.3.1     Porous Scaffolds 

 The porous scaffold is the most common format for skin regeneration. Typically a 
porous scaffold possesses unique microstructures similar to native ECM, showing 
high surface area which facilitates cell attachment and growth. Both natural and 
synthetic polymers can be fabricated into the porous scaffolds with controlled three- 
dimensional structures by methods such as gas foaming, freeze-drying, and 
electrospinning. 

X. Zheng et al.



295

 A novel porous scaffold composed of collagen, hyaluronic acid, and gelatin was 
fabricated by freeze-drying for skin repair [ 36 ]. The average pore diameter of the 
scaffold was 132.5 ± 8.4 μm, which is benefi cial for cell attachment and infi ltration. 
The in vivo histological results revealed that the scaffold promoted wound healing 
compared to the group without treatments. Lu et al. fabricated a funnel-like porous 
PLLA-collagen and PLLA-gelatin hybrid scaffolds by forming collagen or gelatin 
sponge on a woven PLLA mesh for skin tissue engineering [ 37 ]. PLLA-collagen 
and PLLA-gelatin porous scaffolds promoted the regeneration of the dermal tissue 
and reduced contraction during the formation of new tissues. In our lab, Ma et al. 
have developed a collagen/chitosan hybrid porous scaffold which was cross-linked 
by glutaraldehyde (GA) to improve their biostability for skin regeneration [ 11 ]. 
Collagen and chitosan are evenly distributed in the scaffolds with high porosity and 
good interconnectivity. In vitro culture suggested that the porous scaffold could 
maintain the original good cytocompatibility of collagen and effectively accelerate 
infi ltration and proliferation of human dermal fi broblasts. In vivo test revealed that 
the scaffold could induce the fi broblast infi ltration from the surrounding tissues. 
Besides, collagen/chitosan-silicone membrane bilayer dermal equivalent (BDE) 
was designed, in which the silicone membrane covers the hybrid scaffold to prevent 
water evaporation and infection (Fig.  10.4 ) [ 38 ]. The porous BDE can be function-
alized by plasmid DNA to form a gene-activated scaffold for more complicated 
reconstruction of the damaged skin. For example, the porous BED combined with 
 N , N , N -trimethyl chitosan chloride (TMC)/pDNA-VEGF complexes can signifi -
cantly enhance the expression of VEGF, which in turn facilitates the regeneration of 
full-thickness incisional wounds [ 39 ]. To inhibit the scar formation during wound 
healing, TMC/siRNA-TGF-β1complexes were incorporated into the BDE to inter-
fere in transforming growth factor-β1 (TGF-β1) signal pathway and suppress the 
expression of TGF-β1 [ 40 ]. The functionalized porous BDE can inhibit scar forma-
tion compared to the normal BDE. These results indicate that the porous BDE holds 
great promise for skin regeneration in clinical application.

  Fig. 10.4    ( a ) A view of the scaffold after being combined with a silicone membrane with a thick-
ness of about 0.14 mm. ( b ) The microstructures of the scaffold observed under a scanning electron 
microscope (Reprinted from Ref. [ 38 ] with permission. Copyright 2006 John Wiley & Sons, Ltd)       
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10.3.2        Hydrogel 

 Hydrogels are three-dimensional cross-linked polymer networks that are capable of 
absorbing large amount of water, which is important for the absorption of the excess 
of wound exudates [ 41 ]. In addition, hydrogels can protect the wound site from 
infection and promote the healing process by providing a moisturized environment. 
Moreover, hydrogels can preserve the bioactivity of growth factors, antibiotics, 
cytokines, and cells, making them ideal carriers for the delivery of biomolecules to 
realize complete skin regeneration. Many studies have been focused on the applica-
tions of hydrogel for skin regeneration [ 42 – 45 ]. 

 Chitosan hydrogel is well known as a wound dressing, showing good biocompat-
ibility, anti-infective activity, and the ability to accelerate wound healing. Thermo- 
responsive hydrogel was developed by using chitosan and agarose for skin 
regeneration [ 46 ]. The hydrogel prevented water loss and wound dehydration and 
was in favor of cell internalization and proliferation. A bilayer physical hydrogel of 
chitosan without any external cross-linking agent was used to induce infl ammatory 
cell migration and angiogenesis [ 47 ]. A hydrogel sheet composed of alginate, chi-
tin/chitosan, and fucoidan (ACF-HS) has been developed for wound dressing (Fig. 
 10.5 ) [ 48 ]. The hydrogel can provide a moist environment for rapid wound healing. 
Signifi cantly advanced granulation tissue was observed in the healing-impaired 
wounds being treated with the hydrogel. Wong et al. fabricated a pullulan-collagen 
composite hydrogel by using a salt-induced phase inversion technique, which can 
recapitulate the reticular structure of human dermal ECM [ 49 ]. The hydrogel pro-
moted wound closure due to the increased recruitment of stromal cells as well as the 
formation of the granulation tissue. A versatile, nontoxic, in situ cross-linkable bio-
degradable dextran hydrogel loaded with chitosan microparticles containing VEGF 
and EGF was designed for skin regeneration. In vivo results showed that the hydro-
gel improved the physical, chemical, and biological protection of the damaged skin 
[ 50 ]. Besides, the spatiotemporally controlled release of VEGF- and EGF-enhanced 
angiogenesis and re-epithelialization are crucial for the reconstruction of the native 
skin. More excitingly, a recent study shows that dextran-based hydrogels supported 
the infi ltration of infl ammatory cells, resulting in its rapid degradation and pro-
moted infi ltration of angiogenic cells and endothelial cells into the healing wounds 
[ 51 ]. In addition, the remarkable neovascularization and regeneration with hair fol-
licles and sebaceous glands were observed after 21 days, and new hair was observed 
5 weeks later. These results indicate that dextran-based hydrogel alone without bio-
active factors can promote complete skin regeneration with appendages.
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10.4         Bio-functionalization of Skin Regeneration Scaffolds 

 Skin repair is the result of synergistic effect of different kinds of cells whose prolif-
eration, migration, differentiation, and ECM secretion are well regulated by bioac-
tive factors such as growth factors, genes, and cytokines. Combining bioactive 
factors with scaffolds is a promising way to promote the effi ciency and quality of 
the regenerated skin. 

  Fig. 10.5    ( a ) Preparative procedures for ACF-HS. ( b ) Histological examination of wounds cov-
ered with ACF-HS or Kaltostat ®  and controls (uncovered). In the  left panel ,  black arrows  show 
formed granulation tissues. In the  right panel ,  squares  show the sites for microphotographs, and 
 black arrows  show blood vessels containing erythrocytes (Reprinted from Ref. [ 48 ] with permis-
sion. Copyright 2009 Published by Elsevier Ltd)       
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10.4.1     Growth Factors 

 Growth factors are capable of stimulating cellular growth, cellular proliferation, and 
cellular differentiation. Usually they are proteins or steroid hormones regulating a 
variety of cellular processes. Growth factors typically act as signaling molecules 
between cells to promote cell differentiation or maturation and have been widely 
used in tissue engineering skin constructs. Some growth factors are promising 
mediators of wound healing, such as the epidermal growth factor (EGF), fi broblast 
growth factor (FGF), vascular endothelial growth factors (VEGF), platelet-derived 
growth factor (PDGF), insulin-like growth factor-1 (IGF-1), transforming growth 
factors α and β (TGF-α and TGF-β), and hepatocyte growth factor (HGF). Site- 
specifi c delivery of growth factors in micro-devices could provide an effi cient 
means of stimulating localized recruitment to the cell transplants and would ensure 
cell survival and functions. By combining growth factors with micro-vehicles, bio-
active skin scaffolds can be constructed. Richardson et al. incorporated VEGF and 
PDGF into a porous PLGA scaffold to realize a controlled dose and rate of delivery, 
pioneering the research of a vehicle delivering multiple angiogenic factors with 
distinct kinetics [ 52 ]. Perets et al. incorporated bFGF-loaded microspheres with 
three-dimensional porous alginate scaffolds, achieving enhanced vascularization 
in vivo [ 53 ]. Tabata et al. combined FGF, HGF, and VEGF with collagen gels to 
promote the regeneration of hair follicles after implantation [ 54 ]. Mao et al. com-
bined FGF on a substrate via a layer-by-layer technique to fabricate bioactive fi lms, 
on which fi broblasts proliferated better and secreted more ECM [ 55 ]. Regarding to 
hair follicle regeneration, HGF, a mitogen, motogen, and morphogen for lots of dif-
ferent organs, is expressed by the cells in human hair follicles and involved in the 
cycle of hair growth. Uijtdewilligen et al. incorporated insulin-like growth factor-2 
(IGF-2) and sonic hedgehog (SHH) into a collagen type I heparin scaffold to form 
an embryonic-like scaffold which could help to repair the skin without contraction 
or scar formation [ 56 ].  

10.4.2     Genes 

 As summarized above, with the ability to modulate and direct cells effi ciently, the 
growth factors have been extensively used as bioactive factors to combine with tis-
sue engineering scaffolds. However the most challenging limitation is their short 
half-lives. The emerging gene technique provides an optional method to make cells 
produce growth factors constantly. Hence, functional genes can be incorporated into 
scaffolds as bioactive factors and are locally expressed to encode specifi c growth 
factors at wound site. Specifi c examples of application of gene therapy in skin tissue 
engineering will be introduced below. 

 Shea et al. incorporated plasmid DNA encoding platelet-derived growth factor 
(PDGFB) into a three-dimensional PLGA sponge, implantation of which in a rat 
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dermis showed enhancement of granulation tissue and vascularization [ 57 ]. Other 
types of matrices such as collagen and PVA sponges loaded with genes are also 
developed and used to treat cutaneous wounds, resulting in improvement of fl ap 
survival, granulation tissue formation, angiogenesis, and re-epithelialization [ 39 , 
 58 ]. 

 Alternatively, the nucleic acids (e.g., plasmid, siRNA) are complexed with cat-
ionic polymers or lipids, with the design of these transfection reagents depending 
upon the nucleic acid properties, such as size [ 59 ]. Complexation with polymers or 
lipids protects against degradation, creates a less negative particle relative to naked 
plasmid, and facilitates internalization and intracellular traffi cking [ 60 ].  

10.4.3     Cytokines 

 Cytokines, a family of small molecules of approximately 8–10 kDa in size, are key 
regulators of cell migration, immune responses, and wound healing [ 61 ]. Pro- 
infl ammatory cytokines, particularly IL-1 and IL-6 and TNF-α, are upregulated dur-
ing the infl ammatory phase of wound healing. 

 IL-1 is produced by monocytes, neutrophils, macrophages, and keratinocytes 
and is immediately released by keratinocytes during wound healing. IL-1 activates 
fi broblasts and promotes the secretion of FGF [ 62 ]. IL-6 is secreted by neutrophils 
and monocytes and has been shown to be involved in healing response. Evidence 
shows that IL-6 is closely related with wound healing by regulating leukocyte infi l-
tration, angiogenesis, and collagen accumulation [ 63 ]. TNF-α can promote the 
expression of FGF-7, indicating that it can favor the process of re-epithelialization 
[ 64 ]. 

 Stromal cell-derived factor-1α (SDF-1α, CXCL12) chemokine is a member of 
the CXC family and works via the CXCR4 receptor. It plays a role in the infl amma-
tory response by recruiting lymphocytes to the wound and promoting angiogenesis. 
Endothelial cells, myofi broblasts, and keratinocytes express SDF-1. A number of 
researches have proved that SDF-1α plays a pivotal role in the recruitment of stem 
cells. For example, PLGA scaffolds incorporated with SDF-1α can recruit more 
stem cells, which favors angiogenesis and decreases fi brotic and infl ammatory 
responses. More interestingly, mechanical stretch can upregulate SDF-1α in the 
skin tissue and promote migration of circulating bone marrow-derived mesenchy-
mal stem cells (BMSCs) [ 65 ]. The application of SDF-1α provides an avenue for the 
recruitment of stem cells, which is crucial for the in situ skin regeneration. For 
example, Nakamura et al. used mesenchymal stem cells (MSCs) genetically engi-
neered with (SDF-1α) to heal skin wounds [ 66 ]. SDF-1α-engineered MSCs (SDF- 
MSCs) expressed more SDF-1α and enhanced the migration of MSCs and dermal 
fi broblasts and promoted skin wound closure.   
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10.5     Important Challenges and Strategies 

 Although many signifi cant milestones of bioengineered skin have been reached for 
clinical therapies of full-thickness defects, challenges still remain to fulfi ll the crite-
ria of “regenerated skin” with complete structural, esthetic, and functional proper-
ties as the nature of the skin. How to achieve rapid angiogenesis, inhibited scarring, 
and regeneration of appendages is a key issue related to the quality of the regener-
ated skin. In addition, in situ regeneration, which should be particularly concerned, 
would be less costly and complex than those approaches that require ex vivo cell 
manipulation. 

10.5.1     Angiogenesis 

 One of the most critical issues for most bioengineered tissues is the rapid and appro-
priate angiogenesis of the constructs, since a tissue beyond a certain size generally 
cannot survive without the supply of nutrients and oxygen, and removal of waste 
products of cells [ 67 ]. For materials with a thickness larger than 0.4 mm, new blood 
vessels are not able to penetrate rapidly [ 68 ]. The delayed or poor angiogenesis of 
the reconstructed skin will hinder the nourishment of the overlaying epidermal layer 
and result in the failure of the graft. Moreover, if the transplantation of split- 
thickness skin grafts is delayed, the timely healing of the damaged skin will be 
hampered and the risk of death will increase [ 69 ]. It is clear that the blood supply is 
essential to realize the long-term integration of the reconstructed skin with the host 
tissue. Therefore, acceleration of the angiogenesis rate to achieve rapid formation of 
new blood capillaries is urgently required, whereas still remains a research focus for 
improvement of existing skin substitutes. 

 Suitable pore size of tissue-engineered scaffold plays an important role in 
improving permeability, facilitating cell migration, and enhancing angiogenesis. 
Yannas et al. found that a pore size ranging from 90 to 150 μm and porosity larger 
than 90 % promote vessel formation [ 70 ]. Pruitt et al. reported that only when pore 
size of scaffold is larger than 80 μm it can be conducive to the ingrowth of connec-
tive tissue and neovascularization [ 71 ]. Another possible approach to enhance the 
angiogenesis of the tissue-engineered skin is to combine the prefabricated vessels 
with some special kinds of cells to achieve better initial onset of revascularization 
for early anastomoses between graft and bed vessels. As one example, human der-
mal microvascular endothelial cells were incorporated into collagen or fi brin hydro-
gels. Three-dimensional capillaries were formed after transplantation of the 
pre-vascularized substitutes [ 72 ]. The engineered capillaries were further stabilized 
by pericytes and smooth muscle cells and ultimately connected to the microvessels 
of the wound ground. It is also found some glycosaminoglycans have angiogenetic 
effect. Pieper et al. reported that the incorporation of glycosaminoglycans could 
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increase angiogenesis degree in vivo [ 73 ]. However, a suffi cient vasculature still 
takes more than 4 weeks to develop. 

 The most powerful approach to induce angiogenesis in the engineered tissues is 
to use angiogenetic growth factors such as bFGF, VEGF, and PDGF. So far many 
efforts have been made to enhance angiogenesis by incorporation of angiogenic 
growth factors into tissue engineering scaffolds. With the loading of bFGF, the 
fi brin and collagen scaffolds show enhanced angiogenesis when applied to the rab-
bit ear ulcers, therefore greatly improving the healing of full-thickness skin defects 
[ 74 ]. Wissink et al. used heparin to realize a controlled release of bFGF through 
specifi c binding, which is effective in promoting the growth of endothelial cells 
within the collagen scaffold in vitro [ 75 ]. Perets et al. encapsulated bFGF into 
PLGA microspheres and then loaded the microspheres into a porous sodium algi-
nate scaffold [ 53 ]. The formation of large mature vessels was greatly promoted by 
the bFGF-loaded scaffold in a rat peritoneal model. 

 However, delivery of the growth factors faces some challenges due to their sen-
sitivity and instability, and their half-lives are only on the order of minutes in serum. 
In addition, the high cost of growth factors also limits their trial in practice. The 
gene technique has been considered as an alternative way in order to overcome the 
drawbacks of growth factors. By loading of more stable and functional genes into 
the scaffolds, the gene-activated matrix (GAMs) can be generated to locally trans-
fect cells and constantly produce targeted growth factors at wound site. Endowed 
with the advantages of localized treatment, maintenance of effective amount of bio-
active DNAs, and protection of DNAs against immune responses and nuclease deg-
radation, the GAMs have shown great promise for the enhanced angiogenesis of the 
engineered skin. Mao et al. used TMC as a cationic gene delivery vector to carry 
plasmid DNA encoding VEGF (pDNA-VEGF) and constructed a gene-activated 
collagen scaffold for skin repair [ 76 ]. The in vivo application to Sprague-Dawley 
mice demonstrated that the TMC/pDNA-VEGF complexes remarkably promoted 
the in vivo expression of VEGF and thus enhanced the angiogenesis of the scaffolds. 
Recently, a gene-activated collagen-chitosan/silicone membrane bilayer dermal 
equivalent (BDE) has been prepared and evaluated for treatment of the full- thickness 
incisional wounds in terms of histology, immunohistochemistry, immunofl uores-
cence, real-time quantitative PCR, and Western blotting analysis in a porcine model 
[ 39 ]. The TMC/pDNA-VEGF group shows highest level of VEGF expression at 
both mRNA and protein levels, resulting in the highest densities of newly formed 
and mature vessels. After 112 days of ultrathin skin graft transplantation, the heal-
ing skin has a similar structure and ~80 % tensile strength of the normal skin. 
Exploitation of the gene-activated BDE for the healing of full-thickness burns was 
also performed, showing very positive angiogenesis and repair results similar to 
those for incisional wounds (Fig.  10.6 ) [ 77 ].
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10.5.2        Scarring 

 Although skin substitutes based on principle of regeneration have achieved impor-
tant progresses, scarring still remains a problem which results in issues such as 
disfi guration, itching, and local ulceration [ 78 ]. Prevention of scarring is therefore a 
major challenge to be addressed for the repair and regeneration of skin defects, and 
anti-scarring technologies should be incorporated for the new generation of the skin 
constructs. 

 Scars are the outcome of postnatal healing process of normal acute mammalian 
tissue repair including integration of bioengineered skins [ 79 ]. Scarring is a rapid 
tissue repairing process driven by an evolutionarily devised mechanism, allowing 
rapid recover of tissue integrity to fi ll tissue voids. Scarring involves a series of cel-
lular events related to tissue repair including infl ammation, migration/proliferation 
and ECM deposition, and also the inputs of numerous cell types, matrix compo-
nents, and signaling molecules. Essentially, the excessive and disordered accumula-
tion of ECM such as collagen, as well as the imbalance of new deposition and 
destruction of collagen, directly leads to the scar formation. By contrast, the scar- 
free regeneration should have features including complete restoration of skin struc-
ture, normal collagen deposition, and regular distribution of hair follicles, capillaries, 
and glands, which refl ects a focus of interest for the emerging fi elds of regenerative 
medicine. Central to a material-based approach for skin regeneration is to build a 
suitable environment where cells are exposed to a complex pattern of bioactive 
molecules, which direct desired cell behaviors and right tissue regeneration. 

 Fetal wound repair is essentially a scar-free regenerative process. It has been 
extensively studied and confi rmed that embryonic scarless wound repair exhibits 

  Fig. 10.6    ( a ) Cumulative release of DNA from the scaffolds as a function of time. ( b ) TMC/
pDNA-VEGF group had a signifi cantly higher number of newly formed and mature blood vessels 
(Reprinted from Ref. [ 77 ] with permission. Copyright 2010 Elsevier Ltd)       
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reduced fi brin clots and platelet degranulation, and suppressed infl ammatory 
response, which has provided therapeutic strategies for scar-free repair. Most impor-
tantly, the growth factor profi le is also quite different for embryonic wound and 
adult wound. The large family of TGF-β protein, which can be secreted by multiple 
cell types such as platelets, macrophages, and fi broblasts, is one of the most impor-
tant biosignal molecules during the wound healing process. It acts as a chemokine 
for fi broblasts, induces differentiation of myofi broblasts, regulates the collagen syn-
thesis, and modulates the matrix turnover. Recent investigations have confi rmed that 
the level of TGF-β1 and TGF-β2 in fetal skin injuries is lower than that in adult skin, 
while the level of TGF-β3 is elevated [ 80 ]. Inspired by these fi ndings, successful 
reduction of scarring of adult skin wounds has been reported by interrupting TGF- 
β1 and TGF-β2 signaling pathway through neutralization with antibodies, inactiva-
tion by proteoglycan-like decorin, and blockage of function by exogenous receptors, 
as well as exogenous addition of the TGF-β3 isoforms. Samuels et al. [ 81 ] found 
that hypertrophic scar was induced in a rabbit embryos subcutaneous model by 
injecting the TGF-β1 and TGF-β2, while the addition of their polyclonal neutraliz-
ing antibody could inhibit scarring and generate a normal tensile strength and more 
physical dermal architecture. A recent research proves that after infected by adeno-
virus encoding a truncated TGF-β receptor II, normal dermal fi broblasts could result 
in wounds with an average of 49 % reduction of the scar area and less infl ammatory 
reaction in the full-thickness incisional wounds in rats [ 82 ]. 

