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v

Tissue engineering and regenerative medicine is an interdisciplinary field that 
involves the study and development of biomaterials, scaffolds, organs, and 
implants for the society. Tissue and organ shortage is a major public health 
challenge with only a percentage of deserving people receiving transplantation. 
Many of them are in waiting lists for the tissue and organ. The promising 
advancement in the field of tissue engineering and regenerative medicine results 
in the regeneration or replacement of a variety of organs and tissues including 
the heart, kidney, skin, and liver. In connection with this, we are very pleased to 
launch our next edition of the textbook Biomimicked Biomaterials for Tissue 
Engineering and Regenerative Medicine volume II smart materials, discussing 
on the recent advancement in this field using different materials and techniques. 
We have attempted to maintain the highest standard of excellence, truthfulness, 
and pedagogy developed by the publishers that address wide audience (includ-
ing countless students of biological science, medicine, veterinary, dentistry, 
materials science, engineering, and physics worldwide; bachelor, master, PhD 
students; researchers, and company professionals) who intent to update and 
invent new biomaterials for the tissue engineering and regenerative medicine 
applications. At the same time, we are very focused on the evolving need of the 
students and researchers in updating their career in the developing field of bio-
inspired materials. This book is a continuation of my previously published 
book Novel Biomaterials for Regenerative Medicine and comprehensive 
reviews on Cutting-Edge Enabling Technology for Regenerative Medicine.

The contents of this book are divided into 4 parts with 13 chapters address-
ing the recent findings and reports being investigated by a prominent researcher 
in this field from different parts of the world. The first part of this book con-
sists of two chapters discussing the novel biomimicked biomaterials for 
regenerative medicine. Chapters 1 and 2 focused on the decellularized bone 
matrix and their application in the field of bone/tissue engineering and regen-
erative medicine. The second part consists of four chapters discussing the 
novel biomimicked hydrogel for regenerative medicine. Chapters 3, 4, and 5 
deal with different types of hydrogels for protein, peptide delivery, and 3D cell 
encapsulation for tissue engineering and regenerative medicine, and Chap. 6 is 
about the application of gellan gum incorporated demineralized bone in enhanc-
ing osteochondral tissue regeneration. The third part consists of four chap-
ters discussing the control of stem cell fate by biomaterials for regenerative 
medicine. Chapter 7 deals with the extracellular vesicle integrated biomaterial 
for bone regeneration, Chap. 8 gives an overview of the biocompatibility of 
biomaterial device, and Chaps. 9 and 10 discuss about the cell response to 
material and their patterns for biomedical engineering. The fourth part con-
sists of three chapters discussing the nano-intelligent biocomposites for 
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regenerative medicine. Chapter 11 discusses about the polyphenols in the 
fibrillization of islet amyloid polypeptide while Chap. 12 about the recent 
advances on the biphasic calcium phosphate bioceramics for bone tissue regen-
eration. Finally, Chap. 13 gives an overview about the surface-modifying poly-
mers for blood-contacting polymeric biomaterials.
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Feet-Derived Collagen Scaffold 
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Abstract

Collagen is an important component that 
makes 25–35% of our body proteins. Over the 
past decades, tissue engineers have been 
designing collagen-based biocompatible 
materials and studying their applications in 
different fields. Collagen obtained from cattle 
and pigs has been mainly used until now, but 
collagen derived from fish and other livestock 
has attracted more attention since the outbreak 
of mad cow disease, and they are also used as 
a raw material for cosmetics and foods. Due to 
the zoonotic infection using collagen derived 
from pigs and cattle, their application in devel-
oping biomaterials is limited; hence, the 
development of new animal-derived collagen 

is required. In addition, there is a religion 
(Islam, Hinduism, and Judaism) limited to 
export raw materials and products derived 
from cattle and pig. Hence, high-value colla-
gen that is universally accessible in the world 
market is required. Therefore, in this review, 
we have dealt with the use of duck’s feet- 
derived collagen (DC) as an emerging alterna-
tive to solve this problem and also presenting 
few original investigated bone regeneration 
results performed using DC.

Keywords

Duck’s feet · Collagen · Extraction · 
Biomaterial · Scaffold · Bone marrow stem 
cell · Differentiation · Bone · Regeneration · 
Tissue engineering

1.1  Introduction

The body has homeostasis to maintain its normal 
physiological functions up to the certain limit for 
all external damages. When a disorder such as 
bone loss or bone defect occurs due to disease or 
trauma, signaling activation starts to recover to a 
normal state, and regeneration phenomenon 
occurs by removing damaged tissue cells [1]. 
Although the mild bone disorder can be cured 
through methods such as pharmacotherapy or 
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physiotherapy, and if recovery is not possible in 
such methods, the damaged tissue is recovered 
and transplanted (critical defects such as average 
diameters of 2 cm) [2, 3].

Autografts are known to be the most ideal 
method used till now because they contain impor-
tant factors for bone formation in autogenous 
bone. However, autografts have limitations, since 
they are considered to leave bone defects in the 
withdrawal sites, with the risk of severe infection 
or pain in the defect area, and have limitations in 
the harvested bone volume [4–6]. Homografts 
are a typical substitution method, where the 
donors’ availability is very limited, and after 
implantation immunosuppressants need to be 
administered to avoid immune rejection. 
However, there is a risk of infection with viral 
diseases [7], whereas, in the case of heterograft 
(xenograft), the bone is absorbed or it is immuno-
logically problematic to the recipient.

Therefore, a bone substitute is prepared using 
a metal, ceramic, natural, or synthetic polymer to 
regenerate the physiological function of the 
removed tissue or replace the tissue itself with a 
material having a similar function [8, 9]. Among 
the biomaterials used for bone tissue engineering, 
bone fixation materials made of metal are consid-
ered and given first priority, followed by ceram-
ics such as calcium phosphate, hydroxyapatite, 
and tricalcium phosphate (TCP) [10, 11]. 
However, in the case of conventional metals or 
ceramics, their structure plays a role of the extra-
cellular matrix. Therefore, it cannot provide 
physiological activity functions necessary for 
cell survival. Thus, extracellular matrices are arti-
ficially extracted and cell culture tissues are to be 
reconstructed in the natural cellular biological 
environment to mimic them. In other words, 
research is underway to treat tissue engineering 
[8]. Bioabsorbable synthetic polymers such as 
polylactic acid (PLA), polyglycolic acid (PGA), 
poly lactic-co-glycolic acid (PLGA), etc., are 
biocompatible and biodegradable; hence they are 
widely used as biomaterials [12, 13]. However, 
they cannot actively induce bone formation. 
Therefore, as a study to produce natural bone, 
natural tissue was used to make scaffolds mim-

icking the morphology of the human tissue, and 
then the extracellular matrix was directly or indi-
rectly provided for cell adhesion, proliferation, 
and differentiation. Biomaterials rich in type I 
collagen are widely used as bone regeneration 
materials in tissue engineering [14–16]. The bone 
is composed of a large amount of bone matrix 
existing between the cells. The majority of the 
bone matrix is composed of 35% of the organic 
component composed of the collagen fibers, 45% 
of the inorganic component composed of cal-
cium, and 20% of the water [17, 18]. In particu-
lar, type I collagen is known to form bone and 
deposit minerals. It is also known that osteogenic 
proteins and osteoclast progenitor cells promote 
the action of these substances and serve as regu-
latory sites for cell attachment [19, 20]. In addi-
tion, collagen is biocompatible, non-cytotoxic, 
and biodegradable and has hemostatic properties 
and low inflammatory host response [21–24]. 
However, collagen alone is not as effective in 
bone formation. When combined with the 
ceramic material, it shows bone conductivity and 
when combined with bone marrow component 
and growth factors, it becomes bone-inducing 
substance.