 The recently emerging biomolecular cues of RNA interference (RNAi) offer a 
fascinating and prospective alternative to specifi cally silence targeted genes and 
downregulate targeted protein levels [ 83 ]. Delivery of exogenous small interfering 
RNA (siRNA) mediated by three-dimensional scaffolding materials is right now at 
the frontier of current research. Compared with other strategies, the RNAi not only 
shows higher effi ciency and specifi city during a long duration time but also avoids 
risks of immunogenicity and inactivation in the antibody method. In a recent 
research in our lab, TMC/siRNA complexes targeting TGF-β1 were incorporated 
into the collagen-chitosan/silicone membrane bilayer dermal equivalent (BDE) to 
fabricate an RNAi functionalized bioengineered skin (RNAi-BDE), aiming to inter-
fere TGF-β1 signal pathway, directing cell behaviors, and ultimately inhibiting scar-
ring (Fig.  10.7 ). The RNAi-BDE functioned as a reservoir for the incorporated 
TMC/siRNA complexes, enabling a prolonged siRNA release. Application of the 
RNAi-BDE on the full-thickness skin defects of pig backs confi rmed the in vivo 
inhibition of TGF-β1 expression by immunohistochemistry, real-time quantitative 
PCR, and Western blotting during 30 days post-surgery. The levels of other scar- 
related factors such as collagen type I, collagen type III, and α-smooth muscle actin 
(α-SMA) were also downregulated. In combination with the ultrathin skin graft 
transplantation for 73 days, the regenerated skin by RNAi-BDE had an extremely 
similar structure to that of the normal one with signifi cant scar inhibition.
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10.5.3        Appendages 

 Skin appendages such as hair follicle, sweat gland, sebaceous gland make skin func-
tions well in touch, temperature sensation, excretion, perspiration, and thermoregu-
lation. Regeneration of skin appendages is an important symbol of skin recovery 
and functionalization. Although some commercial artifi cial skin substitutions can 
achieve a structural repair in the epidermis and the dermis, it remains a challenge to 
regenerate the skin with complete appendages [ 84 ]. Hence, regenerated skin cannot 
fully replace normal skin in function. 

 Hair follicle is a mini-organ which produces hair. It is composed of hair papilla, 
matrix, root sheath, hair fi ber, bulge, and so on. There are three stages in hair growth: 
the growth phase (anagen), the regressing phase (catagen), and the quiescent phase 
(telogen). Growth cycles are controlled by chemical signals like epidermal growth 
factor. Efforts of reconstructing hair follicles have been made decades ago. Lin et al. 
combined epidermal stem cells in collagen/gelatin scaffold with fi broblasts; hair 

  Fig. 10.7    ( a ) The siRNA could silence special gene expression. ( b ) Combination of polycations 
TMC with siRNA to form complexes which could be transfected into cells. Wound formation is 
mainly caused by massive and disordered deposition of Col I and Col III. ( c ) TMC/siRNA can 
suppress the expression of both Col I and Col III signifi cantly (Reprinted from Ref. [ 40 ] with 
permission. Copyright 2012 Elsevier Ltd)       
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follicle-like structure was formed after implantation. It is also reported that the 
interaction between epidermal cells and mesenchymal cells contributes to the for-
mation of hair follicles. More recently, MSCs are induced into hair papilla-like cells 
[ 85 ]. Moreover, polysaccharide, as one main component of dermal ECM, is reported 
to induce the regeneration of hair follicles on a mice model [ 51 ]. Recently, it was 
reported that hair growth was promoted by adipose-derived stem cell (ASC) trans-
plantation in animal experiments, and a conditioned medium of ASCs (ASC-CM) 
induced the proliferation of hair-compositing cells in vitro. Jin et al. introduced 
some ASC stimulators in preconditioning to enhance hair regeneration [ 86 ]. They 
also highlighted the functional role of ASCs in hair cycle progression and concluded 
the advantages and disadvantages of their application in hair regeneration. 

 Sweat glands are small tubular structures of the skin that can produce sweat. 
There are two kinds of sweat glands. Eccrine sweat glands are distributed all over 
the body (except for the lips, tip of the penis, and the clitoris), although their density 
varies a lot from region to region, while apocrine sweat glands are larger, having 
different mechanisms of secretion, and are limited to axilla (armpits) and perianal 
areas. Sweat glands play a key role in thermoregulation and inner balance. Therefore, 
it is vital to reconstruct sweat glands especially for large-area burns. Fu et al. cul-
tured sweat gland cells (SGCs) on gelatin microspheres containing EGF and deliv-
ered the SGCs-microspheres complex into an engineered skin construct mainly 
composed of a fi broblast-embedded collagen-based matrix [ 87 ]. This engineered 
skin construct was then transplanted onto full-thickness cutaneous wound in an 
athymic murine model. Remarkably, sweat gland-like structure can be achieved 
in vitro within the hybrid matrix. Huang Sha et al. designed a functional in vitro 
cell-laden three-dimensional extracellular matrix mimics (3D-ECM) with compos-
ite hydrogels based on gelatin and sodium alginate. It provides the spatial inductive 
cues for enhancing specifi c differentiation of epidermal lineages to regenerate sweat 
glands [ 88 ]. 

 Sebaceous glands are kind of microscopic glands in the skin that secrete an oily/
waxy matter, called sebum, to lubricate and waterproof the skin and hair of mam-
mals. In human beings, they are found in greatest abundance on the face and scalp, 
though distributed throughout all skin sites except the palms and soles. Compared 
with hair follicles and sweat glands, sebaceous glands are later to be studied. But 
exciting progress has been made related to reconstruction of sebaceous glands. Hair 
bulge cells have been reported to possess the potential of differentiating into seba-
ceous glands. Horsley et al. fi rstly found a kind of progenitor cells that can secret 
factor Blimp1, which can stimulate the regeneration of sebaceous glands when they 
get hurt [ 89 ]. 

 Appendages do have a fi rm interaction rather than separate growth, although 
most researches are still confi ned to one certain appendage. With further study of 
biology of appendages, and clarifying the interaction of materials and related cells 
(specifi cally stem cells) and appendages themselves, it is quite possible to function-
alize skin constructs by reconstructing different appendages together in the future.  
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10.5.4     In Situ Skin Regeneration 

 Along with the advancement of science and technology in biology, medicine, and 
material science, the insight mechanism of wound healing is better understood. 
Diverse methods for skin repair and regeneration have also been developed. Stem 
cell-based therapy, which is a promising cure for a multitude of diseases and disor-
ders, has been one of the best documented approaches in regenerative medicine. 
However, the ex vivo expansion of stem cells and their in vivo delivery are restricted 
by the low survival rate and the limited availability of stem cell sources. 

 It has been demonstrated that endogenous stem cells can be actively attracted to 
sites of injury [ 3 ]. Thus, recruiting suffi cient endogenous stem cells to the wound 
area and inducing them to repair the structure and functions of skin become a key 
challenge. This technique, known as in situ regeneration, has the potential to pro-
vide new therapeutic options for all kinds of tissues and organs. The in situ tissue 
regeneration method relies on endogenous stem cell homing, proliferation, differen-
tiation, and rebuilding functional skins. Such options would be less costly and com-
plex than the traditional approaches which require substantial ex vivo cell 
manipulation. 

 Microenvironment, which could be changed by cytokines, surface topology, and 
so on, could infl uence stem cell recruiting. Some cytokines can enhance tissue 
regeneration by facilitating cell homing. Chen et al .  fabricated a radially oriented 
scaffold which could effectively promote BMSCs migration, whose effect was fur-
ther enhanced by addition of stromal cell-derived factor-1 (SDF-1) (Fig.  10.8 ) [ 90 ]. 
It is reported that the migration abilities of PDMSCs exposed to hypoxic conditions 
are signifi cantly increased. Interestingly, decreased integrin alpha4 in PDMSCs 
under hypoxia increases PDMSC migration ability [ 91 ]. In addition, bone morpho-
genetic protein-7 (BMP-7) is another cell homing factor [ 3 ]. Shao et al .  found that 
a peptide sequence (E7, EPLQLKM) with seven amino acids has a high specifi c 
affi nity to bone marrow-derived MSCs [ 92 ]. In the subsequent work, E7 peptide 
was immobilized to a collagen scaffold via a collagen-binding domain (CBD) to 
construct a functional collagen scaffold, which could enhance the speed of healing 
process [ 93 ]. It is reported that E7-modifi ed scaffolds incorporated with rhTGF-β1 
could maintain a sustained release and bioactivity. A series of analyses indicate that 
the E7 peptide promotes BMSC initial adhesion and that the scaffolds containing 
both E7 and rhTGF-β1 are the most favorable for BMSC survival (Fig.  10.9 ) [ 94 ].
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10.6          Conclusions and Future Perspectives 

 Skin regeneration is one of the most serious problems in clinical medicine. The use 
of skin grafts is still an important therapy for damaged skin. So far decades of 
efforts have focused on the development of the tissue-engineered skin based on 
material technologies, chemistry, biology, and medicine. Bioengineered skins for 
epidermal, dermal, and full-thickness defects have been fabricated, and some of 
them are currently commercially available. However, most of them are not suffi cient 
to regenerate new skin similar with native skin. 

  Fig. 10.8    ( a ) Fabrication of the radially oriented (RO) and random collagen scaffolds. ( b ) The 
radially oriented scaffolds had signifi cantly better mechanical property compared with the random 
scaffolds. ( c ) The cell number was quantifi ed at low magnifi cation and the radially oriented scaf-
folds accelerated cell infi ltration (Reprinted from Ref. [ 90 ] with permission. Copyright 2014 
Elsevier Ltd)       
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 To realize the regeneration of the skin with a complicated structure and complete 
functions, it is becoming increasingly popular to design “smart biomaterial system” 
to provide instructive signals to stimulate target cell responses in the processes of 
skin regeneration. “Smart biomaterials” can be obtained by adjusting the properties 
of biomaterials including physical properties, chemical compositions, and bio- 
functions. Meanwhile, the application of electronic devices into skin tissue engi-
neering is able to regulate and control the environment such as temperature and 
wettability of the wound and thereby to provide more suitable conditions for skin 
regeneration. Moreover, by the combination of stem cells and in situ skin regenera-
tion, the induced differentiation of endogenous stem cells for the in situ skin regen-
eration with appendages has attracted more and more interest. We believe that with 
the development of biomaterial science and regenerative medicine, the skin with a 
complicated structure and multifunction similar to those of the native skin can be 
regenerated sooner or later.     

  Fig. 10.9    The preparation process for coaxial electrospun fi ber scaffolds. ( a ) The process of coax-
ial electrospinning: the spinneret is composed of two concentric needles; the outer needle is used 
to deliver the shell solution ( blue , PCL), while the inner needle is used to eject the core solution 
( red , rhTGF-β 1). ( b ) Scaffold composed of electrospun coaxial fi bers, with core ( red ) and shell 
( blue ) structure. ( c ) Scaffold conjugated with the BMSC-specifi c affi nity peptide (E7) ( green ). ( d ) 
E7-modifi ed scaffold facilitates adhesion of BMSCs onto the surface. ( e ) The E7-modifi ed surface 
and sustained release of rhTGF-β 1 in the core of the coaxial fi bers promote adhesion and differ-
entiation of BMSCs [94] (Reprinted from Ref. [ 94 ] with permission. Copyright 2014 Elsevier Ltd)       
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    Chapter 11   
 Regeneration of Blood Vessels                     

     Kai     Wang    ,     Weilong     Cui    ,     Yongzhen     Wei    ,     Meifeng     Zhu    ,     Qiang     Zhao    , 
and     Deling     Kong    

11.1           Introduction 

 Blood vessels transport blood to deliver oxygen and nutrients. Vascular diseases 
such as atherosclerosis may result in obstruction of blood vessels and tissue isch-
emia [ 1 ]. Vascular graft has proven to be an effective strategy for the treatment of 
these vascular diseases [ 2 ]. In the United States, there are over 500,000 vascular 
grafts being used for bypass surgery each year, most of which are autologous venous 
and arterial grafts. However, autologous grafts are limited by availability, need for 
additional surgeries, donor site morbidity, and 30 % 10-year failure rate [ 1 ]. Artifi cial 
blood vessels become indispensable and have received increasing attention. Up to 
now, some products have gained success and have been commercialized, such as 
expanded polytetrafl uoroethylene (ePTFE) and poly(ethylene terephthalate) 
(Dacron). Dacron and Tefl on work well for large-diameter (>6 mm internal diame-
ter) vascular grafts, where the rate of blood fl ow is high, but these materials yield 
disappointing clinical results in small-diameter (<6 mm internal diameter) coronary 
artery grafts [ 3 ]. In addition, nondegradation of the polymer graft often leads to the 
calcifi cation during long-term implantations [ 4 ]. In this regard, development of vas-
cular grafts with relatively slow degradation and controlled regenerative process has 
become a new concept and direction. These grafts provide a favorable environment 
for the recruitment of autogenous vascular cells. After a full degradation of the 
polymer scaffold, “neoartery” could be generated [ 5 ]. With the recent advancement 
of knowledge and technologies in the small-diameter vascular grafts, there are still 
many scientifi c questions to be addressed. Among these questions, vascular regen-
eration and their long-term patency and function should be mentioned. 
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11.1.1     Endothelialization of Vascular Grafts 

 The endothelium is not a smooth inert surface that facilitates laminar blood fl ow 
through the blood vessel but a dynamic organ with an active role in coagulation 
homeostasis, the sensing and transduction of the hemodynamic forces of circula-
tion, and the cellular metabolism of the vascular wall [ 2 ]. It is understandable that 
the main focus of vascular graft studies is endothelialization. Within many general 
functions, the endothelium is equipped with a number of mechanisms that prevents 
thrombus formation in the circulatory system. It harbors factors that interrupt the 
coagulation cascade, such as antithrombin III, the protein C receptor thrombomodu-
lin, and tissue factor pathway inhibitor. It prevents platelet activation by the produc-
tion of nitric oxide and prostacyclin, exonucleotidases, and surface heparan sulfates 
[ 6 ]. All of these functions make the endothelium an important physiological barrier 
to maintain the patency and homeostasis of blood vessels. However, a vascular graft 
that can resist thrombosis by forming a confl uent luminal endothelium in vivo is 
still a dream in the fi eld of vascular tissue engineering.  

11.1.2     Restenosis of Vascular Grafts 

 Transplantation of small-diameter vascular grafts is often accompanied by resteno-
sis, including short- and midterm restenosis. The reasons for short-term restenosis 
include platelet adhesion and aggregation and the resulting thrombus formation. 
While those for midterm restenosis include over-proliferation of vascular smooth 
muscle cells (VSMCs) and neointimal hyperplasia. Generally speaking, the main 
problem could be ascribed to the poor blood compatibility of artifi cial vascular 
grafts, which leads to the adhesion of platelets and plasma protein, and subsequent 
aggregation and thrombus formation [ 7 ]. In addition to biomaterial incompatibility, 
physical forces have been associated with vascular graft intimal hyperplasia [ 8 ]. 
Prominent among these suggestions have been compliance mismatch between the 
graft and host artery, which result in adverse local hemodynamic effects at the anas-
tomosis with consequent greater intimal thickening and eventual graft failure [ 9 ]. 
There has been a great deal of work recently on developing more compliant sutures, 
suturing techniques, mechanical clips, biological glue, and laser-based solder tech-
niques [ 10 ]. The aim of this has been to improve pulsatile laminar blood fl ow in 
arteries propagation across the anastomosis and to reduce damage to the surround-
ing endothelium [ 9 ]. But beyond that, there is evidence that a confl uent endothelium 
is crucial in prevention of the initiation and progression of the process. One aspect 
of endothelial protection is the physical barrier, which forms to prevent contact with 
subendothelial components of the arterial wall and activation of the coagulation 
cascade. In addition, early events in the cascade, such as platelet degranulation fol-
lowing contact with type-I collagen, have been shown to induce mitogenic factors 
such as transforming growth factor β (TGF-β) [ 2 ]. Animal models in which 
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endothelial injury was induced show that loss of an intact endothelium results in a 
change of VSMCs phenotype to a proliferative state. It is widely accepted that 
increased proliferation of terminally differentiated vascular SMCs contribute sig-
nifi cantly to lesional neointima formation [ 11 ]. Conversely, such a change was 
inhibited by the presence of endothelial cells [ 2 ]. Therefore, how to construct a 
hemocompatible surface or interface with antithrombogenic properties is the key 
issue in research on vascular grafts.  

11.1.3     Anticoagulation of Vascular Grafts 

 Small-diameter prosthetic grafts undergo early thrombotic occlusion limiting their 
clinical utility for coronary or peripheral revascularization procedures. Several dif-
ferent antithrombotic agents have been evaluated experimentally [ 12 ]. One pharma-
cologic agent that has received wide research focus as a means to reduce neointimal 
hyperplasia is heparin, which is a mucopolysaccharide found in most tissues. 
Heparin inhibits thrombin and activated factors IX, X, XI, and XII, which is involved 
in the conversion of prothrombin to thrombin, thereby reducing thrombin forma-
tion. In addition, heparin has a potent antiproliferative effect on vascular VSMCs, 
and this effect is independent of its anticoagulant activity. Its inhibitory effect on 
VSMCs is mediated in part through interactions with cell receptors, growth factors, 
adhesion molecules, and protease inhibitors [ 13 ]. Unfortunately, systemic adminis-
tration of effective levels of antithrombotic drugs is expensive and may be associ-
ated with serious hemorrhagic complications. An alternative approach is to 
immobilize an antithrombotic agent at the graft site. This strategy offers the advan-
tage of inhibiting the thrombotic process at a specifi c site while avoiding systemic 
side effects [ 14 ]. Beyond that, some groups take the advantage of enzyme prodrug 
therapy (EPT) technique in the fabrication of anticoagulant vascular grafts [ 15 ]. 
EPT is a versatile technique that allows synthesis of drugs at the site of action when 
prodrugs are systemically administrated. In addition to targeted and localized drug 
delivery, the advantage of EPT also includes the fi ne tune of drug dosage, duration, 
and administration [ 16 ].  

11.1.4     Calcifi cation of Vascular Grafts 

 In the fi eld cardiovascular implants, calcifi cation of heart valves and conduits used 
in congenital cardiac surgery has been extensively described, and their prevention 
has been a challenge for researchers and industry for decades [ 17 ]. The presence of 
cardiovascular calcifi cation signifi cantly predicts patients’ morbidity and mortality. 
Calcifi c mineral deposition within the soft cardiovascular tissues disrupts the nor-
mal biomechanical function of these tissues, leading to complications such as heart 
failure, myocardial infarction and stroke. The realization that calcifi cation results 
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from active cellular processes offers hope that therapeutic intervention may prevent 
or reverse the disease. To this point, however, no clinically viable therapies have 
emerged. This may be due to the lack of certainty that remains in the mechanisms 
by which mineral is deposited in cardiovascular tissues [ 18 ].  

11.1.5     Animal Models for the Assessment of Vascular Grafts 

 In order to assess the capacity of the new conduits to maintain physiologic function 
in the circulatory system and to determine the response of both the host and the 
conduits to implantation, evaluation of the grafts in preclinical animal studies is 
required [ 19 ]. Preclinical assessment of vascular grafts using appropriate animal 
models is essential to determine the clinical potential of engineered tissues. With the 
advancement of knowledge and technologies in the vascular grafts, there are many 
criteria that are utilized in the assessment of clinical potential. Each of these criteria 
may be best analyzed in different experimental settings. At fi rst, the selection of an 
appropriate animal model needs to include criteria relevant to the vascular graft 
such as implantation site, vascular diameter and length, and time frame of implanta-
tion. Equally important are criteria relevant to the animal species selected such as 
cost, availability, ease of handling, animal response to surgical procedure, target 
vessel diameter and length, and target physiology. Optimally, an animal model 
needs to be selected that meets most of these criteria. It is best to match site and 
diameter to test the hemodynamics and implantability; use longer grafts (>4 cm) to 
test patency; select the type of anastomosis (end to end, end to side) to test shear 
stress; or select species that exhibit similar immunogenicity and thrombogenicity 
mechanisms as those at work in humans. The type of analysis, for example, serial 
imaging or monitoring versus a single measurement at the end of the experiment – is 
also important in determining the choice of animal model. Secondly, similarity to 
human physiology is one major factor that is considered when assessing criteria 
specifi cally related to translational studies. For example, ovine and nonhuman pri-
mate models show greater similarity to humans in terms of thrombogenicity mecha-
nisms as compared to dogs or pigs. On the other hand, dogs exhibit lack of 
spontaneous endothelialization of vascular grafts, and they tend to be hyperthrom-
bogenic, similar to humans. These two features make the dog model more stringent 
for vascular grafts testing. By contrast, lack of similarity in vascular dimensions and 
hemodynamics makes small animals like mice and rats poor models for long-term 
grafts evaluation. However, the plethora of transgenic mice presents a very useful 
resource to dissect molecular mechanisms related to immune response, remodeling, 
vascular reactivity, and other aspects of graft physiology. Sometimes the age and 
gender of recipient animals also should be mentioned. The age of recipient animals 
may affect the microenvironmental factors that are critical for successful grafting 
and long-term tissue regeneration. As the concerns of animal rights and limitations 
on the use of nonhuman primate increase, the pig and sheep models have become 
more widely used in recent years. In addition to the ethical considerations, cost is 
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also a factor, making the pig and sheep the models of choice. There are no absolute 
ideal animal models or international consensus on standards associated with the 
development and testing of vascular grafts. The lack of standardized models makes 
it diffi cult to compare results among investigators. In order to best evaluate the 
implantation of vascular grafts in such a variety of animal models, it requires opti-
mal model selection and use of proper internal controls [ 20 ]. 