Collagen extracted from pigs and cattle was 
widely used for bone tissue engineering biomate-
rial. However, these types of collagen may induce 
immune response or zoonotic infection (foot-
and-mouth disease of the pig, mad cow disease of 
cattle, etc.) [25]. Also, theses animals may cause 
religious issue (Islam, Hinduism, Judaism) which 
may limit the application. Alternatives have been 
suggested by extracting collagen from other 
resources. For example, collagen extracted from 
marine organisms have been reported to be safe 
in vivo and do not generate zoonotic infection 
when compared to collagen derived from cattle 
and pigs. However, despite its high biocompati-
bility, marine collagen is unstable for practical 
application due to its low denaturing temperature 
and rapid rate of biodegradation [26–29]. Thus, it 
is an important challenge to develop alternative 
collagen resources that do not produce toxic sub-
stance and have stable property. 

J. E. Song et al.
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Therefore, in this review, we will discuss the 
components of duck’s feet-derived collagen (DC) 
that is biocompatible, stable, and free from 
 zoonotic infection and their application in bone 
regeneration.

1.2  The Extraction Method 
and Components of DC

1.2.1  Components of DC

Collagen is a protein that accounts for 25–35% of 
the total protein in the human body. To date, 
about 29 types of collagen have been found [27, 
30, 31]. Collagen has various types of α-chains 
depending on the type of protein in the connec-
tive tissue. And a large type of collagen is formed 
by a combination of these. Type I collagen is 
30 nm in length and 1.5 nm in diameter. It is com-
posed of about 1000 amino acids and has a triple 
helix structure (two α1-chain and one α2-chain) 
[32, 33]. In addition, type I collagen accounts for 
90% of human collagen and is reported to be 
found in skin, bones, ligatures, vascular, connec-
tive tissue, etc. [34–36].

Kim and Ko et  al. reported the molecular 
weight of DC by sodium dodecyl sulfate- 

polyacrylamide gel electrophoresis (SDS-PAGE) 
and found two α-chains (α1, α2) with molecular 
weight ranging from 110 to 130  kDa and one 
β-chain molecular weight of 235 kDa (as shown 
in Fig. 1.1a) [37–39]. It was confirmed that the 
DC is same as the composition of type I collagen, 
and it has almost similar molecular weight as 
compared with commercially available porcine 
collagen (PC, Sewon Cellontech Co., Ltd.) and 
collagen from rat tail (Sigma-Aldrich, USA).

As a result of FTIR measurement, amide A 
peak was observed at 3300 cm−1, together with 
amide B at 2876  cm−1, amide I at 1634  cm−1, 
amide II at 1544 cm−1, and amide III at 1236 cm−1, 
respectively. As a result, it was confirmed that 
similar peaks were also observed with PC 
(Fig.  1.1b). In addition, SIS and DBP analysis 
showed a similar peak as reported in Cha’s study 
[40].

In addition, Sewon Cellontech Co., Ltd. con-
ducted a test analysis based on ASTM F2212–11 
(Standard guide for characterization of type I col-
lagen as starting material for surgical implants 
and substrates for tissue-engineered medical 
products) for the characterization of a prototype 
of DC as shown in Table 1.1.

Based on these results, the collagen derived 
from flippers is expected to have a positive effect 

Fig. 1.1 (a) SDS-page of DC [37] and (b) FT-IR spectra of DC and PC (original data, not published)

1 Bone Regeneration Using Duck’s Feet-Derived Collagen Scaffold as an Alternative Collagen Source
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on bone reconstruction and regeneration, as the 
major constituent is composed of type I 
collagen.

1.2.2  Extraction of DC

DC is extracted using the method followed by Song 
et al. [39, 40] (Fig. 1.2). Firstly, duck’s feet were 
washed with distilled water. To remove blood from 
the flippers, they were cut using a blade and 
immersed in 70% alcohol for 3 h. Then, they are 
immersed into 0.5 M NaOH solution for 24 h to 
remove fat from tissue and followed by washing 
with methanol and chloroform solution in 3:1 ratio, 
acetone, alcohol, and distilled water, respectively. 
The duck’s feet were stirred in 5% citric acid for 
24 h. Then the mixture was crushed in a blender 
and mixed with 3 g pepsin for 48 h. After removal 
of a precipitate, the supernatant was collected and 
centrifuged at 12,000 rpm for 15 min. The precipi-
tated collagen was treated with alcohol and centri-
fuged at 3500  rpm for 5  min. Subsequently, 
precipitated collagen was lyophilized.

1.3  Scaffolds Based on DC

1.3.1  Characteristics 
and Immunological 
Responses of Scaffolds Based 
on DC

First, physical properties and inflammatory 
response according to the type of DC scaffolds 
are evaluated. The scaffolds are prepared in dif-
ferent forms such as gel and fiber with the differ-
ent manufacturing method including 
freeze-drying to lyophilize the solution, solvent 
casting, particulate leaching, phase separation, 
gas foaming, electrospinning, etc., [41–44]. 
Table 1.2 summarizes the different scaffold pre-
pared and studied using DC till date. DC-related 
studies were mainly applied to skin and bone 
regeneration.

The research data from the articles in Table 1.2 
shows the result of DC physical properties analy-
sis; DC sponge showed compressive strength of 
0.04~2 MPa, the pore size of 283~295 μm, and 
porosity between 52 and 87%. In addition, the 

Table 1.1 Component analysis of prototype DC of Sewon Cellontech

Type I collagen Type III collagen Lipid Glycosaminoglycan Elastin Inorganic
Over 97.0% 2.0% 0.0% 0.0085% 0.0168% 0.00%

Fig. 1.2 Schematic process of the extraction of the duck’s feet collagen

J. E. Song et al.
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compressive strength of DC/HAp sponge, which 
is widely used for bone regeneration, was 
observed to be 0.14~3.5 MPa higher than that of 
DC sponge, whereas the pore size and porosity 
were decreased. This change was due to more 
attachment of HAp to the porous wall as the HAp 
penetrates between the pores in the collagen 
sponge when soaking them in the simulated body 
fluid (SBF) solution.

Kim et al., studied the production of reactive 
oxygen species (ROS) through flow cytometry 
analysis (FACS) to analyze the inflammatory 
response of DC/PLGA scaffolds prepared in dif-
ferent combination (0, 10, 20, 40, and 80  DC/
PLGA) [50]. As a result, the 80 DC/PLGA group 
containing the maximum amount of DC was the 
closest to the negative control TCP, and with the 
weakest fluorescence intensity measurement 
(Fig.  1.3a). In addition, RT-PCR confirmed the 
expression of tumor necrosis factor-alpha (TNF- 
α), an inflammatory cytokine that was markedly 
decreased TNF-α expression in the 80 DC/PLGA 
scaffold with a high DC content (Fig. 1.3b). The 
inflammatory response of gellan gum (GG) and 
DC/GG sponge was confirmed by Song et al.; as 
a result, the expression of TNF-α, COX-2, and 
IL-1β was observed to be lower in the DC/GG 

sponge, and the number of ED-1-positive cells in 
DC/GG sponge was significantly decreased even 
in the immunochemical ED-1 staining [51]. 
These results are consistent with the conclusion 
that collagen and DC help in reducing inflamma-
tion [52–54].

1.3.2  Application of Scaffolds Based 
on Duck’s Feet-Derived 
Collagen for Bone 
Regeneration

We prepared 2% DC and 2% PC sponge using 
DC prototypes (Sewon Cellontech Co., Ltd), and 
commercially available porcine collagen (PC, 
Sewon Cellontech Co., Ltd). Physiochemical 
characteristics, cell proliferation, ALP analysis, 
and animal experiments were compared. As a 
result of observing cell proliferation on the sev-
enth day after seeding rabbit bone marrow stem 
cells (rBMSC) into a sponge, cell viability was 
high in DC and PC, similar with time (Fig. 1.4a) 
In order to confirm the degree of bone differentia-
tion, ALP activity analysis showed that the PC 
sponge activity was more than DC sponge. 
Figure 1.4b shows that the difference is insignifi-

Table 1.2 Various forms of DC scaffold fabrication and their application

Form polymers
Fabrication 
techniques Cross-linking agent Cell

Target 
tissue Refs.

Sponge DC Freeze- 
drying

0.25% glutaraldehyde for 
4 h, 0.1 M glycine for 
24 h

RAW 264.7, 
NIH/3 T3

Skin [40]

Sponge DC/silk Freeze- 
drying

0.3 w/v% Genipin for 
24 h

NIH3T3 Skin [37]

Hydrogel DC/PVA Freeze- 
thawing

– NIH3T3 Skin [45]

Sponge DC/silymarin, 
hydroxyapatite (HAp)

Freeze- 
drying

0.25% glutaraldehyde for 
4 h, 0.1 M glycine for 
24 h

rBMSC Bone [46]

Sponge DC/epigallocatechin 
gallate (EGCG)/HAp

Freeze- 
drying

0.25% glutaraldehyde for 
4 h, 0.1 M glycine for 
24 h

rBMSC Bone [47]

Sponge DC/demineralized 
bone particles (DBP)

Freeze- 
drying

0.25% glutaraldehyde for 
4 h, 0.1 M glycine for 
24 h

rBMSC Bone [48]

Scaffold DC/PLGA Particulate 
leaching

– RAW 264.7, 
NIH3T3, 
rBMSC

Bone [39, 
49, 
50]
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cant. This demonstrates the feasibility of com-
mercialization of DC as a prototype for the bone 
regeneration ability compared with PC, which is 
already a commercial product.

However, many studies have reported that the 
addition of polymers and biomolecules to DC 
can more effectively increase the mechanical 
properties and bone regeneration ability of these 
DC-based scaffolds. Therefore, in order to rein-
force the mechanical properties of the fabricated 
DC sponge, studies using a HAp coating or a 
polymer blend along with bioactive molecules 
for enhancing bone conduction and induction 
were examined.

Kuk et  al. evaluated the osteogenic effect of 
DC/PLGA scaffolds by adding DC (0, 10, 20, 40, 

60, 80% of PLGA weight) to the PLGA solution 
[39]. The compressive strength of the PLGA 
scaffolds was about 4.4 Mpa, while the compres-
sive strength was observed to be decreased as the 
content of DC increased. However, when the 
BMSC was seeded on the scaffolds, the higher 
the content of DC, the compressive strength 
increased with biocompatibility. It was reported 
that, as BMSC proliferated, the compressive 
strength increased due to the formation of ECM 
and mineral deposition. The MTT measurement 
showed that the proliferation of BMSCs was 
increased with time in the 80% DC/PLGA scaf-
fold, and the ALP activity was also increasing 
with time in the 80% DC/PLGA scaffold. In 
addition, after subcutaneous implantation of the 

Fig. 1.3 Antioxidant and anti-inflammatory activity of DC/PLGA. (a) The flow cytometry analysis and (b) gene 
expression of TNF-α [50]

Fig. 1.4 Evaluation of rBMSCs proliferation through MTT assay (a) and ALP activity (b) on DC and PC sponges after 
1, 7, 14, 21, and 28 days

J. E. Song et al.
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scaffold in the nude mouse for 1 and 4  weeks, 
cytoplasm formation and osteogenesis were eval-
uated by H&E and von Kossa staining. As time 
increased in the 80% DC/PLGA group, mineral 
deposits were observed to be more active than the 
other groups.

Song et  al., supported the in  vivo study of 
bone regeneration effects of 80% DC/PLGA 
[49]. As a result, bone regeneration was observed 
in the order of blank, PLGA, PLGA  +  BMSC, 
80  DC/PLGA, and 80  DC/PLGA  +  BMSC.  In 
particular, it was confirmed that the DC/PLGA 
scaffold was superior to the PLGA scaffold. This 
is because type 1 collagen, a component of DC, 
promotes osteoblast differentiation and acceler-
ates bone formation. Also, epigallocatechin gal-
late (EGCG), quercetin (Qtn), and silymarin 
(Smn) belonging to the group of flavonoid have 
been reported to help bone growth with their anti-
oxidant and anti-inflammatory effects [55].

Kook et  al. reported that EGCG, which is 
abundant in green tea, binds to tricalcium phos-
phate (TCP) particles and stimulates bone regen-
eration by increasing human osteoblast growth 
and mineralization in bone nodules [56]. After 
seeding the BMSCs in the sponge, cell prolifera-
tion and ALP activity were examined. As a result, 
the DC/HAp sponge had a higher cell prolifera-
tion rate and ALP activity at all the time points. 
However, the 1, 5 μM EGCG/DC/HAp sponge 
group containing EGCG showed better cell pro-
liferation and ALP activity than the DC/HAp 
group. In addition, scaffolds were transplanted 
into nude mouse subcutaneously, H&E and von 
Kossa staining were performed. As a result, it 
was confirmed that calcium deposition was 
increased in 5 μM EGCG/DC/HAp sponge group 
with an increase in bone mineralization.

Qtn reduces the activity of osteoclasts and 
inhibits bone resorption. It is reported that Qtn 
affects the growth and development of osteo-
blasts, increases osteoblastic differentiation, 
effectively promotes bone differentiation in stem 
cells, and enhances the function of differentiated 
osteoblasts [57, 58].

Song et  al. reported that among all the pre-
pared sponges in different concentration (0, 25, 
50, and 100 μM Qtn/DC/HAp), the cell prolifera-

tion rate, ALP activity, and Col I, OCN, and 
RUNX2 gene expression were observed to be 
higher in the 25 μM Qtn/DC/HAp sponge. This is 
because the Qtn acts as an inhibitor to inhibit cell 
proliferation. Therefore, it is described that when 
the concentration exceeds a certain level, the cell 
proliferation rate is lowered, and a 25 μM Qtn/
DC/HAp sponge seeded with BMSC cells is 
added to the skull defect model; after transplanta-
tion, micro-CT and histologic examinations were 
performed and confirmed that bone mineraliza-
tion increased significantly at 8 weeks. (Fig. 1.5).

Smn is known to be effective in bone fracture 
and osteoporosis treatment by controlling bone 
formation, as well as liver function improvement 
and antioxidant and anti-inflammatory effects 
[60]. Song et  al. reported that 0, 25, 50, and 
100 μM Smn/DC/HAp sponges were fabricated 
and cell proliferation and ALP activity of BMSCs 
seeded on sponges were observed to be increased 
as the concentration of smn increased [46]. In 
addition, since the expression of Col I and OCN 
were higher in the 100 μM Smn/DC/HAp sponge 
that may be due to Smn. Micro-CT and histologi-
cal staining also showed higher bone mineraliza-
tion in the 100 μM Smn/DC/HAp group than in 
the blank and DC/HAp groups, thus supporting 
this result (Fig. 1.6).

1.4  Conclusions

In this review, we have summarized the extrac-
tion method, the constituents of DC, and bone 
regeneration studies of DC-based scaffolds by 
mixing DC with bioactive molecules and poly-
mers. The results of in vitro and in vivo evalua-
tions showed that DC sponge alone exerts 
excellent effects on bone differentiation and 
regeneration. However, it was confirmed that the 
mixing of HAp, bioactive molecules, and poly-
mers improves mechanical properties and pro-
motes bone formation. This is because when 
HAp binds to DC sponge rich in type 1 collagen, 
which accounts for most of the extracellular 
matrix of bone, it is reconstituted with the bone 
matrix as minerals are deposited. In addition, 
bioactive molecules promote cell attachment, 

1 Bone Regeneration Using Duck’s Feet-Derived Collagen Scaffold as an Alternative Collagen Source
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proliferation, and bone differentiation. Thus, 
DC-based scaffolds are suitable as bone graft 
material because they provide an excellent envi-
ronment for the bone grafting. In addition, it can 
be produced in the form of a hydrogel such as 
bio-ink, and it can be applied not only to bone 
graft materials but also to other organ 
regeneration.
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Fig. 1.5 SD-Rat cranial bone regeneration after implantation at 2 and 8 weeks: (a) Micro-CT images and (b) Bone 
mineral density (BMD) and (c) Bone volume (BV) [59]

Fig. 1.6 Histological analysis of rat calvarial defects implanted with DC/HAp and Smn/DC/HA sponges after 8 weeks 
of implantation. H&E and MTS staining of the explant cross-section (Magnification = ×40, scale bar = 1 mm) [42]
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Decellularized Extracellular 
Matrices for Tissue Engineering 
and Regeneration
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Abstract

Decellularized extracellular matrices (dECMs) 
from mammalian tissues and organs are par-
ticularly interesting as scaffolds for tissue 
engineering and regeneration when consider-
ing their ability to retain chemical composi-
tions and three-dimensional (3D) 
microstructures that are similar to native 
ECMs. This review discusses the advantages 
and disadvantages of different decellulariza-
tion methods that use various agents, such as 
ionic and nonionic detergents and biological 
enzymes. The applications of dECMs as scaf-
folds or hydrogels for tissue engineering of 
specific tissues including heart valves, blood 
vessels, and skin, as well as their performance 
in  vitro and in  vivo, are also discussed. In 
addition, whole organ regeneration (i.e., the 

heart, kidney, liver) using dECM scaffolds has 
been explored, which are able to recapitulate 
partial functions of native organs.