 In the next section, we will discuss other factors that infl uence vascular regenera-
tion and their long-term patency and function. Among these factors, we focus on the 
selection of suitable polymers, their degradation and elasticity, the scaffolds’ struc-
ture, and necessary functional modifi cation to the scaffolds.   

11.2     Selection of Polymers for Vascular Grafts 

11.2.1     Synthetic Polymers 

  ePTFE     Initial vascular prostheses used nondegradable polymers like ePTFE or 
Tefl on. Polytetrafl uoroethylene (PTFE) was patented by DuPont as Tefl on in 1937, 
and ePTFE was patented by Gore as Gore-Tex in 1969. ePTFE is an expanded poly-
mer which is manufactured by a heating, stretching, and extruding process resulting 
in a non-textile porous tube [ 21 ]. The ePTFE tubes have an electronegative luminal 
surface that is antithrombotic. A 5-year patency of 91–95 % is achieved when used 
as arterial substitute with neither transanastomotic nor transmural endothelializa-
tion of this graft. Although these substitutes dominat the clinical market of vascular 
substitutes for large-diameter vessels, vascular regeneration is nil, and lack of 
patency limits the use of these as small vessel substitutes and further regeneration. 
Decreased patency (45 %) is observed when it is used in femoropopliteal bypass 
surgery [ 22 ]. Several attempts have been adopted to improve the patency of 
ePTFE. Studies showed that seeding ePTFE graft with autologous endothelial cells 
(ECs) can give adequate ECs coverage. Patency was improved considerably in dogs 
when compared to unseeded ePTFE grafts [ 23 ]. Compared with degradable materi-
als, long immune response can be induced due to its nondegradable properties. Last 
but not the least, ePTFE is much stiffer than arteries or veins. Those problems limit 
their use in current practice.  

  PCL      Poly (ε-caprolactone) (PCL) is a promising polymer for the construction of 
small-diameter vascular grafts due to its good biocompatibility, suitable mechanical 
strength, and slow biodegradation rate. Pektok et al. [ 24 ] compared the electrospun 
PCL grafts and the ePTFE grafts (2 mm diameter) by implanting them in rat abdom-
inal aorta for 24 weeks. They found that PCL grafts showed better healing charac-
teristics than ePTFE grafts. Fast endothelialization and extracellular matrix (ECM) 
formation, accompanied by degradation of graft fi ber, seem to be the major advan-
tages of PCL vascular graft. Walpoth’s group [ 4 ] implanted electrospun PCL 
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 vascular grafts into rat abdominal aorta. Results showed no aneurysmal dilation, 
perfect patency, excellent structural integrity, and limited intimal hyperplasia 
throughout the study. Endothelialization, cell invasion, and neovascularization of the 
graft wall rapidly increased until 6 months. However, from 6 to 18 months, regres-
sion of cell number and capillary density and severe calcifi cation were observed 
within the graft wall. The calcifi cation may be linked to the hypoxic conditions and 
oxidative stress due to the graft dense fi brous structure or the local low compliance. 
Kong’s group [ 5 ] fabricated a macroporous electrospun PCL grafts with thicker 
fi bers (5–6 μm) and larger pores (~30 μm). They demonstrated that thicker-fi ber 
electrospun PCL vascular grafts could enhance vascular regeneration and remodel-
ing process by mediating macrophage polarization into M2 phenotype.  

  PLCL     Poly(l-lactide-co-ε-caprolactone) (PLCL) copolymers have been applied as 
a biomaterial for the construction of vascular grafts due to the high elastic proper-
ties. In previous reports, PLCL vascular grafts were fabricated by an extrusion- 
particulate leaching technique, but there were a few problems for extruded PLCL 
grafts in cell seeding effi ciency, cell ingrowth, and mechanical strength. Sang-Heon 
et al. [ 25 ] fabricated and characterized a new tubular, macroporous, fi brous PLCL 
(5:5) graft using gel spinning. Compared to extruded PLCL scaffolds, the fi brous 
PLCL scaffold showed improved biological activities, such as cell seeding effi -
ciency and proliferation, and improved mechanical properties, such as tensile 
strength and viscoelastic properties. Shafi q et al. [ 26 ] fabricated scaffolds by mixing 
appropriate proportions of linear PLCL and substance P (SP)-immobilized PLCL, 
using electrospinning to develop vascular grafts. PLCL-SP showed signifi cantly 
higher host cell infi ltration, blood vessel formation, and mesenchymal 
stem cells (MSCs) recruitment in vivo. Mun et al. [ 27 ] seeded VCMSs onto electro-
spun PLCL scaffolds to construct a three-dimensional network. The vascular grafts 
constructed using cell-matrix engineering were similar to the native vessels in their 
mechanical properties, such as tensile strength, tensile strain, and e-modulus.  

  PGA     Poly(glycolic acid) (PGA) is a polyester obtained by the ring-opening polym-
erization of glycolide. Cho et al. [ 28 ] fabricated a hybrid biodegradable polymer 
scaffold from PLCL copolymer reinforced with PGA fi bers. The PGA/PLCL vascu-
lar patches were seeded with ECs and VSMCs differentiated from bone marrow stro-
mal cells (BMSCs) and implanted in the inferior vena cava (IVC) of bone marrow 
donor dogs. Compared with PLCL scaffolds, PGA/PLCL scaffolds exhibited tensile 
mechanical properties more similar to those of dog inferior vena cava. Eight weeks 
after implantation, the vascular patches remained patent with no sign of thrombosis, 
stenosis, or dilatation. Kobayashi et al. [ 29 ] produced the composite nanofi ber com-
posed of PGA and collagen to accomplish the recruitment of host cells and periph-
eral blood vessels without the bio-derived matter-like growth factors. Structural 
analysis revealed that the fi ber has the sheath-core-like structure in which the surface 
region is abundant in PGA and the core region is abundant in collagen. The results 
of the animal experiment demonstrated that the PGA-collagen nanofi ber sponge was 
entirely populated and vascularized within 5 days after the implantation. Rapoport 
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et al. [ 30 ] utilized electrospinning technique to form tubular scaffold composites 
with structural features reminiscent of the corrugated laminae seen in blood vessels. 
This tubular scaffold was fabricated with complex “J”-shaped behavior through the 
use of elastic polyurethane and reinforcing polyglycolic acid (PGA) woven mesh. 
The mechanical behavior of this tubular scaffold achieved from a low-stiffness 
highly elastic zone giving rise to a high-stiffness zone, and the value of burst pres-
sures and toughness was 3095 ± 1016 mmHg and 6.3 ± 1.9 MJ/m 3 , respectively.  

  PLA     Poly(lactic acid) (PLA) is a biodegradable thermoplastic polyester that can 
be produced through ring-opening polymerization of lactic acid. Since lactic acid is 
a chiral molecule, it exists in two forms, D-PLA and L-PLA. Poly(l-lactic acid) 
(PLLA) is the result of L-PLA polymerization. Zhu et al. [ 31 ] reported novel scaf-
folds which were fabricated by co-electrospinning collagen/chitosan and PLA. The 
scaffolds had a more biomimetic structure than PLA, as the fi ber diameters 
approached the size of the ECM. Axially aligned nanofi brous matrices were evalu-
ated as small-diameter cardiovascular grafts. Sankaran et al. [ 32 ] fabricated a graft 
using the PLA and PCL physical blends in the ratios of 75:25 and 25:75 by electro-
spinning. Hydrophobicity and tensile stress were signifi cantly higher in PLA-PCL 
(75:25), whereas tensile strain and fi ber density were signifi cantly higher in PLA- 
PCL (25:75). Human umbilical vein endothelial cells (HUVECs) adhesion experi-
ment showed cell viability and proliferation were rationally infl uenced by the 
aligned nanofi bers, and gene expression revealed the grafts’ thromboresistivity, 
elasticity, and aided neovascularization. A graft comprised of a polyetherurethane 
scaffold and sealed with polyethylene glycol (PEG)/PLA copolymer exhibited good 
compliance, and the compliance increased with the degradation of the PEG/PLA 
components in vitro. Yet, when implanted in vivo, the compliance reduced 20 % 
after 12 weeks [ 33 ].  

  PGS     Polycondensation of glycerol and sebacic acid forms the elastomeric 
poly(glycerol sebacate) (PGS). PGS shows appreciable mechanical properties and 
biocompatibility and degrades within 2 months in vivo [ 34 ]. In vitro hemocompat-
ibility evaluation of PGS-based biphasic scaffolds were shown to be nonthrombo-
genic compared to other synthetic grafts [ 35 ]. Single-layered three-dimensional 
microfl uidic PGS scaffolds also achieved biomimetic fl uid properties [ 36 ]. Wang’s 
group investigated the effect of pore size in PGS porous scaffold on VSMCs orga-
nization. They found that pores of 25–32 μm increased VSMCs alignment, elastin, 
and collagen production [ 37 ]. Subsequently, Wang’s group fabricated a PGS porous 
tube with an average pore size of 21.2 ± 0.79 μm enveloped by a thin PCL fi ber 
sheath [ 38 ]. After implanting the cell-free biodegradable elastomeric grafts into rat 
abdominal aorta, they found that the grafts degraded rapidly to yield neoarteries 
nearly free of foreign materials at 3 months. Based on this success, Khosravi et al. 
[ 39 ] developed a novel method for electrospinning smaller grafts composed of a 
PGS microfi brous core enveloped by a thin PCL outer sheath. Electrospun  PGS- PCL 
composites were implanted as infrarenal aortic interposition grafts in mice and 
remained patent up to the 12-month endpoint without thrombosis or stenosis.  
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  PU     Polyurethane (PU) exhibits good biocompatible, optimum tensile strength and 
high elasticity, which make it an appealing choice for construction of small- diameter 
vascular conduits [ 40 ]. Recently, results of a study indicated intravascular implant 
patency of 95 % when an electrospun PU scaffold was implanted into the abdominal 
aorta of rats. Luminal surface was covered with intact endothelial cell lining, and 
there was no evidence of neointima formation [ 41 ]. He et al. [ 42 ] investigated the 
performance of small-caliber PU vascular prosthesis generated using the electros-
pinning technique. The results showed that cell proliferation was not inhibited as the 
small-caliber PU synthetic vascular grafts showed little cytotoxicity. The endothe-
lial cells had faster adherence to the PU scaffolds than to the PTFE surface during 
the initial contact. Punnakitikashem et al. [ 43 ] prepared a biodegradable fi brous 
scaffold that contained biodegradable elastic polyurethane urea (BPU) and the drug 
dipyridamole (DPA) by electrospinning. The resulting scaffolds had tensile strengths 
and strains comparable with human coronary artery. It confi rmed that the DPA- 
loaded BPU scaffolds could extend human blood clotting time and reduce human 
platelet deposition and hemolysis. Furthermore, the DPA-loaded BPU scaffolds had 
no adverse effect on human aortic endothelial cell growth, yet it improved their 
proliferation. Thermoplastic polyurethane (TPU) as a class of PU has linear seg-
mented molecular chains, good processability, high elongation, and excellent bio-
compatibility. Bergmeister et al. [ 44 ] investigated the biocompatibility of TPU 
grafts in vitro and in vivo. TPU grafts showed signifi cantly increased endothelial 
cell proliferation in vitro. Population by host cells increased signifi cantly in the 
TPU conduits within 1 month of implantation. After long-term implantation, TPU 
implants showed 100 % patency (ePTFE: 93 %) with no signs of aneurysmal dilata-
tion. Enayati et al. [ 45 ] also evaluated biodegradable TPU vascular graft by implant-
ing into the infrarenal aorta of rats. After 1 month the results showed that the porous 
structure of the TPU graft allowed cell migration and proliferation, resulting in a 
highly cellular graft.  

  PHA     Polyhydroxyalkanoate (PHA) is a polyester produced by microbes like bac-
teria under nutrient-limited conditions with excess carbon supply [ 46 ]. PHA shows 
good biocompatibility and a wide range of mechanical properties and biodegrada-
tion rates. These make it attractive for vascular conduit construction. A 7-mm-long 
PHA-PGA tubular scaffold seeded with ovine carotid artery cells, implanted into a 
lamb aorta, showed patency for 5 months and stress-strain behavior similar to a 
native vessel [ 47 ].   

11.2.2     Natural Polymers 

 Collagen is the major component of the ECM in the body. It is a structural protein 
whose main function is to provide mechanical integrity to different tissues and 
organs such as tendon, bone, etc. Collagen gels as scaffolds for engineering vascular 
substitutes were fi rst reported by Weinberg CB in 1986 in the fi rst attempt to 
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produce a tubular construct in vitro that mimicked the structure of an artery [ 48 ]. 
Building on his early work, Achilli et al. [ 49 ] investigated UV-C-treated collagen 
gels to improve the integrity of collagen-based scaffold by adding cross-links. 
Schutte et al. [ 50 ] used a bioreactor to apply mechanical conditioning through cyclic 
strain. Mechanical stimulation improved tissue strength through increasing collagen 
content as well as some radial tissue compaction. Wu et al. [ 51 ] cocultured the endo-
thelial and smooth muscle cells on a collagen membrane. This tissue-engineered 
vascular substitute had not only enough tensile strength and good biocompatibility 
but also advanced vascular regeneration. 

 Elastin is a protein normally found in the wall of arteries and in several mam-
malian tissues. Its main function is to provide elasticity, allowing high strain and 
effi cient elastic energy storage in arteries, to ensure blood fl ow and perfusion to the 
rest of the body’s tissues. Leach et al. [ 52 ] recently detailed a protocol to process 
elastin with ethylene glycol diglycidyl ether (EGDE), a diepoxy cross-linker, to 
develop an elastin-based scaffold. In order to imitate the native three-layered archi-
tecture, Koens et al. [ 53 ] prepared a triple-layered construct consisting of elastin 
and collagen. The highly purifi ed type-I collagen fi brils and elastin fi bers used did 
not evoke platelet aggregation in vitro. Some researchers also discovered that elas-
tin addition to a porous collagen scaffold played a major role in altering its biologi-
cal and mechanical response [ 54 ]. Smith et al. [ 55 ] fabricated cross-linked 
suture-reinforced polydioxanone (PDO)-elastin tubes. These tubes exhibited a 
range of compliance values, including those matching native artery. These tubes 
display many characteristics of the ideal small-diameter grafts. 

 Fibrin is an insoluble body protein largely involved in blood clotting. It is formed 
through fi brillogenesis of a monomer (called fi brinogen) that fl ows in the blood. In 
2000, Ye et al. [ 56 ] prepared a three-dimensional matrix of fi brin gel for cardiovas-
cular tissue engineering and reported uniform cell growth and collagen deposition 
into the gel. Syedain et al. [ 57 ] fabricated a tissue-engineered arteries based on 
entrapment of human dermal fi broblasts in fi brin gel. The completely biological vas-
cular grafts that possessed circumferential alignment characteristic of native arter-
ies, which was essential to their mechanical properties. Recently, this group 
confi rmed that hypoxia coupled with insulin supplementation was also shown to 
improve the strength of fi brin-based tissue-engineered vascular grafts (TEVGs) by 
enhancing collagen deposition in the entrapped cells [ 58 ]. Additionally, Swartz et al. 
[ 59 ] have examined a fi brin-based TEVGs in an ovine model. In this study, fi brin 
tubes with entrapped vascular VSMCs were implanted as vein interposition grafts in 
lambs. At 15 weeks of postimplantation, TEVGs exhibited remarkable matrix 
remodeling with production of collagen and elastin fi bers and orientation of VSMCs 
perpendicular to the direction of blood fl ow. Implanted vessels gained signifi cant 
mechanical strength and reactivity that were comparable to those of native veins. 

 Chitin is, after cellulose, the most common polysaccharide found in nature. 
Chupa et al. [ 60 ] introduced a method to produce a porous scaffold by freezing and 
lyophilizing chitosan. Ling et al. [ 61 ] used a mesh of knitted chitosan fi bers, coated 
in a chitosan and gelatin solution and then freeze-dehydrated. The scaffold pos-
sessed proper swelling property, burst strength of almost 4000 mmHg, and high 
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suture retention strength. An alternative, constructed from cross-linked and freeze- 
dried chitosan and collagen, had also been shown to support vascular cell adhesion 
and proliferation, and additionally, exhibited suitable biocompatibility in vivo when 
implanted in rabbit livers [ 62 ]. Chitosan could also be fabricated with PCL by 
sequential quantity grading co-electrospinning. To prevent thrombosis, researchers 
used heparinization and immobilization of vascular endothelial growth factor 
(VEGF) in the gradient CS/PCL [ 63 ]. 

 Hyaluronic acid (HA) (or sodium hyaluronate) is a non-sulfated glycosamino-
glycan (GAG). It is comprised of linear, unbranching, polyanionic disaccharide 
units consisting of glucuronic acid and N-acetyl glucosamine. Milella et al. [ 64 ] 
characterized the physicochemical properties of nonwoven hyaluronan benzylic 
esters (Hyaff 11) as a tissue engineering scaffold. Zhu et al. [ 65 ] developed a suit-
able intimal layer scaffold for endothelialization using novel humanlike collagen/
HA. The result showed the scaffold with an interconnected porous network, better 
mechanical properties, and excellent biocompatibility. Joo et al. [ 66 ] reported 
that bioactive HA could be chemically modifi ed into hyaluronic acid-catechol by a 
single-step method. This method could enhance endothelialization in vitro. 

 ECM serves as a biologically active scaffold on which cells can migrate or 
adhere. Li et al. [ 67 ] demonstrated that elastin haploinsuffi ciency led to compensa-
tory increase in VSMCs number which resulted in profound arterial thickening. It 
may regulate the phenotype of the cells. It has been demonstrated that VSMCs rap-
idly lose their contractile apparatus and adopt a synthetic phenotype in culture [ 68 ]. 
The ECM serves as an anchor for many proteins including growth factors and 
enzymes such as proteases and their inhibitors. 

 Rothuizen et al. [ 69 ] presented a novel approach to generate autologous tissue- 
engineered blood vessels (TEBVs) in vivo. Polymer rods were engineered and 
implanted, evoking an infl ammatory response that culminates in encapsulation by a 
fi brocellular capsule. After 4 weeks, rods with tissue capsules grown around it were 
harvested. Tissue capsules were grafted bilaterally as carotid artery interposition. 
Patency was 100 % after 1 week and 87.5 % after 4 weeks. Wall thickness and 
α-smooth muscle actin (α-SMA)-positive area signifi cantly increased. The lumen 
was largely covered with ECs. 

 By combining ultrahigh hydrostatic pressure (UHP)-decellularized ostrich 
carotid arteries with the peptide modifi er, Mahara et al. [ 70 ] created a tissue- 
engineered small-caliber long-bypass grafts measuring 20–30 cm in length and hav-
ing a 2-mm inner diameter. A novel peptide modifi er containing a collagen-binding 
peptide sequence and an endothelial cell-binding sequence improved the affi nity of 
the luminal surface for endothelial cells. The decellularized carotid artery modifi ed 
with the peptide demonstrated good patency and stable pulsatile blood fl ow in 
pig femoral-femoral bypass model. 

 Small intestinal submucosa (SIS) is a natural biodegradable material derived 
from the small intestine of vertebrates, usually from swine. Vascular grafts were 
engineered using SIS-fi brin hybrid scaffold and implanted interpositionally into the 
arterial circulation of an ovine model. No occlusions or anastomotic complications 
were observed in 18 animals that received these grafts. Notably, the grafts exhibited 
unprecedented levels of host cell infi ltration [ 71 ].  
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11.2.3     Hybrid Materials: Synthetic and Natural Polymers 

 Autologous saphenous vein is used as a conduit to bypass atherosclerotic lesions in 
both the coronary artery (coronary artery bypass graft surgery [CABG]) and in fem-
oral arteries (infrainguinal bypass graft surgery [IIBS]). Despite the undoubted suc-
cess and benefi ts of the procedures, graft failure occurs in 50 % of cases within 10 
years after surgery. A principal cause of late vein graft failure is intimal and medial 
hyperplasia caused by medial vascular VSMCs migration, proliferation, and ECM 
deposition, followed later by superimposed atherosclerosis. These changes directly 
compromise graft blood fl ow and provoke thrombosis. 