Keywords

Decellularization · Recellularization · 
Extracellular matrices · Microstructure · 
Tissue engineering · Organ regeneration

2.1  Introduction

The replacement of damaged organs and tissues 
with artificial grafts has been widely performed 
to cure end-stage organ failure [1–7]. Because of 
a severe shortage of donated organs and compli-
cations that are associated after organ replace-
ment, such as thromboembolism [4, 6, 8] and 
calcification [9], new strategies are needed for 
tissue repair and regeneration, including tissue 
engineering [6, 9, 10] and cell therapy [11]. 
Various materials, including natural [7, 12–15] 
and synthetic [8, 16–18] materials, have been 
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explored as scaffolds for tissue engineering and 
cell delivery. Among these scaffolds, decellular-
ized extracellular matrices (dECMs) from mam-
malian tissues and organs are particularly 
interesting when considering their ability to 
retain chemical compositions and three- 
dimensional (3D) microstructures that are similar 
to native ECMs.

Extracellular matrices are native scaffolds for 
cells in different tissues and organs, comprising a 
complex mixture of fibrous proteins, such as col-
lagen, elastin, proteoglycans (PGs), and glycos-
aminoglycans (GAGs) [19]. Extracellular 
matrices also serve as a reservoir of essential 
growth factors and signaling molecules. 
Extracellular matrices that are derived from tis-
sues and organs can preserve native microstruc-
tures and compositions, such as proteins, growth 
factors, and GAGs, which is difficult to achieve 
with synthetic materials. Additionally, dECMs 
can be used as hydrogels that allow the delivery 
of cells, growth factors, and drugs to many sites 
of interest [20], including irregularly shaped ana-
tomical sites [21], using minimally invasive 
methods. Notably, ECM structures and compo-
nents can be damaged by the method of decellu-
larization that is adopted [1, 22]. Extracellular 
matrix decellularization should preserve the 
ultrastructure and composition while completely 
removing resident cells.

The present review discusses the advantages 
and disadvantages of different decellularization 
methods that use various agents, such as ionic 
and nonionic detergents and biological enzymes. 
The applications of dECMs as scaffolds or hydro-
gels and their performance in  vitro and in  vivo 
are also discussed from the perspective of spe-
cific organs and tissues.

2.2  Decellularization Methods

Cellular components of different tissues (e.g., 
heart valves, the dermis, the small intestine, etc.) 
and organs (e.g., the heart, liver, kidney, etc.) can 
be removed from their ECMs using various meth-
ods, including mechanical methods (i.e., 
freezing- thawing), chemical treatment (e.g., 

ionic or nonionic detergents and hyper- or  
hypotonic solutions), and enzymatic treatment 
(e.g., trypsin, DNase, and RNase). These meth-
ods are discussed in detail below.

2.2.1  Physical Methods

Physical methods include non-thermal irrevers-
ible electroporation, hydrostatic pressurization, 
mechanical stirring, and snap freezing, which can 
be used to dissociate tissue components and facil-
itate tissue decellularization. For example, non-
thermal irreversible electroporation (NTIRE) 
pulsed electrical fields can be used to cause 
nanoscale irreversible damage to the cell mem-
brane for decellularization of living tissues [23]. 
Electrode clamps were applied close to rat carotid 
artery’s bifurcation. An electric field of about 
1750 V/cm, 100 μs each, and a frequency of 1 Hz 
or 4  Hz were applied between the electrodes, 
which can efficiently ablate cells from the rat 
carotid artery. Compared with the control, NTIRE 
resulted in an artery that was largely decellular-
ized 3  days posttreatment. After 5  days, histo-
logical analysis showed that the Vascular smooth 
muscle cells (VSMCs) were almost completely 
ablated when treated with NTIRE.

High-hydrostatic pressurization has been 
applied to prepare decellularized porcine cornea 
[24]. Porcine corneas were pressurized at 
980 MPa at 10  °C or 30  °C for 10 min, which 
were further rinsed with an EGM-2 medium con-
taining 3.5% w/v dextran for 72  h. Translucent 
corneas were obtained (Fig.  2.1c, e) after com-
plete removal of the epithelial layer and stromal 
cells observed through HE staining (Fig. 2.1d, f). 
The superstructure of collagen fibrils can be 
retained in the sample treated with the pressur-
ization at 980 MPa at 10 °C (Fig. 2.1d), while the 
collagen fibrils were slightly loosened in the 
sample with the pressurization at 980  MPa at 
30 °C (Fig. 2.1f).

However, these physical methods are mainly 
used to disrupt cell membranes and inner struc-
tures. The complete removal of cells is difficult 
when using only these methods, unless they are 
combined with chemical or enzyme treatment.
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2.2.2  Chemical Treatment

2.2.2.1  Detergents
Ionic and nonionic detergents have been com-
monly used for decellularization, which have 
presented different effects on ECM ultrastruc-
tures. Sodium dodecyl sulfate (SDS) and sodium 
deoxycholate (SDC) are the most widely used 
ionic detergents for decellularization. Porcine 
pulmonary leaflets can be decellularized by either 
1% SDC or SDS in phosphate-buffered saline 
(PBS) at 37 °C for 24 h, resulting in the complete 
removal of cells. Sodium dodecyl sulfate treat-
ment of valve leaflets almost completely retained 
collagen and elastin structures. In SDS-treated 
leaflets, elastic fibers become compact and 
micro-curled, whereas the appearance of colla-
gen fibers is compact with an obvious loss of 

structural details. Both of these decellularization 
protocols were shown to affect the human immu-
nological response and increase thrombogenicity 
[25]. One disadvantage of SDS and SDC for 
decellularization, however, is residual detergents 
that remained in the ECM fibers after the process, 
which may cause toxicity to the host of these 
implants. Sodium dodecyl sulfate may cause 
greater disruption to native tissue structures 
because of the removal of GAGs and disruption 
of the collagen triple helix structure and elastin 
network. In one study, rat aortic conduit grafts 
were decellularized with four 12-h  cycles with 
0.5% SDS  +  0.5% SDC, followed by thorough 
rinsing with distilled water and 
PBS. Decellularized aortic conduits were further 
surface-coated with fibronectin, which induced 
medial graft repopulation in the absence of an 

Fig. 2.1 Representative 
images and HE staining 
of native cornea (a), (b) 
and corneas 
decellularized by 
high-hydrostatic 
pressurization. The 
corneas were pressurized 
for 10 minutes at 
980 MPa, 10 °C (c), (d), 
980 MPa, 30 °C (e), (f). 
Scale bars = 50 μm. 
(Reprinted with 
permission from 
Elsevier [24])
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inflammatory reaction or adverse gene expres-
sion when implanted into the systemic circula-
tion in Wistar rats for up to 8 weeks [26].

Compared with ionic detergents, nonionic 
detergents, such as Triton X-100 and octyl- 
glucopyranoside (OGP), may cause the greater 
disruption of DNA-protein, lipid-lipid, and lipid- 
protein interactions and to a lesser degree protein- 
protein interactions, which may protect collagen 
from disruption. Porcine aortic valve leaflets 
were decellularized using 1% Triton X-100. The 
overall extensibility that is represented by areal 
strain at 60  N/m increased from 68.85% for 
native leaflets to 177.69% for decellularized leaf-
lets. Effective flexural moduli decreased from 
156.07  ±  24.6  kPa for native leaflets to 
19.4 ± 8.9 kPa for decellularized leaflets. These 
results showed that decellularization with Triton 
X-100 resulted in substantial microscopic disrup-
tion, although the overall leaflet fiber architecture 
remained relatively unchanged. A novel nonionic 
detergent, OGP, was employed for the decellular-
ization of porcine pericardium, which removed 
cells completely while preserving most ECM 
components and slightly decreasing GAG con-
tent [27]. Octyl-glucopyranoside presented 
advantages of high biodegradability, low irrita-
tion, and low toxicity. Porcine pericardium decel-
lularization using environmentally friendly OGP 
resulted in similar mechanical properties to 
native specimens and lower toxicity compared 
with specimens that were decellularized by SDS 
treatment.

Ionic and nonionic detergents can also be 
combined for tissue decellularization. For exam-
ple, porcine pulmonary valve conduits were 
decellularized using a mixture solution of 0.05% 
SDC and 0.05% Triton X-100 under continuous 
shaking for 48 h at 4 °C, which successfully pre-
served the structural integrity of ECMs [28]. 
Therefore, the types and amounts of detergents 
play significant roles in tissue decellularization. 
These factors can affect ECM compositions, 
ultrastructures, and mechanical properties.

2.2.2.2  Other Chemical Agents
Other chemical agents, including hypertonic and 
hypotonic solutions, acids, bases, alcohols, and 

other solvents, have also been used for the decel-
lularization of tissues and organs. For example, 
bovine vocal fold samples were decellularized by 
first treating them with highly hypertonic 3  M 
sodium chloride solution for 24  h followed by 
isotonic PBS solution for 24 h, resulting in the 
large osmotic influx of water, which broke down 
cell membranes. The cells were further subjected 
to a cycle of osmotic stress by incubation in 70% 
ethyl alcohol for 24 h followed by isotonic PBS 
solution for 48 h [10].

A supercritical carbon dioxide and ethanol co- 
solvent (scCO2-EtOH) was developed to decel-
lularize rat heart tissues for 6 h, which prevented 
ECM structure disruption and retained various 
angiogenic proteins in the dECMs compared 
with a detergent group that underwent a general 
decellularization method with 1% SDS for 14 h 
and 1% Triton X-100 for 30  min [29]. The 
dECMs powder was used to prepare hydrogels, 
which were subcutaneously injected in rats to 
estimate the effect of angiogenesis. Mature blood 
vessels were formed with more von Willebrand 
factor (vWF) and α-smooth muscle actin 
(αSMA)-positive regions in the scCO2-EtOH 
group than in the detergent group, indicating the 
advantage of retaining angiogenic proteins in the 
dECMs using the novel supercritical co-solvent 
method.

2.2.3  Enzyme Treatment

Trypsin, collagenases, and nucleases (DNase and 
RNase) are enzymes that are typically used for 
decellularization. Trypsin is a highly specific 
enzyme that can cleave peptide bonds on the 
C-side of arginine (Arg) and lysine (Lys) and dis-
solve ECM constituents, such as collagen, lam-
inin, fibronectin, elastin, and GAGs, thus 
disrupting ECM microstructures. 
Ethylenediaminetetraacetic acid (EDTA) and 
ethyleneglycoltetraacetic acid (EGTA) are che-
lating agents and protease inhibitors that are typi-
cally used in combination with trypsin to prevent 
the breakdown of collagen and elastin from the 
matrix structure when trypsin is used for cell dis-
sociation. For example, rat hearts can be   
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perfused with 0.025% trypsin and 0.05% EDTA 
in PBS at 37  °C for 1  h, followed by 15  min  
with deionized water, 1 h with 3% Triton X-100  
in deionized water, 15 min with deionized water 
only, 1 h with 4% deoxycholic acid in deionized 
water, 15  min with deionized water, and 1  h  
with 0.1% acetic acid in deionized water [30]. 
Moreover, DNase and RNase can be used to 
remove cell residues, especially DNA and RNA, 
thus reducing the risk of immune responses [28].

2.2.4  Combined Agents

Decellularization agents and their concentrations 
are crucially important to obtain cell-free, bio-
compatible ECM scaffolds while minimizing the 
disruption of ECM ultrastructures. As mentioned 
above, different agents have different effects on 
the microstructural and mechanical properties of 
ECMs [31]. Considering complex compositions 
and unique structures, the decellularization of tis-
sues and organs is generally performed using 
multiple agents rather than any one agent alone 
[25, 30]. For example, cells were completely 
removed from porcine aortic valves using a 
detergent- enzyme digestion method. Treatment 
with a 0.05% trypsin solution with 0.02% EDTA, 
followed by a 1% SDC solution, resulted in the 
disruption of ECM fiber structures of aortic 
valves. Treatment with a 0.25% Triton X-100 
solution, followed by a 0.25% SDC solution, pre-
served fibrous structures after decellularization.

Adult porcine tracheal matrices were pro-
cessed in distilled water for 72 h at 4 °C, 4% SDC 
for 4 h, and 2000 kU DNase-I in 1 M NaCl for 
3  h to eliminate cells. After 18  cycles of treat-
ment, epithelial cells disappeared, but chondro-
cytes were still visible. Additional treatment 
cycles achieved completely decellularized tissue, 
but the structure of the trachea was disrupted 
[32]. Conconi et al. used this same method to har-
vest matrix from rat muscle material and then 
culture myoblasts as a promising tool for 
abdominal- wall repair [33].

A perfusion technique was recently employed 
for whole-organ decellularization. Theodoridis 
et  al. decellularized porcine hearts by pulsatile 

retrograde aortic perfusion to generate cardiac 
ECMs [34]. Various procedures using sequential 
treatment with different agents have been 
explored for the optimal decellularization of dif-
ferent organs [1] to ensure that biological scaf-
fold material is safe for subsequent implantation 
[22].

Thus, the decellularization process can be 
used to preserve ECM components and 3D struc-
tures, decrease the risk of an immune response, 
and enhance anticalcification. Considering the 
different effects of various agents, optimal decel-
lularization procedures need to be designed based 
on the composition and microstructure of indi-
vidual tissues.

2.3  Characterization 
of Decellularized 
Extracellular Matrices

Histological staining was performed to detect 
cell removal and ECM structural integrity after 
decellularization. Hematoxylin-eosin staining 
was used to examine remaining cells after the 
decellularization of porcine pulmonary valves 
using trypsin-EDTA treatment. Observations of 
their morphology confirmed the complete 
removal of cellular components without disrupt-
ing ECMs [35]. Moreover, mechanical properties 
of samples before and after decellularization can 
be measured. For example, porcine pericardium 
samples that were decellularized by OGP pre-
sented an elastic modulus (58.49  ±  3.66  MPa) 
that was lower than native tissue samples 
(76.59 ± 10.34 MPa) but higher than samples that 
were decellularized by SDS (37.16 ± 5.49 MPa) 
and Triton X-100 (50.95 ± 5.49 MPa). Moreover, 
the ultimate tensile strength of dECM samples 
treated with OGP was 13.46 ± 0.55 MPa, close to 
that from native tissue (14.36 ± 0.82 MPa), sig-
nificantly higher than that from the SDS group 
(8.41  ±  1.78  MPa) and Triton X-100 group 
(8.02 ± 1.78 MPa) [27].

The immunogenic response is a major con-
cern for the application of dECMs. Both in vitro 
and in  vivo immunogenicity assessments of 
dECM samples have been developed. For in vitro 
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tests, specific antibodies or antigens are used to 
characterize residual materials. For in vivo tests, 
dECM samples can be implanted into experimen-
tal animals for a specific period of time (usually 
6–8 weeks). Interactions between cells and ECM 
scaffolds have been studied to evaluate the body’s 
possible rejection or other acute responses to the 
ECM [36], generally by detecting immunoglobu-
lin G (IgG) and IgM antibodies and T lympho-
cytes. The host’s immune response to implanted 
ECM scaffolds has been partially characterized, 
but the true pathophysiological responses are still 
not fully understood [13].