 Jeremy et al. [ 72 ] studied the effect of external synthetic stents and sheaths in 
pig models of vein into artery interposition grafting and showed a profound effect 
on vein graft remodeling and thickening. It has been clearly demonstrated that 
external synthetic stents or sheaths elicit a complete inhibition of neointima for-
mation, an axiomatic lesion in vein graft disease, and an overall reduction of graft 
thickening. These effects appear to be mediated by the promotion of angiogenesis 
which is mediated by the accumulation of a proangiogenic exudate in the space 
between the graft and the sheath or stent. Macroporosity is also a crucial factor 
since it allows for a fully integrated and functional microvascular system to 
develop. Ultimately, they suggest that the profound local accumulation of infl am-
matory cells, in particular, macrophages and giant cells, play a key role in that 
they initiate accumulation of ECs and VSMCs in and around the material and 
promote angiogenesis. Another facet of the external stents or sheaths is that they 
impose symmetry on the graft. 

 Decellularized xenografts are commonly used as a tissue engineering substitute 
for vascular reconstructive procedures. Although acellular allogeneic vascular grafts 
have good histocompatibility and antithrombotic properties, the decellularization 
process may damage the biomechanics and accelerate the elastin deformation and 
degradation, fi nally resulting in vascular graft expansion and even aneurysm forma-
tion. Here, to address these problems, Gong et al. [ 73 ] combined synthetic polymers 
with natural decellularized small-diameter vessels to fabricate hybrid tissue- 
engineered vascular grafts (HTEV). The donor aortic vessels were decellularized 
with a combination of different detergents and dehydrated under a vacuum freeze- 
drying process. PCL nanofi bers were electrospun outside the acellular aortic 
 vascular grafts to strengthen the decellularized matrix. The intimal surfaces of the 
hybrid small-diameter vascular grafts were coated with heparin before the allograft 
transplantation. Mechanical testing of scaffolds showed that electrospun PCL fi bers 
signifi cantly enhanced the biomechanics of decellularized vessels. Vascular ultra-
sound and micro-CT angiography showed that all grafts after implantation in a rat 
model were satisfactorily patent for up to 6 weeks. Electrospun PCL fi bers success-
fully prevented the occurrence of vasodilation and aneurysm formation after trans-
plantation and reduced the cell infl ammatory infi ltration. 

 Hemodynamic factors play a major role in the development of intimal hyperpla-
sia and subsequent bypass failure. To evaluate the potential protective effect of 
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external reinforcement on such a failure, Longchamp et al. [ 74 ] developed an ex vivo 
model for the perfusion of segments of human saphenous veins under arterial shear 
stress. The data showed that, in an experimental ex vivo setting, an external scaffold 
decreased intimal hyperplasia and maintained the integrity of veins exposed to arte-
rial pressure, via increase in shear stress and decrease wall tension, that likely con-
tributed to trigger selective molecular and cellular changes. Ex vivo, such 
reinforcement prevented the dilatation of the vessel, decreased the development of 
intimal hyperplasia, and preserved the architecture of the media layer by reducing 
the apoptosis of VSMCs and subsequent fi brosis. At the molecular level, the mesh 
prevented the upregulation of matrix metalloproteinases (MMP-2, MMP- 9) and 
plasminogen activator type I, which are involved in the remodeling of the ECM.   

11.3     Fabrication of Vascular Grafts 

 To date, numerous techniques such as electrospinning, particle leaching, melt spin-
ning, and 3D printing have been used to fabricate vascular grafts with synthetic and 
natural materials. Each of these methods has its own unique advantages and disad-
vantages. Microstructure of vascular grafts formed by those methods has a great 
effect on their regeneration and remolding. An important factor in vascular grafts is 
pore size. Too small pores will hinder cell infi ltration, but too large pores can cause 
problems such as blood leakage. Current studies tend to fabricate vascular grafts 
using combination of two or more approaches. The following are some typical tech-
nique usually applied in fabrication of polymer-based vascular grafts. 

 Electrospinning is the most commonly used method to fabricate vascular graft. It 
is a simple and effective way to produce fi bers ranging from 50 nm to 10 μm. It 
consists of a syringe pump, a high-voltage power supply, a grounded iron rod, and 
a spinneret. Using this technique, fi bers are collected on the target and can be modi-
fi ed by regulating parameters such as rod rotating speed, voltage, fl ow velocity, and 
solution concentration. As discussed in greater detail above, a number of synthetic 
and natural polymers have been explored for the fabrication of nanofi bers [ 75 ]. 
Walpoth’s group fabricated PCL vascular grafts by electrospinning and evaluated 
the long-term performance of grafts in the rat abdominal aorta replacement model. 
Results showed excellent structural integrity during 18 months, with no aneurysmal 
dilation, and perfect patency with no thrombosis and limited intimal hyperplasia. 
However, calcifi cation took place on the medium term, and a cellular regression was 
observed at 12 and 18 months [ 4 ]. In order to prevent blood leakage and facilitate 
cell infi ltration and applicability of vascular grafts in the clinic, bilayered grafts 
were prepared by electrospinning a high-porosity layer with a low-porosity layer on 
external or internal side. In vitro blood leakage through these bilayered grafts was 
signifi cantly reduced compared with a high-porosity graft. The study showed that 
most of the cellular infi ltration came from the graft surrounding tissues and not from 
the blood fl ow [ 76 ]. This phenomenon owns important directive signifi cance for 
fabrication of biodegradable vascular grafts. 
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 Limited cell infi ltration into the grafts will hamper the regeneration and remodel-
ing of the grafts into neoarteries. To overcome this problem, macroporous electros-
pun PCL grafts with thicker fi bers (5–6 μm) and larger pores (30 μm) were fabricated 
in Kong’s lab. In vivo implantation by replacing rat abdominal aorta demonstrated 
that the macroporous grafts markedly improved cell infi ltration and ECM secretion. 
The regenerated arteries demonstrated contractile response to adrenaline and 
acetylcholine- induced relaxation. Analysis of the cellularization process revealed 
that the thicker-fi ber scaffolds induced a large number of M2 macrophages to infi l-
trate into the graft wall, which further promoted cellular infi ltration and vasculariza-
tion [ 5 ] (Fig.  11.1 ). Regeneration of VSMCs with circumferential orientation within 
the grafts is crucial for functional vascular reconstruction in vivo. Thus, Kong’s lab 
designed a bilayered vascular graft, of which the internal layer was composed of 
circumferentially aligned microfi bers prepared by wet spinning and an external 
layer was composed of random nanofi bers prepared by electrospinning. The internal 
circumferentially aligned microfi bers provided topographic guidance for in vivo 
regeneration of circumferentially aligned VSMCs, and the external random nanofi -
bers could offer enhanced mechanical property and prevent bleeding during and 
after graft implantation (Fig.  11.2 ). The results demonstrated that the circumferen-
tially oriented VSMCs and longitudinally aligned ECs were successfully regener-

  Fig. 11.1    Schematic illustrates that the pore size of electrospun PCL grafts may modulate the 
polarization of macrophages phenotype (Reprinted from Ref. [ 5 ] with permission, Copyright 2014 
Elsevier Ltd.)       

 

11 Regeneration of Blood Vessels



328

ated in vivo after the bilayered vascular grafts were implanted in rat abdominal 
aorta, and the regenerated neoartery exhibited contraction and relaxation property in 
response to vasoactive agents [ 77 ].

    Despite great progress has been made over recent decades and various techniques 
have been developed to fabricate a TEVGs, only one kind of polymer-based graft 
has been successfully executed in clinical application, which was described by 
Hibino et al. in 2001 in a high-fl ow, low-pressure pulmonary venous system. A 
hybrid biodegradable polymer vascular graft degrade within a certain period of time 
was fabricated by pouring a solution of the copolymer of PCL-PLA (50:50) onto the 
PGA woven fabric sheet, followed by freeze-drying [ 78 ]. Twenty fi ve grafts were 
implanted (median patient age, 5.5 years) and underwent a Fontan procedure under 
informed consent and institutional review board approval. Six of these 25 patients 
died, although no graft-related mortality occurred. There was no evidence of aneu-
rysm formation, graft infection, graft rupture, or ectopic calcifi cation [ 79 ,  80 ]. 

 Particle leaching method also has been developed for fabrication of vascular 
grafts. Wang’s lab developed bilayered vascular grafts composed of PGS layer fab-
ricated by salt leaching method and PCL sheath generated by electrospinning which 
increased graft strength and prevented bleeding. Three months’ postimplantation in 
rat abdominal aorta, the neoarteries resembled native arteries in several aspects: a 

  Fig. 11.2    ( a  Schematic 
illustration shows the 
circumferentially aligned 
microfi bers of the grafts 
which guide VSMCs’ 
regeneration in 
circumferential orientation. 
( b ) The bilayered grafts are 
prepared by wet spinning 
and electrospinning 
method (Reprinted from 
Ref. [ 77 ] with permission. 
Copyright 2015 Elsevier 
Ltd.)       
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confl uent endothelium and contractile smooth muscle layers and regular, strong, 
and synchronous pulsation [ 38 ]. The long-term study showed that the neoarteries 
contained nerves and had the same amount of mature elastin as native arteries and 
responded to vasomotor agents, although with smaller magnitude than native aortas 
[ 81 ]. Also, Wu’s study confi rmed that the thickness and density of PCL sheath in 
bilayered grafts could affect the vascular remodeling and regeneration [ 82 ]. 

 Sugar spheres can also be used as porogen to produce highly interconnected 
vascular graft by several steps. Polymer solution was fi rstly cast into an assembled 
sugar template under a mild vacuum. The polymer-sugar composite was phase sepa-
rated at low temperature overnight and then immersed into cyclohexane to exchange 
Tetrahydrofuran (THF). The consequential composites were freeze-dried, and the 
sugar spheres were leached out in distilled water and freeze-dried again. In vivo 
subcutaneous implantation studies indicated VSMCs differentiation and host tissue 
infi ltration in the scaffolds [ 83 ]. A thin dense layer needed to prevent leakage of 
blood after this kind of macroporous vascular graft was implanted in vivo. 

 The technique of phase separation can generate macroporous scaffolds which 
can increase cell migration and cell seeding effi ciency. Polymer dissolution is pro-
cessed by liquid-liquid phase separation and polymer gelation to generate a nanofi -
brous sponge. Then the solvent is extracted and the foam is freeze-dried. Many 
parameters such as gelation temperature, polymer concentration, solvent character-
istics, and thermal treatment can affect scaffolds morphology, Young’s modulus, 
and tensile strength. Ma’s lab developed a porous vascular grafts with biodegrad-
able PLLA through thermally induced phase-separation (TIPS) techniques. The 
grafts with oriented gradient microtubular structures in the axial or radial direction 
can be produced by utilizing different thermal conductivities of the mold materials 
and using benzene as the solvent. The porosity, tubular size, and the orientational 
direction of the microtubules can be regulated by the TIPS temperature, the polymer 
concentration, and by utilizing materials of different thermal conductivities [ 84 ]. 

 Bilayered vascular grafts of poly(ester urethane) urea (PEUU) were fabricated 
by electrospinning and TIPS and implanted in vivo after seeded with pericytes. 
Cell-seeded TEVGs showed extremely higher patency rate than the unseeded con-
trol. The remodeled vascular grafts consisted of multiple layers of α-SMA- and 
calponin-positive cells and a von Willebrand factor-positive monolayer in the lumen 
[ 85 ,  86 ]. 

 Sugiura et al. developed a novel bioresorbable vascular graft with a porous PLCL 
sponge-type scaffold reinforced by PLA nanofi bers which is fabricated by 
 phase- separation method and electrospinning. The animal experiments show that it 
has potential to be applied as small-diameter arterial grafts [ 87 ]. 

 Despite these promising results from the preclinical studies, it is too early to 
evaluate the full potential of these grafts in clinical applications. Future studies 
should include long-term implantation of grafts in large animals as well as more 
rigorous functional evaluations.  
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11.4     Functional Modifi cation of Vascular Grafts 

11.4.1     Nitric Oxide-Releasing Materials 

 Commercialized Dacron, ePTFE, and microporous PU vascular prostheses have 
been widely used in clinical practice as large-diameter (>6 mm) vascular grafts. 
However, these polymers have been proven inadequate when used as small- diameter 
(<6 mm) grafts due to occlusion and restenosis. To solve this problem, researchers 
used different nitric oxide (NO)-based strategies to modify these polymer materials. 
NO-releasing materials were fi rstly reported by Smith et al. in 1996 [ 88 ]. Covalent 
attachment of NO donors directly to the polymer backbone has been recognized as 
a further route for fabrication of ePTFE bypass grafts (W.L. Gore & Associates, 
Inc.). NONOate formed by using gaseous NO demonstrates potent antiplatelet 
activity to predict the inhibition of thrombosis. Many researchers incorporated NO 
donors into PU to prepare novel NO-releasing materials for promoting graft endo-
thelialization while preventing thrombus formation and intimal hyperplasia. Among 
those studies, Fleser et al. [ 89 ] implanted small-diameter (5 mm) PU vascular grafts 
coated with a polymer containing the NO donors (dialkyl hexanediamine diazeni-
umdiolate) in a sheep arteriovenous bridge-graft model for 21 days. Approximately 
80 % of the NO-eluting grafts were found to remain patent in vivo compared with 
only a 50 % patency rate with control grafts. Although the improvement in patency 
between NO-releasing grafts and control grafts was not statistically signifi cant, con-
trol grafts contained signifi cant adherent thrombus and fi brin matrix with infl amma-
tory and red blood cells, an observation not found in NO-releasing grafts. 

 There has been substantial effort directed to fabricating materials that mimic 
endothelial properties. Kushwaha et al. [ 90 ] developed a nanofi brous matrix, which 
is formed by self-assembly of peptide amphiphiles (PAs), containing NO donating 
residues and Tyr-Ile-Gly-Ser-Arg (YIGSR) peptide sequence, a laminin-derived 
cell-adhesive peptide sequence. The NO-releasing nanofi brous matrix demonstrated 
a signifi cantly enhanced proliferation of ECs but reduced VSMCs proliferation and 
platelet attachment. Andukuri et al. [ 91 ] reported a similar design in which electro-
spun PCL nanofi bers were coated with NO-releasing PAs containing cell-adhesive 
ligands (YIGSR and KKKKK) by a solvent evaporation technique. The presence of 
YIGSR ligands and release of NO promoted the adhesion and proliferation of ECs 
while simultaneously limiting the adhesion and proliferation of VSMCs and the 
adhesion and activation of platelets. 

 Besides immobilization of NO donors on polymer matrix, there are many studies 
on modifi cation of polymers by catalysts for promoting the transfer of NO from NO 
donors in blood. Wang et al. [ 15 ] constructed a functional vascular graft by immo-
bilization of β-galactosidase on vascular graft surface for catalyzing prodrug to 
release NO locally and sustainably (Fig.  11.3 ). The functional vascular grafts were 
implanted into the rat abdominal aorta with a 1-month monitoring period. Results 
in vivo showed effective inhibition of thrombus formation and enhancement of 
 vascular tissue regeneration and remodeling on the grafts. Lewis and coworkers 
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modifi ed polyethylene terephthalate (PET) and PU with thiol groups that could pro-
mote the release of NO from S-nitrosothiol compounds (RSNO) naturally found in 
plasma and whole blood solutions and thus inhibited platelet adhesion [ 92 ,  93 ]. 
Chen et al. prepared a novel vascular graft in situ with catalytic generation of NO 
[ 94 ]. PGA and poly α-lysine were deposited alternately onto the surface of electro-
spun PCL matrices, and selenocystamine (SeCA) was loaded as a catalyst. Cellular 
compatibility of the new material was shown to be good in the fi broblast prolifera-
tion experiment. In biological function evaluations, the catalyst-loaded material 
could inhibit the spread of VSMCs in the presence of NO donors and prevent acute 
thrombosis when in contact with blood. An et al. developed an electrospun PCL 
matrix loaded with organoselenium-immobilized polyethyleneimine (SePEI) as NO 
donor catalyst via electrostatic layer-by-layer self-assembly [ 95 ]. This material 
revealed signifi cant NO generation when contacting NO donor S-nitrosoglutathione 
(GSNO). Modifi ed material could inhibit adhesion and spreading of VSMCs and 
promote proliferation of ECs. In addition, antithrombotic properties of these 
NO-generating materials were proven by reduced platelet adhesion and prevention 
of acute thrombosis.

  Fig. 11.3    Illustration for the enzyme immobilized on the vascular grafts to catalyze the decompo-
sition of exogenously administrated NO prodrug to release NO. ( a ) Pathway for the surface 
enzyme functionalization of PCL vascular grafts ( b ) (Reprinted from Ref. [ 15 ] with permission. 
Copyright 2015 Elsevier B.V.)       
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   Other studies demonstrated the immobilization of NO-releasing catalysts on the 
surface of stents for localized delivery of NO. Huang’s group coated metallic stents 
with titanium dioxide (TiO 2 ) fi lms, followed by immobilization of cystamine and 
selenocystamine (Se) on TiO 2  fi lm surface for catalytic generation of NO by decom-
posing endogenous S-nitrosothiols (RSNO) [ 96 ,  97 ]. Results in vitro showed that 
both modifi cations reduced collagen-induced platelet activation. In addition, the 
Se-modifi ed stents inhibited neointimal hyperplasia in dog femoral artery model. 
Recently, the group developed a NO-catalytic bioactive coating that obtained by 
covalent conjugation of 3,3-diselenodipropionic acid (SeDPA) with glutathione per-
oxidase (GPx)-like catalytic activity to generate NO from RSNO via specifi c cata-
lytic reaction [ 98 ]. Results in vivo showed SeDPA-PPAam-coated stents remarkably 
reduced neointimal stenosis compared with bare stent by promoting re- 
endothelialization and reducing proliferation and migration of VSMCs.  

11.4.2     Polypeptide Modifi cation 

 In general, biological recognition between cell-surface receptors and their ligands is 
the key switch to mediate cell migration and adhesion in physiological environ-
ments. Verhaar’s group reported that stromal cell-derived factor 1α (SDF1α)-derived 
peptides can be chemically modifi ed with a supramolecular fourfold hydrogen 
bonding ureido-pyrimidinone (UPy) moiety that allowed for the convenient incor-
poration of the UPy-SDF1α-derived peptides into a UPy-modifi ed polymer scaffold 
[ 99 ]. The chain-extended UPy-poly(l-lactic acid caprolactone) (CE-UPy-PLLCL) 
polymer was obtained by replacing the poly(2-methyle1, 3-propylene adipate) diol 
of chain-extended UPy-poly(2-methyle1, 3-propylene adipate) with poly(l-lactic 
acid caprolactone) diol. The CE-UPy-PLLCL and either the UPy-SDF1a(R) peptide 
or the UPy-SDF1a(NR) peptide were dissolved in a mixture of chloroform and 
hexafl uoroisopropanol and then produced fi brous tubular graft by electrospinning. 
This kind of graft can retain and stimulate leukocyte populations in an anti- 
infl ammatory, pro-tissue formation signaling environment. 

 Mahara et al. demonstrated the excellent patency of tissue-engineered small- 
caliber long-bypass grafts [ 70 ]. The inner surface of an acellular ostrich carotid 
artery was modifi ed with a novel heterobifunctional peptide composed of a 
collagen- binding region (Pro-Hyp-Gly) n , (POG) n , and the integrin α4β1 ligand, 
 Arg-Glu- Asp-Val (REDV), which was expressed on ECs and circulating endothe-
lial progenitor cells (EPCs). The (Pro-Hyp-Gly)  7  (POG 7 ) peptide was conjugated 
to Arg-GluAsp-Val (REDV) through Gly-Gly-Gly (G 3 ) spacer domain, which was 
termed (Pro-Hyp-Gly) 7 -Gly-Gly-Gly-Arg-Glu-Asp-Val (POG 7 G 3 REDV). 
Decellularized carotid arteries were immersed in this peptide solution and incu-
bated at 60 °C for 1 h and then cooled down to room temperature to accomplish 
peptide modifi cation. The modifi ed graft was transplanted into Gottingen minipig 
femoral arteries and observed for 20 days and received no anticoagulant medica-
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tion. Five cases were patent and no thrombogenesis was observed on the luminal 
surface. In contrast, all unmodifi ed grafts became occluded, and severe thrombosis 
was observed. This vascular graft is the fi rst successful demonstration of short-term 
patency at clinically applicable sizes. 

 The tripeptide sequence of Arg-Gly-Asp (RGD) was identifi ed by Pierschbacher 
and Ruoslahti in 1984 as a minimal essential cell adhesion peptide sequence in 
fi bronectin. Kong’s lab modifi ed electrospun PCL scaffold with RGD containing 
molecule (Nap-FFRGD) using a surface coating method. The Nap-FFRGD mole-
cule contains both the RGD peptide and hydrophobic naphthalene group, which 
can self-assemble onto hydrophobic PCL surfaces to form an RGD coating layer. 
The modifi ed surface was shown to improve hydrophilicity and enhance cell adhe-
sion and spread in vitro [ 100 ]. And then, the electrospun PCL grafts were func-
tionally modifi ed by Nap-FFGRGD molecule through self-resembling. The 
potential of the grafts as small-diameter vascular grafts was investigated in a rab-
bit carotid arterial implantation model. The modifi ed grafts exhibited an improved 
inhibition of platelet adhesion, enhanced cell infi ltration, endothelium formation, 
smooth muscle regeneration, and patency, which suggested that the as-prepared 
PCL-RGD graft may be a promising candidate for the small-diameter vascular 
grafts [ 101 ]. 