Despite much effort, Simon et al. reported the 
death of three pediatric patients in clinical trials 
of decellularized porcine valve implants that 
induced inflammatory reactions, followed by the 
lymphocyte response and scaffold degeneration 
[37]. Another study evaluated immune responses 
in patients who received a bioprosthetic heart 
valve. Residual cells expressed α-Gal, which was 
considered the major reason for the rejection and 
failure of transported heart valves [9]. Therefore, 
the complete decellularization and removal of 
toxic agents are key to eliminating the immune 
response.

2.4  ECM Hydrogels

Decellularized ECMs (dECMs) that are derived 
from allogeneic or xenogeneic tissues possess 
ideal performance with regard to biocompatibil-
ity and bioactivity and have been used as scaf-
folds for tissue repair and tissue regeneration. 
Decellularized ECMs have been fabricated into 
different forms, such as sheets, powders, and 
hydrogels, for particular applications [20, 21]. 
Hydrogels with 3D networks that are fabricated 
using dECMs have been widely used in cell cul-
ture and tissue engineering [38].

Lyophilized dECM powder that retains essen-
tial native proteins and GAGs can be used to pre-
pare bioactive hydrogels, which can be used to 
fill injured and irregular sites in organs or tissues 
by single or multiple injections. Extracellular 
matrix scaffolds were minced into powders after 
decellularization, which could be digested using 

an acidic pepsin solution. Extracellular matrix 
components in the above solution were then dia-
lyzed for purification and lyophilized to form a 
powder mixture, which could be further dis-
solved to form hydrogels by temperature-induced 
and/or pH-induced gelation [39]. A previous 
study showed that GAGs play an important role 
in hydrogel formation besides structural proteins. 
Glycosaminoglycans connected to ECM pro-
teins, especially larger structural proteins (e.g., 
type I collagen), thus conferring a gel-like con-
sistency to the ECMs [13]. In addition, ECM 
hydrogels contain various mixtures of GAGs that 
can bind growth factors and cytokines and pro-
mote water retention.

The pH-induced gelation from ECM compo-
nents that were extracted from adipose and der-
mal tissues was found to be faster than 
temperature-induced gelation [40]. The pH- 
induced hydrogels from dermis-derived ECMs 
had fiber radii of ~32 ± 15 nm and pore sizes of 
~160  ±  64  nm, whereas temperature-induced 
hydrogels had larger fiber radii (~55  ±  14  nm) 
and larger pore sizes (~359 ± 143 nm). The ECM 
hydrogels from decellularized porcine myocar-
dial tissues showed the ability to gel in vitro at 
37 °C and in vivo upon injection into rat myocar-
dium [39]. The re-assembled nanofibers were 
approximately 40–100 nm in diameter. Moreover, 
Matrigel (Corning Life Sciences) is extracted 
from the Engelbreth-Holm-Swarm (EHS) mouse 
sarcoma, a tumor rich in such ECM proteins as 
laminin (a major component), collagen IV, hepa-
ran sulfate proteoglycans, entactin/nidogen, and 
a number of growth factors [41]. Matrigel has 
been widely used for 2D and 3D cell culture 
in vitro, which can improve the attachment and 
differentiation of different cells by mimicking 
in vivo environments.

The biocompatibility and biofunctionality of 
various ECM hydrogels have been assessed 
in  vitro and in  vivo. Rat cardiomyocytes were 
able to adhere and survive on the myocardial 
matrix gel fabricated using decellularized por-
cine myocardial matrix, comparable to collagen 
gels [39]. To assess chemoattraction of the myo-
cardial matrix, human coronary artery  endothelial 
cells (hCAECs) and rat aortic smooth muscle 
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cells (rASMCs) were cultured on top of myocar-
dial matrix gel and collagen gel, respectively. The 
comparable activity of cardiomyocytes was 
found in these two groups. hCAECs and rASMCs 
migrated better in the myocardial matrix group 
than in the collagen gel group. These results 
showed that the myocardial matrix gels were 
nontoxic and chemoattractive to these cells. For 
in  vivo test, 90  ml myocardial matrix solution 
was injected into the left ventricular wall of rats. 
Fibrous structures were observed after injection 
for 30 minutes, indicating that the injected matrix 
solution accomplished the gelation in situ. No 
immune response was found after implantation 
for 4 and 11 days. Endothelial cells and smooth 
muscle cells were found to migrate toward the 
myocardial matrix, with a significant increase in 
arteriole formation after implantation for 11 days. 
Therefore, the decellularized myocardial matrix 
and resultant hydrogel were biocompatible and 
suitable as scaffolds for tissue regeneration.

The ECM hydrogels prepared from decellu-
larized porcine dermis and urinary bladder tis-
sues were used to evaluate cell response in vitro 
and in  vivo [20]. Dermal ECM hydrogels sup-
ported greater C2C12 myoblast fusion in  vitro 
and less fibroblast infiltration and less fibroblast- 
mediated hydrogel contraction than urinary blad-
der ECM hydrogels (Fig.  2.2). Host cells, 
primarily macrophages, that were implanted in a 
rat abdominal wall defect infiltrated into both 
hydrogels (8 mg/ml) within 3 days of implanta-
tion. These ECM hydrogels almost completely 
degraded 35  days after implantation, and the 
UBM hydrogel degraded faster than the dermal 
ECM hydrogel. The UBM hydrogel promoted 
myogenesis more than the dermal ECM hydro-
gel, likely because of larger amounts of GAGs in 
the former, and both hydrogels accelerated the 
remodeling of muscle tissue [20]. These results 
indicate that the biofunctionality of an ECM 
hydrogel can be altered and at least partially con-
trolled by specific ECM components and 
concentrations.

A precious study demonstrated the feasibility 
of using genetically engineered animals to create 
decellularized biologic scaffolds with favorable 
ECM properties. When a powdered form of acel-

lular dermis from thrombospondin-2 (TSP-2) 
knockout (KO) animals was implanted subcuta-
neously, it was able to promote enhanced vascu-
larization over wide type (WT) [42]. Tunable 
hydrogels were further derived from genetically 
engineered acellular dermis. The hydrogels 
exhibited tunable cell invasion with a correlation 
between the content of TSP-2 KO hydrogel and 
the extent of cell invasion, when injected subcu-
taneously into healthy mice. Additionally, TSP-2 
KO hydrogels significantly improved wound 
healing when applied to full-thickness wounds in 
diabetic mice for 10 and 21 days (Fig. 2.3) [43]. 
Thus, genetic engineering approaches impart 
tunability to ECM hydrogels, which result in 
novel materials capable of enhanced 
regeneration.

Thus, previous studies demonstrate that ECM 
hydrogels that are prepared from decellularized 
tissues are biocompatible and able to facilitate 
tissue remodeling and regeneration. Different 
functionality among various ECM hydrogels 
may be caused by variations of chemical compo-
nents and different gelation methods. Some prob-
lems that can occur with these ECM hydrogels 
include damage to bioactive molecules, such as 
GAGs, proteins, and laminin, during the purifica-
tion process [21]. The mechanical strength of 
these ECM hydrogels is also relatively low 
because of contraction of the gel when interacted 
with cells.

2.5  Decellularized Scaffolds 
for Tissue Repair 
and Regeneration

Decellularized ECMs have been widely employed 
as biologic scaffolds for tissue engineering, such 
as arterial and heart valve grafts, and skin and 
urinary tract reconstitution [13].

2.5.1  Blood Vessels

Cardiovascular disease (CVD) [44, 45] and coro-
nary artery disease [46] are primary causes of 
death in the human population. Various surgical 
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procedures and prostheses have been used to cure 
these diseases of blood vessels [5]. The replace-
ment of damaged vessels has been performed 
since the 1950s. Many types of grafts have been 
implanted, including the transplantation of allo-
geneic, xenogeneic, and dECMs. Three- 
dimensional structures can be preserved, and 
such components as proteins and growth factors 
can be preserved by decellularization [44]. Both 
of these factors can reduce the incidence of an 
immune response when implanted in vivo [7].