 The tetrapeptide, REDV, is a fi bronectin-derived peptide that can specifi cally 
bind to the α4β1 integrin, which is abundant on ECs, whereas scarce on VSMCs. 
Wang et al. constructed an NO and REDV dual modifi cated vascular graft and exam-
ined its effect on enhancing rapid in situ endothelialization. [ 102 ]. A macroporous 
electrospun PCL graft was prepared and modifi ed via layer-by-layer self-assembly. 
Assembly of PCL grafts was performed with constant-fl ow pumps driving the solu-
tions through the grafts at a very slow rate. To prepare catalyst-loaded material, 
deposition was continued until ten SePEI/hyaluronic acid (SePEI/HA) bilayers 
were obtained. To get REDV peptide functionalized material, a SePEI/HA-REDV 
bilayer was deposited after nine bilayers of SePEI/HA, and the sample was marked 
as PCL-(S/H) 9 -S/H-R. The cooperation of NO and REDV promoted ECs adhesion 
with an increased ECs/SMCs ratio in a coculture system. Grafts built by this method 
exhibited rapid endothelialization and a well-organized ECs pattern. The dual modi-
fi cation proposed in this study may be a promising approach to improve the endo-
thelialization and long-term performance of small-diameter vascular grafts. 

 Larsen et al. reported a peptide fl uorosurfactant polymer (FSP) biomimetic con-
struct that promoted ECs selective attachment, growth, shear stability, and function 
on ePTFE [ 103 ]. The peptide FSP consisted of a fl exible poly(vinyl amine) back-
bone with ECs-selective peptide ligands (primary sequence:  Cys-Arg-Arg-
Glu-Thr-  Ala-Trp-Ala-Cys, CRRETAWAC) and pendant fl uorocarbon branches for 
stable anchorage to underlying ePTFE. This peptide has demonstrated high binding 
affi nity for the α5β1 integrin found on ECs, which was attributed to Arg-Arg-Glu 
(RRE) motif interaction with the β1 subunit and Trp interaction with a Trp residue 
in the α5 integrin subunit. They demonstrated low affi nity of CRRETAWAC for 
platelets and platelet integrins, thus providing it with EC selectivity. This EC 
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 selectivity could potentially facilitate rapid in vivo endothelialization and healing 
without thrombosis for small-diameter ePTFE vascular grafts. 

 Zhou et al. reported that a short peptide REDV was linked to trimethyl chitosan 
(TMC) via a bifunctional (Polyethylene Glycol) PEG linker for the targeted deliv-
ery of microRNA-126 to vascular endothelial cells [ 104 ]. TMC was reacted with a 
bifunctional PEG, ω-2-pyridyldithio polyethylene glycol α-succinimidylester 
(OPSS-PEG-SCM), in distilled water for 6 h, allowing the primary amino groups on 
TMC to react specifi cally with the SCM group of the heterobifunctional PEG. After 
lyophilized, the obtained TMC-g-PEG-OPSS reacted with REDV-Cys to link the 
REDV peptide by means of a specifi c reaction between the OPSS group in TMC-g- 
PEG-OPSS and the thiol group in the REDV-Cys peptide. By REDV modifi cation, 
the TMC-g-PEG-REDV/miRNA complex showed negligible cytotoxicity, increased 
expression of miRNA-126, and enhanced ECs proliferation compared with the 
TMC/miRNA and TMC-g-PEG/miRNA complexes. It was suggested that the 
REDV peptide-modifi ed TMC-g-PEG polyplex could be potentially used as a 
miRNA carrier in artifi cial blood vessels for rapid endothelialization. 

 Ji et al. developed a method for the dual functionalization of a PCL surface 
through the supramolecular assembly technology [ 105 ]. Functionalization of PCL- 
cyclodextrin (PCL-CD) through host-guest inclusion complexation was performed 
in aqueous medium. PEG can decrease protein adsorption, and TPSLEQRTVYAK 
(TPS) peptide can specifi cally bind EPCs. The two kinds of functional molecu-
lar were immobilized on the PCL surface through host-guest inclusion complex-
ation (Fig.  11.4 ). Aqueous solution of adamantine (AD) conjugated guest compounds 
(PEG-AD and TPS-AD) alone or in combination was prepared. Typically, the total 
concentration of guest compounds was kept at 1 mg/mL irrespective of the compo-
sition. Then PCL-CD fi lms were put into the solutions, incubated and dried. The 
relative composition of the PEG and TPS could be further fi ne-tuned by adjusting 
the feeding ratio. The PEG functionation signifi cantly inhibited the adsorption of 
fi brinogens and the adhesion of platelets, thus reducing the possibility of thrombus 
formation. Moreover, the TPS-functionalized surface showed enhanced attachment 
toward EPCs compared with the one without TPS functionalization. The dual func-
tions provided by the corresponding functional molecules were well preserved, 
which indicated that the host-guest supramolecular assembly technology is particu-
larly useful for covalent immobilization of bioactive molecules onto polymeric 
scaffolds.

   Hydrophobin HGFI is a member of amphiphilic proteins, which can form a self- 
assembly layer on the surface of hydrophobic polymer scaffolds and convert their 
wettability. A fusion protein, TPS-linker-HGFI (TLH), which was composed of 
HGFI that originated from  Grifola frondosa  and functional peptide TPS, was 
expressed by  Pichia pastoris  expression system. PCL scaffolds were incubated 
overnight in a sterilized aqueous TLH solution, followed by blowing off the excess 
protein solution and drying in a super clean bench. Cell adhesion test showed that 
the TLH-modifi ed PCL could specially enhance the adhesion of ECs and EPCs 
[ 106 ,  107 ]. This work presented a new perspective to apply hydrophobin in tissue 
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engineering and regenerative medicine and provided an alternative approach in sur-
face modifi cation.  

11.4.3     Incorporation of Growth Factors 

 Endothelialization is a complex process that mainly relate to ECs adhesion, migra-
tion, proliferation and differentiation. Numerous growth factors are involved in the 
regulation of ECs activities and new blood vessel formation. So there are many 
researchers committed to investigate how to modify the artifi cial vascular graft with 
growth factors and other bioactive molecules. 

 Fibroblast growth factors (FGFs) can promote fi broblast mitosis, ECs migration, 
and VSMCs proliferation. Brewster et al. [ 108 ] engineered a thrombin-resistant 
mutant of FGF-1 through a lysine (K) for arginine (R) base substitution at residue 
136 (termed R136K), the primary thrombin-induced cleavage site Then R136K was 
bound to a collagen-binding domain (CBD) to generate R136K-CBD. Comparing 
with control group, the R136K-CBD has signifi cantly better angiogenic activity, 
ECs sprout lengthening, and mitogenic activity. 

 Researchers found that the regeneration potential of endogenous cells could be 
contributed to blood vessel regeneration. Since adult vascular cells lack expansion 
capability, it will be highly desirable to develop vascular grafts that can recruit 
endogenous stem cells or progenitor cells of both ECs and VSMCs. Stromal cell- 
derived factor-1a (SDF-1α) is considered to be a potent factor for EPCs homing and 
neovascularization. Yu et al. [ 109 ] use di-NH-PEG as a linker molecule and Sulfo- 
n- hydroxysuccinimide (NHS) and 1-ethyl-3-(3-dimethylaminopropyl)carbodiimide 
(EDC) as cross-linking agents, to make heparin connect to PLLA scaffold surface. 

  Fig. 11.4    Schematic illustration for the supramolecular assembly of functional molecules on the 
surface of PCL-CD fi lm (Reprinted from Ref. [ 105 ] with permission. Copyright 2013 American 
Chemical Society)       
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Following heparin conjugation, SDF-1α in PBS was incubated with the scaffolds 
over night at 4 °C to allow it to bind to heparin immobilized on the scaffolds. They 
implanted the heparin-SDF-1α-treated PLLA scaffold into the left common carotid 
artery of rats. The result demonstrated that heparin could stabilize the immobilized 
SDF-1α on microfi bers, which enhanced the self-regeneration capability of the 
grafts by recruiting EPCs and smooth muscle progenitor cells, contributing to endo-
thelialization and the remodeling of the vascular wall. 

 In small animals, transanastomotic cell ingrowth can trigger vascular regenera-
tion. That is very rare in humans. To prove that functional blood vessels can be 
formed in situ through the host infl ammatory response solely by circulating cells, 
Talacua et al. [ 110 ] utilize Gore-Tex sheet and masterly constructed a novel rat 
model. In addition, this group modifi ed PCL conduit with MCP-1 through impreg-
nating PCL conduit into fi brin gel added monocyte chemoattractant protein–1 
(MCP-1). Then the conduit was implanted into the abdominal aorta of rats, and an 
end-to-end anastomosis was made to a 4 × 10 mm 2  impenetrable Gore-Tex strip 
using 10-0 interrupted sutures distally and proximally of the electrospun tube. Then 
Gore-Tex was wrapped around the PCL in samples, creating an impenetrable outer 
layer. The results demonstrated that Gore-Tex shielding led to a signifi cant reduc-
tion of cell ingrowth from neighboring tissues and MCP-1 was benefi cial to endo-
thelialization and tissue formation. 

 VEGFs can induce enhancement of the endothelial functions that mediate the 
inhibition of VSMCs proliferation, suppression of thrombosis, and anti- 
infl ammatory effects. Thus, there are many approaches to immobilize VEGF on 
scaffold surface. Koobatian et al. [ 111 ] used NHS and EDC as cross-linking agents 
to make heparin bind to SIS surface, and the heparin-bound SIS was immersed in 
PBS with recombinant human VEGF-165 to make VEGF immobilize on the hepa-
rin surface by utilizing the heparin-binding domain. This acellular tissue-engi-
neered vessel was implanted into the carotid artery of an ovine model. The result 
showed that the grafts possessed of high patency rates, fast endothelialization, high 
elastin and collagen content, as well as impressive mechanical properties and vas-
cular contractility comparable to native arteries. Wang’s group also used heparin to 
immobilize VEGF to obtain the same effect [ 112 ]. PCL scaffolds were prepared by 
electrospinning, followed by treatment with ammoniating ethylenediamine (EDA). 
Heparin was covalently cross-linked through EDC and NHS. Finally, heparin-
loaded PCL was incubated with VEGF solution. Shin et al. [ 113 ] dissolved PLCL 
in chloroform and poured it onto a glass plate walled with aluminum tape and cov-
ered with aluminum foil. The polydopamine formed by oxidizing and cross-linking 
dopamine was coated on the PLCL fi lm. Subsequently, the polydopamine-depos-
ited fi lms were immersed and shaken in solutions containing growth factors for 
immobilization of VEGF. And they found that VEGF-immobilized substrate could 
effect on adhesion of HUVECs, signifi cantly enhance proliferation of HUVECs, 
and improve their migration. This modifi cation method could act as a versatile tool 
to modify surface characteristics of vascular grafts potentially for accelerated 
endothelialization. 
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 An ideal vascular graft should be noncytotoxic, nonthrombogenic, and infection 
resistant; have appropriate mechanical properties; minimize intimal hyperplasia; 
and support the regeneration of vascular tissue. In order to achieve these purposes, 
Han et al. [ 114 ] prepared a multilayered small-diameter vascular scaffold dual 
loaded with VEGF and platelet-derived growth factor-bb (PDGF). The multilayered 
grafts including inner, middle and outer layer were prepared by dual-source and 
dual-power electrospinning. The inner layer consisited of poly(ethylene glycol)-b- 
poly(Llactide-co-ε-caprolactone) (PELCL) and gelatin fi bers. The PELCL fi bers 
containing chitosan hydrogel loaded with VEGF were fabricated by suspension 
electrospinning. The middle layer consisted of PLGA and gelatin fi bers. The PLGA 
fi bers loading PDGF were prepared through emulsion electrospinning. The outer 
layer consisited of PCL and gelatin fi bers. The PCL fi bers were obtained via elec-
trospinning of PCL solution in chloroform with N,N-Dimethylformamide. All gela-
tin fi bers were fabricated by dissolving gelatin in tetrafl uoroethylene and 
electrospinning. The results suggested that the small-diameter vascular scaffold 
dual-loading VEGF and PDGF could enhance vascular regeneration maintain 
patency in rabbit left common carotid artery for 8 weeks. 

 Besides growth factors, researchers also adopted other bioactive molecules to 
modify the scaffolds to accelerate endothelialization. Lu et al. [ 115 ] used anti-
 CD133 antibody to coat the ePTFE grafts. After adsorption of PEI, dipped alter-
nately in heparin solution and collagen solution, synthetic ePTFE grafts coated with 
fi ve bilayers of heparin/collagen were prepared. Then the multilayers were immersed 
in glutaraldehyde to promote cross-linking and to immobilize the anti-CD133 anti-
body. Finally, they implanted the graft into the carotid artery of pig. The results 
demonstrated that these synthetic ePTFE grafts coated with anti-CD133 antibody- 
functionalized heparin/collagen multilayer may achieve rapid endothelialization.  

11.4.4     Gene Modifi cation 

 Dannowski et al. [ 116 ] developed a nonviral gene carrier based on liposomes and 
transfected plasmids coding for the acidic fi broblast growth factor (aFGF) and 
enhanced green fl uorescent protein (eGFP) into human corneal ECs. The transfec-
tion effi ciency, toxicity of the gene carriers, and the proliferation of ECs were inves-
tigated. The liposome gene carrier showed high transfection effi ciency. 

 Vein graft failure caused by narrowing and occlusion after coronary artery bypass 
grafting with saphenous veins is a major clinical problem and is an important target 
for gene therapy. Akowuah et al. [ 117 ] engineered vascular grafts with genetically 
modifi ed BMSCs on poly(propylene carbonate) graft, which delivered the tissue 
inhibitor of metalloproteinase 3 (TIMP-3) plasmid to the saphenous vein graft 
in vitro by ultrasound exposure (USE) in the presence of echo contrast  microbubbles 
(ECM). Then the transgened vein graft was tested by the model of Yorkshire White 
pigs’ carotid model. At 28 days post-grafting, lumen and total vessel area were sig-
nifi cantly greater in the TIMP-3 group compared to the untransfected or con-
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trol group. Meng et al. [ 118 ] developed a receptor-targeted nanocomplex (RTN) 
vector system. The RTN vector was composed of cationic liposome lipofectin, a 
peptide (Peptide-Y: K16GACYGLPHKFCG), and plasmid DNA. Vein grafts were 
transgened by RTN with a plasmid-encoding inducible nitric oxide synthase (iNOS) 
and then engrafted into the rabbit’s carotid artery to inhibit the neointimal hyperpla-
sia. Fluorescent immunohistochemistry analysis of samples from rabbits killed at 7 
days after surgery showed that mostly ECs and macrophages were transfected. 
Morphometric analysis of vein graft samples from the 28-day groups showed 
approximately a 50 % reduction of neointimal thickness and 64 % reduction of 
neointimal area in the iNOS-treated group compared with the surgery control group. 
Zhong et al. [ 119 ] developed a novel recombinant lentivirus for the delivery of 
hepatocyte growth factor (HGF) and Bax in a rabbit vein graft model of bypass 
grafting. Rabbit vein segments were dissected and transgened by the lentivirus vec-
tor harboring HGF and Bax cDNAs (Lenti-HGF-Bax) and then were interposed into 
the rabbit’s carotid arteries. HGF and Bax expression in vein grafts was detected by 
immunohistochemical and western blot analysis. The result showed that vein graft 
thickening was remarkably reduced in Lenti-HGF-Bax-treated rabbits compared to 
controls. 

 Zhang et al. [ 120 ] created small-diameter vessels by seeding and culture of 
genetically modifi ed MSCs onto a synthetic polymer scaffold produced by an elec-
trospinning technique. Rat MSCs were modifi ed with nitric oxide synthase (eNOS). 
The results showed that the seeded cells integrated with the microfi bers of the scaf-
fold to form a three-dimensional cellular network, indicating a favorable interaction 
between this synthetic scaffold with MSCs. High transduction effi ciency was 
obtained with the use of concentrated retrovirus in the gene transfection of MSCs. 
The use of MSCs and therapeutic genes in tissue engineering of blood vessels could 
be helpful in improving vessel regeneration and patency.   

11.5     The Mechanical Properties of Vascular Grafts 

11.5.1     Synthetic Polymers 

 Human mammary arteries and saphenous veins have burst pressures between 2031 
and 4225 mmHg [ 121 ] and 1250 ± 500 mmHg [ 85 ], respectively. Mechanical char-
acteristics of vascular grafts, such as compliance and Young’s modulus, have sig-
nifi cant potential to infl uence their long-term patency [ 122 ]. 

 Surgeons have used nondegradable synthetic PTFE or Dacron medium-to-large- 
diameter grafts which provide 10 years of symptom-free lifestyle. However, they 
have extremely poor performance in replacement of small-diameter (<6 mm) blood 
vessels due to neointimal hyperplasia and thrombosis [ 123 ]. The commercial grafts 
such as woven and knitted Dacron and ePTFE usually show a low radial compliance 
[ 8 ]. A high-porosity ePTFE graft demonstrated no signifi cant deterioration in suture 
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retention strength, radial tensile strength, or longitudinal tensile strength for periods 
ranging from 2 to 80 weeks compared to preimplantation grafts [ 124 ]. 

 PCL has excellent mechanical characteristics, and it does not undergo plastic 
deformation and failure when exposed to long cyclic strain. Therefore, it can be a 
critical component in vascular graft application [ 125 ]. Sang et al. [ 126 ] indicated 
that the PCL/collagen composite graftss, with fi ber diameters of approximately 
520 nm, possessed appropriate tensile strength (4.0 ± 0.4 MPa) and adequate elas-
ticity (2.7 ± 1.2 MPa). The burst pressure of the composite grafts was 4912 ± 155 
mmHg, which was much greater than that of the pure PCL grafts (914 ± 130 
mmHg) and native vessels. Ángel et al. [ 127 ] synthesized biocompatible and bio-
degradable PCL urethane macromers to fabricate hollow fi ber membranes of dif-
ferent sizes as small- diameter vascular graft candidates. Their tensile stiffness 
ranged from 0.09 to 0.11 N/mm and their maximum tensile force from 0.86 to 
1.03 N, with minimum failure strains of approximately 130 % and burst pressures 
from 1158 to 1468 mmHg. 

 The polyethylene terephthalate (PET)/PGA graft was woven to be partially 
degradable with a double-layered fi ber (core; PET and sheath; PGA). The PGA 
component had degraded and been replaced by host tissue that contained a mixture 
of α-SMA positive cells and other host cells. The graft was a unifi ed structure with 
the aorta. The adhesion strength between the graft and aortic wall was signifi cantly 
enhanced in the PET/PGA group. The vascular graft demonstrated histologic and 
mechanical integration with the native aorta [ 128 ]. 

  Porous elastomeric grafts made of PGS enforced with PCL nanofi bers degraded 
rapidly and yielded neoarteries nearly free of foreign materials in rat abdominal 
aorta. 3 to 12 months after implantation in rat abdominal aortas, the PGS grafts with 
rationally strengthened sheath were remodeled into neoarteries that resembled 
native arteries in the following aspects: high patency rate and even vessel wall thick-
ness; a confl uent endothelium and contractile smooth muscle layers; expression of 
elastin, collagen, and GAG; and tough and compliant mechanical properties. This 
study confi rmed that adequate density of PCL sheath in PGS grafts could initiate 
stable and high-quality muscular remodeling, which contributed to long-term suc-
cess in arterial circulation before clinical translation [ 82 ]. Similarly, Ramak et al. 
[ 39 ] developed a novel method for electrospinning smaller grafts composed of a 
PGS microfi brous core enveloped by a thin PCL outer sheath. Electrospun PGS- 
PCL composites were implanted as infrarenal aortic interposition grafts in mice and 
remained patent up to the 12-month endpoint without thrombosis or stenosis. Lack 
of rupture over 12 months confi rmed suffi cient long-term strength, due primarily to 
the persistent PCL sheath. 

 PU can potentially provide a greater degree of graft-artery compliance match 
than ePTFE prostheses [ 129 ]. Finer tensile strength and elastic property facilitates 
the usage of PU as a vascular scaffold, but it is shown to have less compliance and 
a biologically unstable nature. The compliance values of poly(carbonate)polyure-
thane (CPU) and artery (mean over the pressure range) were 8.1(0.4) and 8.0(5.9) 
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percent per mmHg × 10 −2 , respectively, although the elastic behavior of artery was 
anisotropic unlike CPU, which was isotropic [ 130 ]. Uttayarat et al. [ 131 ] combined 
electrospinning with the spin casting method to pattern microfi bers and micro-
grooves on the electrospun PU tubular scaffold. The elastic modulus of the grafts in 
the axial direction was also in a range similar to those of native vascular grafts. 

 Poliglecaprone (PGC) in the form of monocryl monofi lament sutures displayed 
excellent tensile properties and 20–30 % reduction in strength after 2 weeks in vivo 
[ 132 ]. In another study, blends of PGC and PCL of varying compositions were elec-
trospun into tubular conduits and their mechanical, morphological, thermal, and 
in vitro degradation properties were evaluated under simulated physiological condi-
tions. Generally, mechanical strength, modulus, and hydrophilic nature were 
enhanced by the addition of PGC to PCL. A 3:1 PCL/PGC blend was concluded to 
be a judicious blend composition for tubular grafts based on overall results on the 
mechanical properties and performance after a 1-month in vitro degradation study 
[ 133 ]. 

 Electrospun PLLA scaffolds with NaCl-made pores had a lower elastic modulus 
(8.05 MPa) and yield stress (349 kPa) and a higher yield strain (0.04) compared to 
their traditional counterparts (40.36 MPa, 676 kPa, and 0.0188) [ 134 ]. Grafts were 
prepared using the PLA and PCL physical blends in the ratios of 75:25 and 25:75 
with the dimension of (40 × 0.2 × 4) millimeter by electrospinning. Hydrophobicity 
and tensile stress were signifi cantly higher in PLA-PCL (75:25), whereas tensile 
strain and fi ber density were signifi cantly higher in PLA-PCL (25:75). Cell viability 
and proliferation were rationally infl uenced by the aligned nanofi bers. Gene expres-
sion revealed the grafts’ thromboresistivity, elasticity, and aided neovascularization. 
Thus, these scaffolds could be an ideal candidate for small-diameter blood vessel 
engineering [ 32 ].  

11.5.2     Natural Polymers 

 Collagen-based scaffolds have been the platform for a number of exploratory clini-
cal trials that shows the true potential of tissue engineering for repairing signifi cant 
tissue damage. Hirai et al. [ 135 ] specifi cally worked on the original development of 
a collagen-based construct for a low-pressure-loaded venous system. By pouring a 
solution of bovine aortic VSMCs and type-I collagen into a tubular glass mold and 
using a Dacron mesh support, a vascular construct that could tolerate luminal pres-
sures as great as 100 mmHg was obtained in 24 weeks of culture [ 136 ]. Vivek et al. 
[ 137 ] proposed a design strategy for the fabrication of tubular conduits comprising 
collagen fi ber networks and elastin-like protein polymers to mimic native tissue 
structure and function. Comparing favorably to an ultimate tensile strength (UTS) 
and a Young’s modulus for native blood vessels of 1.4–11.1 MPa and 1.5 ± 0.3 MPa, 
dense fi brillar collagen networks exhibited an UTS of 0.71 ± 0.06 MPa, strain to 
failure of 37.1 ± 2.2 %, and Young’s modulus of 2.09 ± 0.42 MPa, respectively. 
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 Elastin is found to be very brittle and shows mechanical properties lower than 
those of native elastin. As such, the material was suggested as a provisional matrix 
for in vivo remodeling. Buijtenhuijs et al. [ 138 ] used a freeze-drying method with 
insoluble type-I collagen and insoluble elastin to produce a porous scaffold with 
fi bers of collagen and elastin interspersed together. Elastin exhibited less stress 
relaxation than intact or decellularized aorta. The rate of stress relaxation of intact 
and decellularized aorta was linearly dependent on the initial stress levels. The rate 
of stress relaxation for elastin increased linearly at stress levels below about 60 kPa 
[ 139 ]. McKenna et al. [ 140 ] fabricated a tubular construct using electrospun recom-
binant human tropoelastin (rTE). The electrospun scaffolds were formed by using 
1,1,1,3,3,3-hexafl uro-2-propanol (HFP) as the solvent and disuccinimidyl suberate 
(DSS) as the cross-linking agent to stabilize the fi bers in aqueous solution. The 
fabricated scaffold had an elastic modulus in the range of 0.15–0.91 MPa and an 
ultimate tensile strength of 0.36 MPa. The results of in vitro studies demonstrated 
that the fabricated electrospun rTE scaffolds supported ECs growth with typical 
ECs cobblestone morphology following 48 h in culture, which confi rmed the suit-
ability of this biomaterial for application in vascular grafts. Vaibhav et al. [ 141 ] used 
biaxial force-controlled experiments to quantify regional variations in the anisot-
ropy and nonlinearity of elastin isolated from bovine aortic tissues proximal and 
distal to the heart. Results from this study showed that tissue nonlinearity signifi -
cantly increased distal to the heart as compared to proximally located regions. Their 
studies suggested that it was important to consider elastin fi ber orientations in inves-
tigations that used microstructure-based models to describe the contributions of 
elastin and collagen to arterial mechanics. 

 Esterifi ed hyaluronic acid (HYAFF) is routinely used for clinical tissue engi-
neering applications. The problems that are generally associated with hyaluronic 
acid (HA)-based biopolymers are their poor mechanical properties and their rapid 
degradation rate. In order to increase their mechanical properties, Arrigoni et al. 
[ 142 ] added sodium ascorbate (SA) to a culture of VSMCs seeded in HYAFF non-
woven sheets, and SA improved mechanical properties of the vascular construct 
lowering material stiffness and increasing tensile strength. Amaliris et al. [ 143 ] 
demonstrated the ability of PU containing HA in its backbone structure to reduce 
protein adsorption, platelet and bacterial adhesion, and fi broblast and macrophage 
proliferation while allowing the retention of both ECs and vascular-appropriate 
mechanics. The molecular weight of the HA oligosaccharides infl uenced the 
mechanical properties of the PU-HA copolymers. In another study, PU materials 
modifi ed with HA were more effective than either PEG- or heparin-grafted materi-
als with respect to limiting protein adsorption and platelet adhesion. These modifi -
cations in PU chemistry were performed while retaining material mechanics in the 
range of native vascular tissue. Thus, this study described the generation of materi-
als that possessed the unique ability to display excellent hemocompatibility while 
simultaneously supporting extensive endothelialization and retaining vascular-
appropriate mechanics [ 144 ]. 

11 Regeneration of Blood Vessels



342

 It is increasingly recognized that biomimetic, natural polymers mimicking the 
ECM have low thrombogenicity and functional motifs that regulate cell-matrix 
interactions, with these factors being critical for TEVGs, especially small diameter 
grafts. Elsayed et al. [ 145 ] devised the fabrication of novel, electrospun, multilayer, 
gelatin fi ber scaffolds, with controlled fi ber layer orientation and optimized gelatin 
cross-linking to achieve not only compliance equivalent to that of coronary artery 
but also for the fi rst time strength of the wet tubular acellular scaffold (swollen with 
absorbed water) same as that of the tunica media of coronary artery in both circum-
ferential and axial directions. Most importantly, the suture retention strength of 
gelatin scaffolds fi rstly achieved in the range of 1.8–1.94 N for wet acellular scaf-
folds, and was same or better than that for fresh saphenous vein.  

11.5.3     Hybrid Materials: Synthetic and Natural Polymers 

 A synthetic polymer will provide mechanical integrity, and natural proteins provide 
biocompatibility and ECM-mimicking environment for better cell attachment and 
proliferation. Ju et al. [ 146 ] used a co-electrospinning technique to fabricate PCL/
collagen bilayer scaffolds with an outer layer containing large pores that enhanced 
VSMCs infi ltration and an inner layer with smaller pore sizes that facilitated ECs 
attachment. Thus, the microstructure and mechanical properties of the resultant 
scaffolds could be controlled by the fi ber diameter. Increasing the fi ber diameter 
from 0.27 to 4.45 μm enhanced the scaffold’s porosity and reduced its Young’s mod-
ulus from 2.03 to 0.26 MPa. Stitzel et al. [147] discovered that controlling the ratio 
of collagen, elastin, and PLGA could improve electrospinning characteristics and 
physical strength of the scaffolds, which resisted bursting at nearly 12 times normal 
systolic pressure.  

 As for chitosan, its poor mechanical properties represent a major limit to its 
development. PCL can increase the mechanical properties. A mixture of 1:1 chito-
san and PCL demonstrated an ultimate strength twice than that of chitosan alone 
[ 148 ]. In another study, Chen et al. [ 149 ] fabricated electrospun collagen/chitosan/
TPU nanofi brous scaffolds with functional and structural properties resembling the 
native ECM. The tensile strength of scaffolds with random and aligned fi bers was 
4.6 MPa and 10.3 MPa, respectively. In addition, the mechanical properties of resul-
tant scaffolds were signifi cantly improved by cross-linking the fi bers. The tensile 
strength of glutaraldehyde cross-linked scaffold with random fi bers was twofold 
higher than uncross-linked samples. The fabricated scaffolds could support the 
growth and alignment of ECs and were used to form a vascular graft in vitro.   
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11.6     The Degradation of Vascular Grafts 

 The degradation rate of these polymers is determined by initial molecular weight, 
exposed surface area, crystallinity, and ratio of monomers. ePTFE is very stable 
in vivo with no reported failures due to degradation of the graft. PGA is a biodegrad-
able macromolecular material that degrades through hydrolysis of its ester bonds 
in vivo, loses 100 % of its strength within 4 weeks and is completely absorbed 
within 6 months [ 150 ]. 

 Both PCL and PLLA are slowly degrading polymers. PLA is less crystalline than 
PGA but more hydrophobic, making it less susceptible to hydrolysis. Surgical 
sutures made of PLA require more than a year to lose their tensile strength. Walpoth’s 
group [ 4 ] reported that electrospun PCL grafts were degraded to 20 % of original 
molecular weight at 18 months of postimplantation. But the grafts neither dilated 
nor had a signifi cant increase in compliance. Tara et al. [ 151 ] have shown that the 
PLCL coating completely degrades 4 months after implantation in a mouse model. 

 Random copolymerization of PLA (both L- and D,L-lactide forms) and PGA, 
known as PLGA, is the most investigated degradable polymer for biomedical appli-
cations and has been used in sutures, drug delivery devices, and tissue engineering 
scaffolds. With a number of commercial manufacturers and easy polymer process-
ability, researchers do not have to be polymer synthesis experts to utilize PLGA in 
their work. Because PLA and PGA have signifi cantly different properties, careful 
choice of copolymer composition allows for the optimization of PLGA for intended 
applications. Property modulation is even more signifi cant for PLGA copolymers 
because with 25–75 % lactide composition, PLGA forms amorphous polymers, 
which are very hydrolytically unstable compared with the more stable homopoly-
mers. This is evident in the degradation times of 50:50 PLGA, 75:25 PLGA, and 
85:15 PLGA being 1–2 months, 4–5 months, and 5–6 months, respectively [ 152 ]. 

 Ye et al. [ 153 ] described that PGS elastomer was used to construct the microves-
sel framework. In vivo studies of scaffolds implanted subcutaneously and intraperi-
toneally, without or with exogenous cells, into nude rats demonstrated biodegradation 
of the membrane interface and host blood cell infi ltration of the microvessels. This 
modular, implantable scaffold could serve as a basis for building tissue constructs of 
increasing scale and clinical relevance.     
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    Chapter 12   
 Myocardial Regenerative Medicine                     

     Zhaobo     Fan*    ,     Xiaofei     Li*    ,     Hong     Niu*    , and     Jianjun     Guan    

12.1            Introduction 

 Cardiovascular disease is a high morbidity and mortality disease in western coun-
tries. Myocardial infarction (MI) or heart attack is a major cardiovascular disease 
that affects millions of people. In the USA alone, MI affects eight million people 
[ 1 ]. The most common cause of MI is thrombosis formed inside the coronary artery 
or its branches. It blocks the blood fl ow to a part of the myocardium leading to mas-
sive cell death in the affected area. These cells include cardiomyocytes, cardiac 
fi broblasts, smooth muscle cells, and endothelial cells. Thirty minutes after MI, the 
damaged tissue starts an irreversible necrosis process. Polymorphonuclear leuko-
cytes are then accumulated in the infarcted tissue and the neutrophils infi ltrate inside 
to begin the phagocytosis of dead cells. Meanwhile, the upregulated matrix metal-
loproteinases (MMPs) degrade extracellular matrix in the infarcted area leading to 
wall thinning and left ventricle dilation. After 4 days, collagen deposition begins to 
initiate cardiac fi brosis for the purpose of protecting the thin wall from rupture. 
After 3 weeks, a dense scar tissue is formed [ 2 ,  3 ]. Cardiac fi brosis does not stop but 
propagates over time. Meanwhile, the cardiac wall dilation continues and cardiac 
function gradually decreases, which eventually progress the infarcted hearts toward 
heart failure stage. 

 Current clinical intervention for MI is mainly focused on coronary reperfusion, 
which aims to reintroduce nutrient and oxygen in the infarcted heart. However, 
reperfusion therapy does not regenerate new cardiac muscle. Unlike many other tis-
sues in the body, the damaged heart tissue cannot self-regenerate to restore normal 
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tissue features and function. This is because adult cardiomyocytes are unable to 
grow, and endogenous cardiac stem/progenitor cells cannot spontaneously generate 
enough cardiomyocytes to assemble new myocardium [ 4 ]. Consequently, it is nec-
essary to transplant cells to the infarcted region to compensate the lost cardiac cells. 
This is cardiac cell therapy. It has been considered as a promising approach for 
MI. Therapies that improve the function of damaged heart tissue other than fully 
regeneration have also been explored. These include using acellular biomaterials 
and control of cardiac fi brosis (Fig.  12.1 ). This chapter summarizes current 
approaches for cardiac regeneration and cardiac function improvement.

12.2          Biomaterial-Based Myocardial Repair 

12.2.1     Injectable Hydrogels 

 It has been established that injection of hydrogels into infarcted hearts improves 
cardiac function and reduces infarct size. The injected hydrogels may also decrease 
cardiac cell apoptosis and promote angiogenesis. After MI, the MMPs are upregu-
lated, which degrade cardiac ECM causing tissue thickness decrease [ 5 ]. The hydro-
gels provide structural and mechanical support to the infarcted tissue. Hydrogels are 

  Fig. 12.1    Current biomaterials-based therapies after MI in order to improve cardiac function       
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hydrophilic and exhibit many similarities as the extracellular matrices (ECMs) in 
cardiac tissue [ 6 ]. The hydrogels can be injected into the cardiac tissue in a liquid 
form, which then solidifi es in response to physical or chemical stimuli, based on the 
characteristics of the specifi c hydrogels. Current hydrogels used for myocardial 
injection are either natural or synthetic. The natural hydrogels are derived from tis-
sues and other natural sources, thus possessing excellent biocompatibility. However, 
natural hydrogels usually have low mechanical properties, batch-to-batch variation, 
and vulnerable to chemical modifi cation. Synthetic hydrogels overcome these dis-
advantages through tailoring of chemical structure and composition. A potential 
concern for synthetic hydrogels is toxicity before and after degradation. An alterna-
tive approach to avoid potential toxicity is to use natural/synthetic hydrogel 
composites. 

12.2.1.1     Natural Hydrogels for Cardiac Repair 

 The commonly used natural hydrogels for cardiac repair include decellularized 
extracellular matrix, chitosan, hyaluronic acid, alginate, and Matrigel. These inject-
able hydrogels have been tested in infarcted hearts for functional improvement and/
or regeneration. The hydrogels can also be modifi ed or combined with drugs and 
growth factors to further enhance the therapeutic effi cacy. 

   Decellularized Extracellular Matrix 

 Decellularized ECM is a naturally derived matrix that has shown promise for treat-
ing infarcted hearts after MI [ 7 ]. It provides cardiac cells with biochemical cues 
important for cell migration and differentiation and tissue regeneration [ 7 ]. 
Decellularized ECM can be obtained after removal of cells from the tissues. 
Optimized decellularization processes allow the decellularized tissue to have simi-
lar chemical compositions as the native tissues. In most cases, the decellularized 
ECMs show excellent biocompatibility as evidenced by the lack of cytotoxic effect 
and minor foreign body response [ 7 ].

   The decellularized ECMs can be fabricated into thermal-sensitive hydrogels. At 
a lower temperature, the matrices can dissolve or suspend in the acidic aqueous solu-
tion. When the temperature is elevated to 37 °C, the solution forms solid hydrogel. 
The decellularized ECM solution may be delivered into infarcted hearts by a mini-
mally invasive cardiac surgery. Various studies have demonstrated that the injected 
matrices improve cardiac function. Okada et al. injected decellularized small intes-
tinal submucosa into infarcted mouse hearts using an acute MI model [ 8 ]. When 
examined at 2 weeks of postimplantation, the end-systolic area and fractional area 
change were signifi cantly increased. The injected matrix also increased capillary 
density in the infarcted area. Compared to decellularized small intestinal submu-
cosa, decellularized cardiac tissue better resembles the ECM composition in the 
native heart tissue. It may thus be more suitable for cardiac repair [ 9 ]. Singelyn et al. 
generated injectable porcine myocardium hydrogel and tested in rat MI model [ 10 ]. 
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When evaluated after 4 weeks of injection, the preservation of ejection fraction, end-
diastolic volume, and end-systolic volume was observed. In a subsequent porcine 
MI model, the animals injected with decellularized cardiac tissue exhibited signifi -
cantly higher ejection fraction, lower end-diastolic volume, and end-systolic volume 
than the controls (Fig.  12.2 ) [ 9 ]. Histological analysis demonstrated that the injected 
hydrogel promoted cardiac muscle regeneration and neovascularization. Overall, 
decellularized ECMs are promising for cardiac repair. However, there are disadvan-
tages associated with them: (1) the remaining immunogenic proteins may initiate 
immune rejection (posttreatment is necessary to guarantee that the decellularized 
extracellular matrix is free of immunogenic proteins); and (2) the hydrogels have 
long gelation time. They may enter into vasculature and block it after gelation.  

   Chitosan 

 Chitosan is a polysaccharide derived from chitin. Chitosan is attractive for cardiac 
repair because of its good biocompatibility, biodegradability, bioactivity, and low 
toxicity. The chitosan hydrogels can be achieved by neutralizing acidic chitosan 

  Fig. 12.2    MRI analysis in rat MI model after injection of myocardial matrix [10]. ( A ) Baseline 
(1 week post-myocardial infarction [MI], 1 week pre-injection) and ( B ) 4 weeks post-injection 
images of saline-injected heart. ( C ) Baseline and ( D ) 4 weeks post-injection images of myocardial 
matrix–injected heart. Scale bar = 0.5 cm. ( E ) Ejection fraction (EF) of saline controls signifi cantly 
declined ( p  = 0.04), whereas the ( F ) end-systolic volume (ESV) ( p  = 0.01) and ( G ) end-diastolic 
volume (EDV) ( p  = 0.01) signifi cantly expanded between 1 week and 6 weeks post-MI. By contrast, 
there was no statistical signifi cance for EF ( p  = 0.8), ESV ( p  = 0.054), and EDV ( p  = 0.06) between 
time points in the myocardial matrix group. Myocardial matrix–injected animals had an overall 
increase in the percent change in EF ( p  = 0.054) ( H ), and overall decrease in the percent change in 
volume ( I  and  J ) between time points compared to saline, although these were not statistically 
signifi cant. Data are presented as the mean ± SEM; * p  < 0.05. MRI = magnetic resonance imaging       

 

Z. Fan et al.



357

solution or cross-linking the polymer chains [ 11 ]. Adding glycerophosphate (GP) in 
the chitosan solution can make the hydrogel thermosensitive. The gelation time is 
around 10 min. To decrease gelation time, chitosan chloride can be used. It reduces 
the gelation time to approximately 1 min [ 12 ]. Chitosan-based hydrogels are capa-
ble of providing mechanical support and promoting angiogenesis in infarcted heart 
tissue. When injecting chitosan into the damaged rat hearts after MI, heart function 
and vessel density were signifi cantly increased [ 13 ]. Chitosan hydrogel may also 
promote cardiac cell survival by scavenging reactive oxygen species (ROS) [ 14 ].  

   Hyaluronic Acid 

 Hyaluronic acid (HA) is a polysaccharide found in almost all adult connective tis-
sues, including the joint, ligament, tendon, and skin. HA hydrogels have high bio-
compatibility and are typically degraded by enzymes in the tissues. HA hydrogels 
can be injected into infarcted hearts with and without prior modifi cation. The modi-
fi cation imparts the hydrogels with improved mechanical properties, cell adhesive 
property, and biodegradation. Ifkovits et al. injected methacrylated hyaluronic acid 
into the hearts after MI and cross-linked with tetramethylethylenediamine and 
ammonium persulfate [ 15 ]. The injected HA signifi cantly increased the wall thick-
ness in the apex and basilar infarct regions. The degree of cardiac function improve-
ment was dependent on modulus of the HA hydrogel. When comparing the cardiac 
function of the hearts injected with 8- and 43-kPa hydrogels, those injected with 
43-kPa hydrogel showed a statistically smaller infarct area and better functional 
outcomes (cardiac output and ejection fraction).  