Many decellularized approaches and ionic, 
nonionic, and enzymatic hydrolysis agents have 
been used to prepare dECMs as blood vessel 
grafts. Five different protocols utilizing the deter-
gents sodium dodecyl sulfate (SDS), sodium 
deoxycholate (SDC), CHAPS, and Triton X-100 
together with DNA-removing enzymes showed 

similar efficacy for decellularization of porcine 
vena cava in a perfusion bioreactor setup [47]. 
However, Triton X-100 based protocols showed 
the greatest recellularization efficacy with Human 
Umbilical Vein Endothelial Cells (HUVECs) 
in vitro [47].

Intact human greater saphenous vein speci-
mens were obtained by decellularization with 
0.075% SDS.  Luminal endothelial cells were 
completely removed, and 94% of cells were 
removed within the vessel wall. These results 
show that ECM basement membrane structures 
were well preserved, indicated by the immuno-
histochemical staining. Compared with fresh 
vein, decellularized vein showed similar in vitro 
burst pressure (2480 ± 470 vs 2380 ± 620 mmHg) 
and suture-holding strength (185  ±  30 vs  
178 ± 66 gm) [44].

Fig. 2.2 Myogenic potential of ECM hydrogels in vitro. 
C2C12 myoblasts were cultured on the surface and within 
dermal ECM (D-ECM) and UBM hydrogels in growth 
and fusion conditions. Histologic analysis of Masson’s 
Trichrome stained cross sections and Live/Dead staining 

of the hydrogel surface for viable cells (green) and dead 
cell nuclei (red) were imaged with confocal microscopy. 
Scale bars  =  100 μm. (Reprinted with permission from 
Elsevier [20])
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Fig. 2.3 TSP-2 KO hydrogels improved diabetic wound 
resolution compared to untreated wounds in mice. (a–c) 
Representative stitched images of entire wound beds from 
diabetic mice after 21 days of healing: (a) untreated, (b) 
WT gel-treated, or (c) TSP-2 KO gel-treated. (d) TSP-2 

KO-treated wounds demonstrate decreased epithelial 
thickness by 21 days when compared to untreated control. 
(e) TSP-2 KO gel demonstrates decreased wound width at 
21 days. Scale bars = 100 μm. ∗p < 0.05. (Reprinted with 
permission from ACS Publications [43])
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The decellularization procedure for thicker 
tissue slabs (10–15  mm) of porcine cardiac 
 extracellular matrix (pcECM) can be optimized 
to retain the inherent vasculature [31]. It was 
found that HUVECs repopulated and formed a 
monolayer that surrounded the inner lumen of the 
inherent acellular blood vessels, with no cell 
infiltration into the pcECM scaffold. These find-
ings indicated that the decellularized blood ves-
sels possessed recellularization proficiency.

Amniotic membranes have been used to 
design tissue-engineered blood vessels (TEBVs) 
[48]. Amniotic membrane samples were decellu-
larized by 0.25% trypsin for 10 min at room tem-
perature and then crosslinked by treatment with 
0.1% glutaraldehyde in 0.01 M acetic acid solu-
tion. Porcine vascular endothelial cells were cul-
tured on decellularized amniotic membrane 
scaffolds under shear stress from 0.5 to 12 dyne 
cm−2 for 4 days and under static conditions. Cells 
in static culture were randomly oriented, while 
the actin filaments in cells exposed to shear stress 

for 4 days were aligned in parallel to the direction 
of flow (Fig. 2.4). The junction proteins platelet 
endothelial cell adhesion molecule-1 and vascu-
lar endothelial cadherin were better developed by 
shear stress treatment. Additionally, the expres-
sion of β1 integrin could be distrusted from the 
cell surface by shear stress. These results suggest 
that denuded GA-crosslinked amniotic mem-
brane tubes can be used as potential scaffolds for 
TEBVs. In clinical studies, TEBVs have been 
implanted in end-stage renal disease patients 
[49], with no indications of an immune response, 
rejection, or aneurysms in 28 patients.

2.5.2  Heart Valve

Mechanical and biological prostheses have been 
widely used clinically for heart valve replace-
ment. Mechanical valves show advantage of 
long-term durability, but they require life-long 
anticoagulation. Biological valves retain charac-

Fig. 2.4 The tissue- 
engineered blood vessel 
(TEBV) was cultured 
under static conditions 
or subjected to a shear 
stress of 12 dyne cm−2 
for 4 days. Cells in static 
culture were randomly 
oriented (a, b) as shown 
by the arrangement of 
actin (green 
fluorescence) and 
nucleus (red 
fluorescence). In cells 
exposed to shear stress 
for 4 days, the actin 
filaments were aligned 
in parallel to the 
direction of flow (c, d). 
→: direction of flow. 
(Reprinted with 
permission from 
Elsevier [48])
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teristics of good hemodynamic function and a 
low incidence of thromboembolism like native 
tissues, but calcification is a major limitation of 
their clinical application. Decellularized heart 
valve grafts presented a lower calcification risk 
and extended durability, suggesting their suitabil-
ity for heart valve replacement.

Porcine aortic and pulmonary valves were 
decellualrized using a low concentration SDS- 
based method [50]. Collagen and elastin fibers in 
the three layers of the organization were rear-
ranged and looser than in the native samples, due 
to the removal of the cells. The tensile strength of 
decellularized leaflets was higher than that of 
native samples, while the elongation was compa-
rable between native and decellularized samples. 
Immunofluorescent results showed co- 
localization of laminin and collagen IV in the 
organization of the ECM structures following 
decellularization, indicating that the basement 
membrane was not damaged.

Many studies have investigated the recellular-
ization potential of dECMs of heart valve. 
Fibroblast cells (L929 cells) were shown to 
adhere to dECMs of porcine aortic valves that 
were decellularized by trypsin/EDTA treatment 
followed by SDS washing and detergent perfu-
sion. These cells formed a surface monolayer but 
did not migrate inside the scaffold [51]. 
Pulmonary and aortic human allografts were har-
vested and decellularized using a SDS detergent- 
based cell extraction method. The luminal surface 
of the human matrix was successfully recellular-
ized with HUVECs under dynamic flow condi-
tions, leading to the formation of a confluent 
HUVEC monolayer [52]. Moreover, decellular-
ized bovine pericardium that was transplanted 
into the pulmonary artery in sheep for 180 days 
presented good biocompatibility [53].

Despite the relatively good performance of 
dECMs of heart valve in vivo, possible immune 
responses of these xenogenic ECMs have been 
controversial in clinical applications. A previous 
study reported that 106 of 159 patients presented 
no immune response to bioprosthetic heart valves 
after decellularization (Matrix P plus®) or glu-

taraldehyde (GA) treatment, suggesting no toxic-
ity and good biocompatibility of these ECMs in 
the human body [9]. However, existing antigens 
in decellularized heart valve grafts may elicit an 
immune response in recipients, such as acute 
rejection within days to weeks after transplanta-
tion because of the presence of low levels of cir-
culating non-Gal xenoreactive natural antibodies. 
Therefore, advanced technical procedures for 
antigen removal should be further explored to 
produce high-quality bioprosthetic heart valves.

2.5.3  Skin

Abdominal wall reconstruction and dural defect 
recovery are still challenging clinical problems 
[54]. Many products, including human dermis 
(Alloderms®, Life Cell) and porcine SIS 
(Surgisis®, Cook Biotech; Restores®, DePuy 
Orthopaedics), are made from dECMs that can 
provide scaffolds for tissue incorporation and 
neovascularization [54]. Three products, 
AlloDerm, Surgisis, and Vicryl Woven Mesh, 
have been used for rat abdominal wall repair. 
Surgisis and AlloDerm had significantly greater 
(p  <  0.05) amounts of collagen deposition and 
organization at 30 and 60  days compared to 
Vicryl Woven Mesh. The tensile strength of 
Surgisis® is 0.142 MPa, which is comparable to 
Alloderm® (0.091  MPa). Alloderm® and 
Surgisis® were shown to present no significant 
differences in tensile strength and collagen 
remodeling in a model of hernia in Sprague- 
Dawley rats (Fig. 2.5). However, neovasculariza-
tion with Surgisis® mesh was better than 
Alloderm®.