   Alginate 

 Alginate is attractive in cardiac tissue engineering due to its good biocompatibility 
and gentle gelation conditions [ 16 ]. When injecting alginate solution into infarcted 
hearts, it can be solidifi ed by Ca 2+  in the heart. Landa et al. demonstrated the feasi-
bility of using alginate in the infarcted hearts for functional improvement [ 17 ]. 
When the alginate hydrogel was delivered into subacute (1 week) MI hearts and late 
infarcts (8 weeks), the wall thickness was signifi cantly increased even after 2 months 
of injection. This resulted in an increase in systolic and diastolic cardiac function. 
Similar functional improvement results were seen when using large animal MI 
models [ 18 ]. Modifi cation of alginate hydrogels by blending with other natural 
polymers such as fi brin and collagen or conjugating with cell adhesive peptide may 
improve cell adhesive property of alginate and augment the therapeutic effi cacy [ 19 , 
 20 ]. Mukherjee et al. mixed alginate and fi brin hydrogels followed by injection into 
porcine myocardium 7 days after MI [ 21 ]. A remarkable reduction of infarct size 
was observed 3 weeks after injection compared with saline injection group. So far, 
alginate hydrogel is the fi rst injectable hydrogel tested in clinical trial.  
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   Matrigel 

 Matrigel is a mixture of basement membrane components derived from sarcoma, a 
tumor rich in laminin, collagen IV, heparin, and a number of growth factors. It 
resembles the extracellular environment found in many tissues. Matrigel has been 
served as a substrate for tissue culture [ 22 ]. It has also been widely used as a native- 
mimicking environment to test cell response to different drugs and growth factors 
in vitro [ 23 ]. Matrigel is in liquid form at 4 °C and turns into solid hydrogel at 
37 °C. Injection of Matrigel into infarcted hearts after MI led to an increase in wall 
thickness and capillary density [ 24 ]. When compared with saline injection group, 
Matrigel injection signifi cantly improved ejection fraction after 4 weeks of implan-
tation. Interestingly, it also induced the recruitment of CD34+ and c-Kit+ stem cells 
to the infarcted area. Despite the advantages the Matrigel has, its clinical application 
may be impractical in the near future due to its tumor origin.  

   Hydrogel Composites 

 Different types of hydrogel composites have emerged for cardiac repair. Typical 
examples are alginate-HA hydrogel [ 25 ], alginate-chitosan hydrogel [ 19 ], and 
decellularized ECM-fi brin hydrogels [ 26 ]. Nanoparticles including carbon nano-
tubes (CNTs), dendrimers, and graphene were also incorporated into natural hydro-
gels to form nanocomposites [ 27 ]. Nanocomposites reinforced by CNTs have been 
used to engineer cardiac tissues because of their excellent electrical property. 
However, many challenges such as toxicity and biodegradability remain to be solved 
before the wide application of these nanocomposites in cardiac repair.   

12.2.1.2     Synthetic Polymer-Based Hydrogels 

 Synthetic hydrogels, including degradable poly(N-isopropylacrylamide) 
(PNIPAAm)-based hydrogels [ 28 ], PEG and copolymers [ 29 ,  30 ], poly(D-lysine) 
(PDL) [ 31 ], and self-assembly peptide [ 32 ], have been injected into infarcted hearts 
for cardiac repair. Compared with natural polymer-based hydrogels, the properties 
of synthetic hydrogels such as gelation time, modulus, and degradation rate can be 
readily tuned by synthesis method, composition, and chemistry [ 33 ]. 

   Poly(N-Isopropylacrylamide)-Based Hydrogels 

 Among the different injectable hydrogels used for heart repair, poly(N- 
isopropylacrylamide) (PNIPAAm)-based hydrogels have the advantage of fast gela-
tion, which can increase gel retention in the heart tissue. The fast gelation also 
allows higher cell and drug retention when the hydrogels are used for cell and drug 
delivery. PNIPAAm is not degradable. The degradable PNIPAAm can be 
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synthesized by copolymerization with degradable components [ 2 ,  25 ,  34 – 44 ]. 
These hydrogels have lower critical solution temperatures (LCSTs) below 32 °C 
before degradation, which are increased above 37 °C after degradation. Therefore, 
the degraded hydrogels can dissolve in the body fl uid and be removed from the 
body. When adding pH-sensitive component to the PNIPAAm-based hydrogels, 
LCSTs become pH dependent. Li et al. synthesized a family of pH- and thermal-
sensitive hydrogels based on NIPAAm, propylacrylic acid, hydroxyethyl 
methacrylate-co- oligo(trimethylene carbonate), and methacrylate poly(ethylene 
oxide) methoxy ester [ 36 ]. The hydrogels had LCSTs above 37 °C at pH 8.0 and 
below 37 °C at pH 6.8 before degradation. These hydrogels are clinically attractive 
because they can be delivered into hearts by catheter using minimally invasive 
approach.

   Injection of PNIPAAm-based hydrogels into infarcted hearts has been shown to 
increase cardiac function [ 28 ,  45 – 48 ]. Fujimoto et al. injected a PNIPAAm-based 
hydrogel into rat chronic infarction model with PBS as a control. In the PBS group, 
the left ventricle cavity area was increased and contractility was decreased after 6 
weeks of injection, while in the hydrogel group, both parameters were preserved 
[ 28 ]. In addition, a thicker left ventricle wall and higher capillary density were 
found for the hydrogel group. When using PNIPAAm-based hydrogels to improve 
cardiac function, the time of the injection affects therapeutic effi cacy [ 46 ,  49 ]. This 
is because the wall stress of the infarcted tissue varies when the MI evolves from 
early to late stages. In general, the wall stress gradually increases from the necrotic 
phase to the fi brotic phase [ 50 ]. Therefore, the same hydrogel may have different 
effi cacy in reducing wall stress [ 46 ]. Yoshizumi et al. injected a PNIPAAm-based 
hydrogel into rat hearts at three different time points: immediately after MI, 3 days 
after MI, and 2 weeks after MI [ 46 ]. These three time points correspond to the 
beginnings of the necrotic, fi brotic, and chronic remodeling phases. While all injec-
tion time points increased the left ventricle function and wall thickness, the injec-
tion after 3 days of MI group exhibited better cardiac function than the other 
injection time points (Fig.  12.3 ). The above results suggest that timing of hydrogel 
injection should be considered in order to achieve optimal therapeutic effect. 

 PNIPAAm-based hydrogels can be used as growth factor and drug carriers for 
enhanced cardiac repair [ 2 ,  51 ,  52 ]. Guan et al. functionalized the PNIPAAm hydro-
gels with growth factors [ 2 ] and antioxidants [ 25 ]. The results showed that function-
alization enhanced mesenchymal stem cell (MSC) growth within the hydrogels, 
offering a suitable environment for cells delivered into the heart.  

   Polyethylene Glycol (PEG) and Copolymers 

 PEG has been approved by FDA for some medical uses because of its low toxicity 
and nonimmune response [ 53 ]. Injection of PEG hydrogel has been shown to 
increase cardiac function in different studies. For example, Kraehenbuehl et al. 
developed an injectable MMP-responsive PEG hydrogel and injected it into 
infarcted hearts 1 h following MI. After 6 weeks, the hearts injected with PEG 
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  Fig. 12.3    Ventricular wall histology for rat hearts 10 w after MI [ 46 ]. Representative Masson’s 
trichrome-stained cross sections: ( A ) healthy control, ( B ) MI control, ( C ,  F ,  I ) immediately after 
MI (IM) group, ( D ,  G ,  J ) injection after 3 days (3D) group, ( E ,  H ,  K ) injection after 2 weeks (2W) 
group. ( A – H ) Scale bars 1 mm.  Orange arrows  point to the hydrogel residues;  black arrows  point 
to foreign body giant cells. Wall thickness (L) and infarction size (M) were measured from the 
complete set of these images. * indicates signifi cant differences between groups. Echocardiographic 
assessment of long-term cardiac functions: ( N ) end-systolic area (ESA), ( O ) end-diastolic area 
(EDA), ( P ) fractional area change (% FAC), ( Q ) ejection fraction (EF). # indicates signifi cant dif-
ferences between 3D group and other injection groups and MI control group. * indicates signifi -
cant differences between MI control and all injection groups. & indicates signifi cant differences 
between MI control and the 3D and 2W groups         
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hydrogel demonstrated signifi cantly lower infarct size, end-diastolic volume, and 
end-systolic volume compared with those hearts injected with PBS. Meanwhile, the 
PEG hydrogel-injected hearts had signifi cantly higher ejection fraction [ 54 ]. 

 The hydrogels based on PEG copolymers have also been developed for cardiac 
repair. Xu et al. fabricated hydrogels based on thiolated collagen (Col-SH) and 
oligo(acryloyl carbonate)-b-poly(ethylene glycol)-b-oligo(acryloyl carbonate) 
(OAC-PEG-OAC) [ 26 ]. Echocardiographic results showed that the injected hydro-
gels increased ejection fraction at 28 days compared to the PBS group. In addition, 
the injected hydrogels signifi cantly reduced the infarct size and increased the wall 
thickness. Similar results were seen with the injection of hydrogel composed of 
α-cyclodextrin and mPEG-PCL-mPEG [ 55 ].  

Fig. 12.3 (continued)
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   Polypeptides 

 Polypeptide hydrogels have emerged as promising matrices for cardiac repair 
because their compositions mimic the natural extracellular matrix. Self-assembling 
peptides are a class of polypeptides that spontaneously assemble into nanostruc-
tures. Rational design of self-assembling peptides can avoid immune response. In 
vivo, they degrade by enzymes into nontoxic amino acids and short peptides. The 
mechanical and bioactive properties of self-assembling peptides can be readily 
tuned by modulating amino acid building blocks to mimic natural microenviron-
ments. Self-assembling peptides are injectable. They have the potential for mini-
mally invasive delivery to the myocardium [ 56 ]. Davis et al. injected a self-assembling 
peptide hydrogel into the heart tissue and found that the hydrogel was rapidly cel-
lularized within days by endothelial cells, smooth muscle cells, and cardiac cells 
[ 57 ]. Self-assembling peptide hydrogels can also be used for the delivery of growth 
factors and cells into infarct hearts. A variety of growth factors and different cell 
types have been incorporated into the hydrogels for enhanced cell survival, vascu-
larization, myocardial regeneration, and heart function.    

12.2.2     Acellular Scaffolds 

 Acellular scaffolds can serve as cardiac patches to augment cardiac function. These 
scaffolds are typically sutured or glued on the surface of infarcted heart tissue. The 
cells from the surrounding healthy heart tissue then migrate and populate inside to 
vascularize and/or regenerate cardiac tissue. The acellular scaffolds improve cardiac 
function by providing mechanical support, vascularization the tissue and/or regen-
eration of new heart tissue. Different types of biomaterials have been fabricated into 
acellular scaffolds for cardiac repair, including collagen [ 58 ], fi brin [ 59 ], decellular-
ized extracellular matrix [ 60 ], degradable polyurethane [ 61 ,  62 ], poly(glycolide-co- 
caprolactone) [ 63 ], and poly(lactide-co-caprolactone) [ 64 ]. The scaffolds are either 
in gel, foam, or fi brous form. The gel-type scaffolds are more easily shaped to a 
complex geometry than foams and fi brous scaffolds. The foams and fi brous scaf-
folds have controlled structure, pore size, and orientation. Fibrous scaffolds can also 
mimic the morphology of the collagen fi bers in tissues and thus are considered more 
suitable for tissue regeneration. 

 Fibrin gel possesses excellent biocompatibility. It has been used for engineering 
different tissues. Zhang et al. employed fi brin gel as cardiac patches for murine 
heart regeneration [ 59 ]. The fi brin gel was fi rst conjugated with PEG and then 
placed on the infarct surface. To increase stem cell recruitment in the fi brin gel, 
SDF-1α was bound to the gel. The growth factor was able to release from the gel for 
up to 10 days. Two weeks after implantation, the number of recruited c-kit+ cells 
was signifi cantly higher in the gel with SDF-1α. In addition, the left ventricle func-
tion was signifi cantly better than in the control group. Callegari et al. placed porous 
collagen foam on infarcted rat hearts [ 58 ]. After 15 and 60 days of implantation, the 
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scaffolds were populated with endothelial and smooth muscle cells, resulting in an 
increase of vessel density for arterioles and capillaries. These results demonstrated 
that porous collagen scaffold is a powerful angiogenetic and arteriogenetic pro-
moter. The use of decellularized ECM as cardiac patches can also promote heart 
tissue regeneration and improve cardiac function. For example, decellularized small 
intestinal submucosa was used as a cardiac patch in rabbit MI model [ 60 ]. Four 
weeks after transplantation, the left ventricle end-systolic volume and end-diastolic 
volume were signifi cantly decreased while ejection fraction was increased. 

 Besides naturally derived cardiac patches, synthetic polymer-based cardiac 
patches have been explored. These scaffolds are typically elastic with mechanical 
properties similar to those of the heart tissue. On the other hand, stiff scaffolds may 
further damage infarcted heart tissue. Fujimoto et al. fabricated microporous elastic 
poly(ester urethane)urea scaffolds and tested in rat hearts 2 weeks after MI [ 61 ]. 
The scaffolds signifi cantly increased wall thickness after 4 and 8 weeks of implanta-
tion. Interestingly, the scaffolds were populated with mature smooth muscle cells 
(Fig.  12.4 ). In addition, the capillary density was signifi cantly increased. Poly(ester 
urethane)urea scaffold implantation did not change end-diastolic cavity area (EDA) 
and increased the fractional area change (FAC), while EDA increased and FAC 
decreased in the infarction control group. Similar results were found when tested in 
porcine acute MI model [ 62 ].

12.3          Cell Therapy for Myocardial Regeneration 

12.3.1     Cell Types and Current Limitations 

 The delivery of exogenous cell capable of directly and indirectly promoting cardiac 
regeneration is considered as a promising approach for regenerating new myocar-
dium. Various cell types have been explored in clinical and preclinical models for 
cardiac therapy. Cardiomyocytes and stem cells capable of differentiating into car-
diomyocytes can be used to regenerate cardiac tissue. These stem cells include car-
diac stem/progenitor cells [ 65 – 69 ], pluripotent stem cell [embryonic stem cells 
(ESCs) and induced pluripotent stem cells (iPSCs)]-derived cardiovascular progeni-
tor cells [ 70 – 72 ], and cardiosphere-derived cells [ 73 – 83 ]. Some stem cell types do 
not differentiate into cardiomyocytes to directly regenerate cardiac tissue, but can 
indirectly promote the regeneration. These cell types typically provide paracrine 
effects to augment the survival of resident cardiac cells, recruit endogenous stem 
cells, and vascularize the damaged heart tissue [ 84 – 90 ]. Some cell types also 
directly participate in tissue vascularization. Examples include bone marrow mes-
enchymal stem cells (BMMSCs) [ 91 – 105 ] and adipose-derived stem cells (ADSCs) 
[ 106 – 109 ]. 

 To deliver cells into infarcted hearts, a commonly used approach is to suspend 
the cells in buffer and then inject into the infarct area. This direct injection approach 
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has low effi cacy because of inferior cell retention in the tissue. During the injection, 
greater than 90 % of injected cells were squeezed out of the heart tissue as a result 
of heart tissue contraction and low viscosity of the buffer. For those retained cells, a 
large portion dies within couple of weeks. The cell death can be a result of anoikis, 
apoptosis, and necrosis. In normal conditions, the cells adhere to ECM, which is a 
proper environment for cell growth and differentiation. Anoikis is induced from 
apoptosis under conditions of weak or improper adhesion between the cell and 

  Fig. 12.4    Features of PEUU and representative images at 8 weeks after implantation [ 61 ]. 
Electron micrograph of the polyester urethane urea (PEUU) material ( A ). Polyester urethane urea 
patch in fi nal format (6-mm diameter, 300-μm thick) ( B ). Representative images, 8 weeks after 
implantation, of the anterior view of infarction control ( C ) and PEUU-patched ( D ) hearts. The 
cross-sectional view of both groups is shown in ( E ,  F ), respectively.  Black arrows  point to the 
implanted PEUU patch, and  white arrows  indicate the infarcted anterior wall. Scale bars, 500 μm 
in A, 1 mm in B, and 55 mm in C to F. P, the patch implanted area; S, the infarcted scar. 
Representative histological sections of the infarction control ( G ) and PEUU-patched ( H ) myocar-
dial wall 8 weeks after implantation stained with hematoxylin and eosin.  Black arrows  indicate the 
top of the PEUU implanted area, which appears  dark violet . Higher magnifi cation of hematoxylin 
and eosin staining and immunohistochemical staining appears in ( I – L ) where ( I ,  J ) are infarcted 
control and ( K ,  L ) are PEUU patched. α-SMA staining appears  green , CD31 staining appears  red , 
and nuclear staining appears  blue . Increased smooth muscle actin is apparent in the PEUU-patched 
group.  Scale bars  in ( G ,  H ) are 500 μm. For ( I – L ),  scale bars  are 200 μm       
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ECM or even cell detachment from the ECM. Frisch and Francis fi rst reported in 
1994 that cell death following anoikis mechanism is because of lack of cell adhe-
sion [ 110 ]. Necrosis can cause signifi cant cell death within the fi rst day after trans-
plantation. Apoptosis is the process of programmed killing of the damaged cells 
during acute MI [ 111 ,  112 ]. In the infarcted hearts, the harsh low oxygen and nutri-
ent environment leads to ischemic pathway-initiated cell death. Meanwhile, phago-
cytosis releases apoptotic cytokines and cytotoxic reactive oxygen species (ROS), 
resulting in cell death. In addition, the transplanted cells may be attacked by proin-
fl ammatory cytokines like TNF-α and IL-1-β [ 2 ,  113 ].  

12.3.2     Approaches to Augment Cell Retention, Survival, 
and Engraftment for Enhanced Cardiac Repair 

 To increase cell retention, cells can be encapsulated into injectable biomaterials 
such as hydrogels. The viscous hydrogels have been shown to effi ciently hold cells 
in heart tissue upon solidifi cation. The cells can also be loaded into porous scaffolds 
or hydrogels and then patch on the infarcted tissue surface. In order to improve cell 
survival and promote cell differentiation (for stem cells), cells may be encapsulated 
into hydrogels and scaffolds with appropriate properties [ 114 ]. These biomaterials 
may provide an ideal environment for cells to survive and differentiate in the harsh 
environment of MI hearts. In addition, preexposure of cells to ischemia, genetic 
modifi cation of cells, and delivery of growth factors and oxygen to cells have been 
used to augment survival of transplanted cells [ 39 ,  115 ,  116 ]. To prevent cell death 
caused by immune proteins and proinfl ammatory cytokines, hydrogels and scaf-
folds can be modifi ed to prevent them from penetrating inside to attack the encap-
sulated cells [ 117 ]. An additional benefi t for using hydrogels and scaffolds is that 
they act as a mechanical support, which decreases elevated wall stress to improve 
cardiac function. 

12.3.2.1     Injectable Hydrogel-Based Cell Delivery System 

 Hydrogels have been widely used as supporting matrices to deliver cells into 
infarcted heart tissue. Bioactive and biocompatible hydrogels mimicking biochemi-
cal and biomechanical microenvironments in native tissue are ideal for successful 
cardiac repair and regeneration. Many hydrogel types, including natural polymer 
hydrogels, synthetic polymer hydrogels, and natural/synthetic hybrid hydrogels 
(introduced in Sect.  2 ), can be used to deliver cells. In general, hydrogel-based cell 
delivery system has several key advantages in cardiac repair after MI:

    1.    The hydrogels provide mechanical support to the ischemic left ventricle wall 
[ 118 ]. After MI, the infarct heart tissue led to the left ventricle wall remodeling 
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which includes the formation of scar tissue, thinning of myocardial wall, and 
dilation of ventricle. The injected hydrogels with proper mechanical properties 
provide structural support for the weakened cardiac wall.   

   2.    The hydrogels not only retain cells in the infarcted area but also offer a biocom-
patible microenvironment for cells to attach, proliferate, differentiate, and 
function.   

   3.    The injectable hydrogels allow to readily load drugs and biomolecules inside. 
The drugs and biomolecules can sustain release for a period of time. The released 
drugs or biomolecules can directly or indirectly enhance the cell survival and 
promote differentiation or even tissue angiogenesis.    

  A well-studied drug delivery system to augment cell survival in ischemic envi-
ronment is to introduce growth factors to the system. By using prosurvival growth 
factor-loaded hydrogel systems, a short-term cell survival rate can be increased. To 
enhance long-term cell survival, angiogenic growth factors can be used to stimulate 
vessel formation to provide adequate oxygen and nutrient for cells [ 119 – 121 ]. 
However, a concern for directly applying growth factors in cell transplantation is 
that most of the growth factors have a relatively short half-life and the stimulative 
effect cannot last long [ 122 ,  123 ]. Encapsulation of growth factors in hydrogels not 
only protects the growth factors but also allows them to gradually release out [ 124 –
 126 ]. IGF-1 and HGF are two well-known prosurvival growth factors. Fibroblast 
growth factor (FGF) [ 127 ], platelet-derived growth factor (PDGF) [ 128 ], and vascu-
lar endothelial growth factor (VEGF) [ 129 ] are the commonly used angiogenic 
growth factors. bFGF also has prosurvival function as it enhanced MSC survival 
under ischemic conditions [ 130 ]. To accelerate the regeneration of cardiac tissue, 
specifi c growth factors can be applied together with prosurvival and angiogenic 
growth factors to promote stem cell differentiation into functional cardiomyocytes 
and/or augment maturation of cardiomyocytes [ 131 – 133 ]. 

 Li et al. fabricated a bFGF-releasing system based on a thermosensitive and 
degradable hydrogel [ 130 ]. The bFGF was able to sustainably release from the 
hydrogel in a 2-week period (Fig.  12.5 ). The released bFGF signifi cantly enhanced 
MSC survival under ischemic conditions typical of the infarcted heart tissue. 
Koudstaal et al. developed an IGF-1- and HGF-releasing system that activated and 
increased the proliferation of endogenous cardiac stem/progenitor cells (eCSCs) 
after MI [ 134 ]. When the system is applied into porcine MI model, a new cardio-
myocyte formation and capillary density increase were observed. In addition, car-
diac function was improved.

   Besides the ischemic effect, immune rejection also compromises the survival of 
transplanted cells. Small cytotoxic molecules secreted by neutrophils and macro-
phages, such as reactive oxygen species (ROS), TNF-α, and IL-1-β, are able to 
infi ltrate into the hydrogel, triggering cell apoptotic pathways and leading to cell 
death and additional cytokine secretion [ 135 – 142 ]. Anti-infl ammatory molecules 
either bind to proinfl ammatory cytokines or reduce their bioactivity. Therefore, 
combining hydrogels with anti-infl ammatory molecules may provide immune pro-
tection for the transplanted cells. Hume et al. modifi ed PEG hydrogel with superox-
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  Fig. 12.5    Release of bFGF to augment MSC survival under low nutrient and oxygen conditions 
[ 132 ]. ( A ) Hydrogel structure; ( B ) release kinetics of bFGF loaded in the hydrogel. bFGF loading 
was 10–50 μg/mL, respectively. The error bars are small; ( C ) MSC survival in hydrogels cultured 
under different conditions. Culture conditions, 10 % FBS and 21 % oxygen, 1 % FBS and 21 % 
oxygen, 1 % FBS and 5 % oxygen, and 1 % FBS and 1 % oxygen. dsDNA content was used to 
quantify cell number in the hydrogels. The dsDNA content at day 1 was used for normalization       
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ide dismutase mimetic (SODm). After encapsulation of cells in the functionalized 
hydrogel system, the cells showed improved metabolic activity [ 143 ], indicating 
that the transplanted cells were protected from ROS damage. Lin et al. conjugated 
peptide WP9QY (YCWSQYLCY) on to PEG hydrogel to prevent attack of TNF-α 
cytokine to the encapsulated cells [ 144 ]. Su et al. modifi ed PEG hydrogel with anti- 
infl ammatory peptides and RGD peptide to provide early protection of encapsulated 
cells in the presence of TNF-α and IL-1-β [ 117 ]. In both studies, cell survival and 
engraftment improvement were observed and cell function was prolonged. Guo 
et al. found that IGF-1 offered MSCs the ability to play antiapoptotic and anti- 
infl ammation roles in post-myocardial infarction [ 145 ]. Therefore, encapsulation of 
IGF-1 in the hydrogel may be a good approach to increase survival of the engrafted 
cells in the ischemic hearts, decrease cell apoptosis, and inhibit secretion of infl am-
mation cytokines like TNF-α, IL-1-β, and IL-6.  

12.3.2.2     Cardiac Patch-Based Cell Delivery System 

 Three forms of cardiac patches have been used for cardiac cell delivery, i.e., hydro-
gel, microporous foam, and fi brous scaffold. The hydrogels have small pores usu-
ally in nanometer scale. The microporous foams and fi brous scaffolds have larger 
pore size which may allow encapsulated cells to proliferate inside. 

 A widely used hydrogel-based cardiac patch is collagen. Collagen has excellent 
biocompatibility and bioactivity. Eschenhagen et al. developed a cardiac patch 
based on collagen gel and rat cardiomyocytes [ 146 ]. The cardiomyocytes were fi rst 
mixed with collagen solution followed by collagen gelation to form 3D tissue 
 constructs. The tissue constructs were able to contract. The contraction force can be 
signifi cantly improved by incorporation of Matrigel into collagen. After 12 days of 
culture, the 3D tissue constructs were implanted into infarcted rat hearts. By 4 
weeks, cardiac function was signifi cantly improved as the myocardial dilation was 
attenuated and the wall thickness was increased. One of the advantages of using 
collagen gel is that cells can elongate inside which may improve cell functioning 
and cell-cell communication [ 2 ]. A major disadvantage of collagen-based patch is 
weak mechanical properties. To increase mechanical properties, collagen gel was 
combined with methylated hyaluronic acid. The mechanical properties can be read-
ily modulated by the concentration of the methylated hyaluronic acid [ 25 ]. 

 Microporous foams have larger pores than intact hydrogels, thus facilitating the 
transport of nutrients, oxygen, and metabolic molecules and removal of waste. 
Microporous foams also possess large surface area and high porosity, which make 
them suitable for cell attachment, cell migration, and cell-cell communication. In 
addition, the interconnected pores allow for vascularization. Microporous foams 
can be prepared by techniques like thermally induced phase separation [ 147 ], salt 
leaching [ 148 ], and microfabrication (for creating complex geometries) [ 149 ]. The 
microporous foams can be designed with ordered channels or accordion-like honey-
combs to induce cell alignment [ 149 ]. For example, poly(glycerol sebacate) scaf-
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fold with accordion-like structure induced cardiomyocytes to form anisotropic 
morphology and possess mechanical properties closely matching those of the native 
heart tissues [ 150 ]. Microporous collagen scaffold can be tailored to have an elastic-
ity modulus matching that of native heart tissue (10–15 kPa) [ 151 ]. Induced pluripo-
tent stem cell-derived cardiomyocytes (iPSC-CMs) were seeded in the collagen 
scaffold and implanted into infarcted hearts following 3 days of in vitro culture. 
After 2 weeks of implantation, the constructs and iPSC-CMs integrated with host 
myocardium resulting in augmented cardiac function [ 152 ]. One of the limitations 
in using microporous foams is the diffi culty to homogeneously seed high density of 
cells within the 3-D structure, and cells are unable to migrate into the inner parts of 
the foam due to the limited diffusion length of the nutrients and oxygen. In addition, 
a risk of residual chemicals exists if harsh chemical conditions are required to fab-
ricate the porous structure [ 153 ]. 

 Fibrous scaffolds have also been utilized for cardiac tissue regeneration because 
of their capacity of closely mimicking the nanoscale of collagen fi bers within the 
myocardium. The fi bers can also be fabricated to follow an aligned morphology of 
collagen fi bers. The aligned fi bers have two advantages: (1) facilitating the seeded 
cardiomyocytes to align and assume the morphology exhibited in the native myo-
cardium [ 154 ] (the aligned cells have been shown to generate higher contraction 
force) [ 154 ] and (2) allowing to mimic anisotropic mechanical properties of the 
myocardium. The fi brous scaffolds are usually fabricated by electrospinning. In a 
typical electrospinning setup, an electric fi eld is created between a positively 
charged needle and a negatively charged collector. The polymer solution is ejected 
from the needle, and the fi bers are formed after solvent evaporation. The properties 
of the fi brous scaffolds, like fi ber morphology, alignment, diameter, and density, are 
tunable by adjusting the polymer type, solvent type, polymer solution  concentration, 
ejection rate, electric voltage, and rotation speed of the collector [ 155 ]. Guan et al. 
developed a nanofi brous poly(ester carbonate urethane)urea (PECUU) scaffold 
seeded with MSCs [ 156 ]. The electrospun scaffolds had a similar anisotropic struc-
ture and stiffness along a cross fi ber-aligned orientation to native myocardium. The 
cells were electrosprayed and homogeneously distributed within the scaffolds. After 
7 days of culture, the seeded cells were aligned within the scaffolds. Interestingly, 
the alignment induced the MSCs to differentiate toward cardiac lineage (Fig.  12.6 ).

   Besides fi ber alignment, fi ber modulus and density have potential effect on car-
diac differentiation. Xu et al. fabricated fi brous scaffolds seeded with cardiosphere- 
derived cells (CDCs) using a simultaneous electrospinning/electrospraying 
technique [ 157 ]. Tissue constructs with similar cell adhesion property but different 
global modulus, single fi ber modulus, fi ber density, and fi ber alignment were devel-
oped. The CDC cardiac differentiation was found to be dependent on the scaffold 
modulus, fi ber volume fraction, and fi ber alignment. The constructs with modulus 
of ∼50–60 kPa most signifi cantly directed the cardiac differentiation. Comparing 
constructs with similar modulus, the extent of differentiation was greater for lower 
fi ber alignment and higher fi ber volume fraction.    
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  Fig. 12.6    Aligned fi bers and uniaxial strain induced cell alignment and promoted cardiac differ-
entiation [ 158 ]. ( a ) SEM image of aligned fi bers; ( b ) representative Z-stack confocal images and 
cell anisotropic index (CAI) of MSCs in the tissue constructs stretched at different strains (0, 25, 
50, and 75 %) on day 7. F-actins of the cells were stained with rhodamine phalloidin. All images 
were taken at a depth of 45 μm; ( c ) real-time RT-PCR analysis of cardiac-specifi c genes, GATA4, 
Nkx2.5, and MEF2C, and calcium channel CACNA1c. MSCs cultured on tissue culture plate were 
used as control (ctrl). The expression of these genes in control group was used for normalization           

12.4     Antifi brotic Therapy 

 After MI, cardiac fi brosis (scar tissue) naturally forms. It is characterized by exces-
sive accumulation of collagen and other ECM components at the infarcted area. 
Myofi broblasts have been found to be responsible for the cardiac fi brosis. After MI, 
myofi broblasts secrete excessive stiff collagen type I, leading to the increase in ratio 
of collagen type I/III and tissue stiffness. Cardiac fi brosis expands during the MI 
and develops from acute to later stages. This negatively affects systole and diastole 
function of the myocardium and ultimately leads to congestive heart failure if no 
effective treatment is made. 

 The goal of myocardial antifi brotic therapy is to prevent cardiac fi brosis from 
expanding in the infarcted area. Since it is widely accepted that activated myofi bro-
blasts are responsible for cardiac fi brosis, preventing myofi broblast formation repre-
sents a strategy to control cardiac fi brosis. Myofi broblasts are mainly differentiated 
from cardiac fi broblasts. As a major cell type in the myocardium, cardiac fi broblasts 
have a larger quantity than cardiomyocytes [ 158 ]. Cardiac fi broblasts play the role of 
maintaining ECM during homeostasis while keeping their quiescent form in a 
healthy heart [ 159 ]. After MI, cardiac fi broblasts interact with upregulated trans-
forming growth factor-β1 (TGF-β1) to differentiate into myofi broblasts [ 160 ,  161 ]. 
It has been confi rmed that the activated TGF-β binds to type II and type I serine/
threonine kinase receptors to activate the TGF-β/SMAD signaling pathway, which 
then drives the differentiation [ 162 – 164 ]. The hypersecretory myofi broblasts  produce 

 

Z. Fan et al.



371

Fig. 12.6 (continued)
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cytokines TGF-β to continuously promote the cardiac fi broblast differentiation into 
myofi broblasts. Unlike the myofi broblast in other organs, cardiac myofi broblast 
remains alive for years to keep contributing to the scar tissue formation [ 165 ]. 

 Fibrocyte differentiation is another source of myofi broblasts. After MI, fi bro-
cyte, a type of fi broblast-like peripheral cell, migrates to the infarcted site induced 
by chemokines such as CCL21 and CXCL12 [ 166 ,  167 ]. Besides morphological 
similarities, fi brocytes express the fi broblast-specifi c proteins, CD45 (leukocyte 
common antigen) and CD34 (  hematopoietic     and vascular cell marker). The expres-
sion of these two proteins concurrently decreases when the fi brocytes differentiate 
into myofi broblasts [ 168 ]. Besides CCL21 and CXCL12, IL-14, IL-13, and PDGF 
are also capable of regulating the fi brocyte differentiation [ 167 ,  169 ]. Epithelial-to- 
mesenchymal transition (EMT) is also a source of myofi broblasts, which is involved 
in transdifferentiation of epithelial cells into myofi broblast-like cells. During the 
transition, epithelial marker expression is downregulated while the mesenchymal 
marker expression is upregulated simultaneously [ 170 ,  171 ]. TGF-β contributes to 
the EMT process. Besides TGF-β, whether some other cytokines regulate this tran-
sition is still on debate [ 172 ,  173 ]. Endothelial-to-mesenchymal transition (EnMT) 
has emerged as a potential myofi broblast source in wound healing and progression 
of fi brosis. During the EnMT, the expression of endothelial cell markers, such as 
vascular endothelial cadherin (VE cadherin), is repressed. Meanwhile, endothelial 
cells are induced to express the mesenchymal cell products including α-SMA, col-
lagen type I, and vimentin [ 174 ]. Besides the phenotypic change, the involved cells 
become motile and are able to migrate to the surrounding tissues. Similar to EMT, 
EnMT can also be driven by TGF-β [ 174 ]. 

Fig. 12.6 (continued)
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12.4.1     Approaches Toward Antifi brotic Therapy 

 Once MI occurs, the differentiation of cardiac fi broblasts to myofi broblasts is the 
key step for the fi brosis cascade. Consequently, inhibiting the formation of myofi -
broblast is of great importance in the antifi brotic therapy. Since the upregulated 
cytokines and growth factors, such as TGF-β, Ang-II, and PDGF, drive the cellular 
transition to myofi broblasts, the current antifi brotic therapy mainly focused on 
reducing the amount of these cytokines and growth factors and attenuating their 
bioactivity. The antifi brotic drugs are typically administrated systemically by IV 
injection or oral intake. They can also be locally delivered using biomaterials as 
drug carriers. Besides antifi brotic drug therapy, biomaterial and biomaterial/cell 
therapies can also attenuate cardiac fi brosis (discussed in Sects.  2  and  3 ). 

12.4.1.1     Systemic Delivery of Antifi brotic Reagent 

 The antifi brotic drugs capable of reducing the amount and activity of the growth 
factors and cytokines can directly/indirectly inhibit the formation of myofi broblasts. 
It has been widely accepted that TGF-β is the major mediator that induces the fi bro-
blast-to-myofi broblast transition. Preventing the TGF-β from interacting with fi bro-
blasts may thus inhibit myofi broblast formation. TGF-β receptor I (ALK5)-specifi c 
inhibitors have been developed for this purpose. Various reports demonstrated that 
these inhibitors can largely reduce cardiac fi brosis leading to an improvement of 
heart function [ 175 ,  176 ]. In cardiac fi broblasts, angiotensin II induces the expres-
sion of TGF-β1 through angiotensin type I receptor [ 177 ]. Therefore, angiotensin 
receptor inhibitors may be used to reduce cardiac fi brosis [ 178 ,  179 ]. In addition, 
infl ammation plays a role in the formation of myofi broblasts since the cytokines 
released in this process, such as IL-1β and TNF-α, can promote the proliferation of 
cardiac fi broblasts [ 180 ]. Drugs capable of suppressing infl ammation in the infarcted 
area may thus decrease the proliferation and reduce cardiac fi brosis [ 181 ]. 

 The antifi brotic drugs introduced above are mainly administrated through either 
IV injection or oral intake. These systemic drug delivery approaches are convenient 
to operate. However the disadvantage is that extremely low dosage can be allocated 
to the infarcted area. Increasing the initial drug dosage may lead to toxic effect. 
Localized delivery of these drugs is a potential approach to address these 
concerns.  

12.4.1.2     Localized Delivery of Antifi brotic Agents with Biomaterials 

 Localized delivery of antifi brotic agents with biomaterials has two advantages: (1) 
increases the drug retention in infarcted area and (2) allows drugs to be continu-
ously released from biomaterials. Repeated injection of drugs is thus unnecessary. 
Studies have demonstrated that delivery of antifi brotic growth factors with 
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injectable hydrogels is an effective way to reduce cardiac fi brosis. HGF is known as 
an antifi brotic growth factor, due to its function of binding c-met and promoting 
apoptosis of myofi broblasts via PI3K/Akt/p70 signaling pathway [ 182 – 184 ]. 
Besides antifi brotic property, HGF possesses proangiogenic, antiapoptotic, and car-
dioprotective effects [ 185 – 188 ]. Nakano et al. developed a novel porous gelatin 
patch for HGF delivery. The advantage of using gelatin is that it can be entirely 
proteolyzed in the body, therefore minimizing the infl ammatory and pharmacologi-
cal responses in vivo [ 189 ]. The HGF was able to continuously release from the 
patch for 2 weeks in vitro [ 190 ]. After 2 and 4 weeks of implantation, the scar size 
was signifi cantly decreased. This led to the increase of cardiac function. 

 Co-delivery of growth factors may better attenuate cardiac fi brosis than delivery 
of single growth factor. IGF-1 has strong antiapoptotic effect [ 191 – 193 ]. The deliv-
ery of IGF-1 together with HGF can largely decrease tissue apoptosis, resulting in 
reduced scar size. The delivery of two growth factors can also induce resident car-
diac stem cell migration and activation to promote new myocardium formation 
[ 194 ]. Ruvinov et al. developed an alginate-based IGF-1/HGF co-delivery system 
and tested in rat acute MI model [ 195 ]. In vitro, the IGF-1 and HGF are completely 
released from the alginate for 3 and 7 days, respectively. The faster release of IGF-1 
was due to its lower molecular weight. The burst release of IGF-1 provided a pro-
survival signal to the cardiac cells to reduce apoptosis [ 196 ], while a relatively 
slower HGF release was able to play anti-infl ammation, pro-angiogenesis, and anti- 
fi brosis roles in the later phases (Fig.  12.7 ). VEGF is a potent proangiogenic factor 
that improves regional blood fl ow following MI [ 171 ,  197 ]. HGF and VEGF were 
encapsulated into a degradable PEG hydrogel and delivered into infarcted hearts 
[ 198 ]. Twenty-one days after the implantation, the fi brosis was remarkably reduced. 
The delivered VEGF also exerted its proangiogenic effect as the vessel density was 
remarkably increased [ 199 ,  200 ].

   Besides approaches discussed above, delivery of pure biomaterials and biomate-
rials/cells in the infarcted hearts has been found to decrease cardiac fi brosis. The 
underlying mechanisms include decreasing tissue infl ammation, promoting cardiac 
tissue regeneration, augmenting native cell survival, and increasing tissue vascular-
ization [ 201 ].    

12.5     Conclusions and Prospectives 

 Biomaterials and cell therapies are promising approaches to treat MI. Biomaterial- 
only therapy improves cardiac function by providing mechanical support and an 
environment for host cell survival and proliferation. Addition of biomolecules such 
as drug, growth factor, and peptide may facilitate cardiac function improvement by 
further promoting host cell survival and proliferation, stimulating cell recruitment, 
controlling infl ammation, and inducing angiogenesis. However, myocardial regen-
eration may not be readily achieved by biomaterials or biomaterial/biomolecule 
therapy. Cell therapy is necessary. Cardiomyocytes and stem cells that differentiate 
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into cardiomyocytes can directly regenerate myocardium, while those stem cells 
that do not differentiate into cardiomyocytes but provide paracrine effects can indi-
rectly regenerate myocardium. However, the effi cacy of current cell therapy is low 
because of low cell engraftment. Low cell retention and inferior cell survival are 
two major causes. Using biomaterials like injectable hydrogels and scaffolds may 
improve cell retention. Yet current hydrogels have long gelation time. This makes it 
impossible to largely increase cell retention. The development of hydrogels with a 
fast gelation rate may address this issue. Different approaches have been explored 
to augment survival of transplanted cells in the ischemic conditions of infarcted 
hearts. While they can improve cell survival to some extent, further studies on the 
long-term effect of these approaches on cell survival, functioning, and differentia-
tion are needed. 

 Control of cardiac fi brosis after MI is necessary because it will prevent the dam-
aged hearts from progressing into heart failure. Systemic delivery of antifi brotic 
drugs is a convenient approach and widely used in clinics. However, the low drug 

  Fig. 12.7    The promotion of myocardial repair by the sequential delivery of IGF-1 and HGF from 
an injectable alginate biomaterial in a model of acute myocardial infarction [ 197 ]. ( A ) IGF-1 and 
HGF release from affi nity-binding alginate microbeads was analyzed by ELISA using antibodies 
specifi c to human IGF-1 and HGF. The sequential IGF-1/HGF delivery promotes angiogenesis ( B ), 
attenuates infarct expansion, ( C ) and reduces fi brosis ( D )       
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dosage allocated to the heart and side effects limits the therapeutic effi cacy. 
Localized delivery of antifi brotic drugs together with biomaterials can improve the 
effi cacy. Since the delivered biomaterials may prevent the heart tissue from rupture, 
this approach may control cardiac fi brosis immediately after MI so that the pro-
cesses that initiate the cardiac fi brosis can be inactivated. The biomaterials may also 
decrease the elevated wall stress-induced infl ammation. The gradual release of anti-
fi brotic drug from the biomaterials can extend the therapeutic effect for long-term 
control of cardiac fi brosis. Overall, the current antifi brotic therapy has low effi cacy. 
The development of new and translational delivery approaches to improve the effi -
cacy will push the antifi brotic therapy toward clinical application.     
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