An allogeneic acellular dermal matrix (ADM) 
was prepared by decellularization with 1.25 g/L 
trypsin solution and Triton X-100 in PBS at 4 °C 
for 24 h. A basic dermal architecture of collagen 
existed in both human and porcine ADMs. When 
transplanted in the area of a hypertrophic scar, 
the histological structures of the regenerative tis-
sue were similar to native tissue, with no sign of 
rejection or hypertrophy [33].
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2.6  Whole Organ 
Decellularization 
and Recellularization

Because of the notable shortage of functional 
organs that are ready for transplantation, a tre-
mendous challenge is rescuing patients from end- 
stage organ failure. Various tissue engineering 
strategies have been applied to organ regenera-
tion. One strategy for whole organ regeneration is 
to recellularize the acellular ECMs with original 
macro- and micro-structures including vascula-
ture, which can create a new functional organ.

2.6.1  Heart

Approximately 22 million patients suffer from 
heart failure worldwide [55]. The ultimate treat-
ment option for end-stage heart failure is heart 
transplantation. Considering the severe shortage 
of donor hearts, tissue engineering and regenera-
tive medicine likely provide strategies for treat-
ment of heart failure. Decellularized ECMs have 

been used for scaffolds for heart regeneration. 
Ideal 3D structures, biochemical compositions, 
and biomechanical properties can be achieved 
when an intact decellularized heart is used as a 
scaffold. The most important aspect of organ 
engineering is cell proliferation and differentia-
tion, which requires biological signaling between 
cells and the ECM scaffold.

Ott et  al. [55] decellularized 140 rat hearts, 
after which the 3D structure was fully retained. 
Rat aortic endothelial cells were seeded on decel-
lularized heart ECMs. Cell monolayers formed 
on the inner surfaces of coronary vessels after 
7  days of cultivation. The cell density on the 
endocardial surface was 550.7 ± 99.0 cells/mm2, 
whereas the cell density on the vessel branch was 
264.8 ± 49.2 cells/mm2. The recellularized scaf-
fold presented contraction with loading and elec-
trical stimulation of the work environment of the 
heart after 4 days, demonstrating pump function, 
although the extent of pump function was equiva-
lent to a 16-week fetal human heart.

Ng et al. [56] seeded human embryonic stem 
cells (hESCs) and human mesendodermal cells 

Fig. 2.5 Representative photomicrographs of graft- 
abdominal wall interface showing progressive increase in 
collagen deposition and organization. M abdominal wall 

muscle, G graft, N new collagen. (Reprinted with permis-
sion from Springer [54])
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(hMECs) on decellularized rat hearts. These cells 
differentiated and expressed myosin light chain 
(My12, My17) and myosin heavy chain (Myh6) 
genes, which are crucially important characteris-
tics of the myocardium. The reseeded heat was 
subcutaneously implanted into immune- 
compromised mice for 14 days. A better vascular 
network was observed in the hMECs-seeded 
scaffolds, while the hESCs-seeded scaffolds 
showed lesser blood vessels. Immunostaining of 
the explants revealed cardiac marker expressing 
cells within the scaffolds, but no beating func-
tion. These results demonstrated that the intact 
dECM of heart promoted the differentiation of 
stem/progenitor cells into the cardiac lineage.

Endothelial cells were present within vessels 
as evidenced by CD31 and von Willebrand factor 
(vWF) staining adjacent to lumen and appeared 
to be attached to the vessel wall, after short-term 
implantation (4–6  h) [57]. After long-term 
implantation (60  days), the dECM heart com-
prised complete vessels with both endothelial 
and smooth muscle cells. Adhesions with small 
blood vessels and presence of nascent muscles 
surrounding the heart scaffold were also found.

Thus, the ECM scaffold of the decellularized 
heart retained a vascular structure, which was 
used to transport cells into the scaffolds. 
Appropriate interactions between decellularized 
heart ECMs and seeded cells led to cell prolifera-
tion, migration, and differentiation toward a car-
diac lineage, thus conferring the requisite 
functions of the heart.

2.6.2  Kidney

The number of patients who require kidney trans-
plantation is increasing every year. In 2012, about 
16,487 people received kidney transplants in the 
USA whereas 95,022 candidates were on the 
waiting list at the end of the year. Whole organ 
regeneration based on decellularization/recellu-
larization techniques has provided the possibility 
to build functional kidney constructs as an alter-
native to donor organ transplantation [58]. Thus, 
decellularized ECMs of kidney that had appro-
priate compositions and microstructures were 

used as 3D scaffolds for functional organ 
regeneration.

Rat kidneys were perfused with two deter-
gents, SDS and SDC.  The samples that were 
treated with SDS presented better decellulariza-
tion compared with SDC treatment. After decel-
lularization, the kidney scaffolds without cells 
were almost transparent, with preserved ECMs 
and vasculature [9]. Murine intra-arterial ESCs 
were seeded onto a decellularized kidney matrix 
[59], and these cells proliferated and distributed 
uniformly in the matrix after 6 days of culture. 
The cells migrated into microvessels and glom-
eruli within 7  days, which showed a reticular 
shape and almost fully filled the glomeruli and 
capillaries after 10  days. These results indicate 
that the co-culture of decellularized kidney 
ECMs and ESCs may direct the regeneration of a 
functional kidney.

Abolbashari et al. [60] decelluarized porcine 
kidneys by perfusion with heparin and 0.5% 
SDS, following by enzymatic treatment with 
0.0025 DNase and PBS rinse. The dECMs of kid-
neys were seeded with primary porcine renal 
cells. Fluorescent imaging showed that there was 
a significant amount of sodium uptake by the 
seeded renal cells, indicating these cells pos-
sessed electrolyte reabsorption capability 
(Fig.  2.6). Furthermore, the renal cells main-
tained hydrolases activity with the functional 
capability to transfer amino acids, as well as 
erythropoietin production. Moreover, Chani et al. 
evaluated the recellularization potential of decel-
lularized scaffold of cryopreserved rat kidneys 
(3 months), which demonstrated that mesenchy-
mal stem cells quickly repopulated the decellu-
larized structures irrespective of the kidneys 
status, i.e., freshly isolated or the cryopreserved. 
Thus, cryopreserved kidneys can also be 
exploited as decellularized scaffolds for organ 
regeneration, which may provide alternatives to 
kidney transplantation.

2.6.3  Liver

End-stage liver failure is mainly caused by cir-
rhosts, chronic viral hepatitis, hepatocellular 
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 carcinoma, etc. However, the number of liver 
donors is far to meet the transplantation needs. 
Biohybrid artificial liver (BAL) devices may pro-
vide temporary support for patients waiting for 
an allogeneic liver transplant, considering the 
regenerative capacity of liver. However, the 
inability of BAL to maintain the functionality of 
hepatocytes for long periods of time has limited 
clinical applications. The dECMs of liver support 

the proliferation and differentiation of the hepa-
tocytes, by providing appropriate cell-cell and 
cell-matrix interactions, which may provide solu-
tion for engineered functional liver constructs for 
temporary support or organ transplantation.

Zhou et  al. [61] perfused rat livers sequen-
tially with heparinized PBS, 1% SDS, and 1% 
Triton X-100 to obtain decellularized liver matrix 
(DLM). The removal of endogenous cellular 

Fig. 2.6 Electrolyte readsorption by the primary porcine 
renal cells on monolayer and the repopulated cells within 
the kidney construct. (a) In a fluorescent image, strong 
green fluorescence demonstrates sodium uptake by the 
primary porcine renal cells in monolayer culture with 
Ouabain treatment and (b) quantitative analysis confirms 

specific uptake by the cells with significant difference 
(∗p < 0.0001). (c) The tubular structures within the repop-
ulated kidney scaffold also showed sodium uptake, as 
observed by the strong fluorescent signal. (Reprinted with 
permission from Elsevier [60])
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components and the preservation of the extracel-
lular matrix proteins and vasculature were 
 characterized. Subsequent reconstitution with 
human primary hepatocytes (hPHs) or human 
fetal hepatocytes immortalized by telomerase 
reconstitution (FH-hTERTs) in the DLM showed 
appropriate proliferation and improved expres-
sion of hepatic-specific genes compared with cul-
ture under standard conditions. DLMs were 
reconstituted with hPHs, which were implanted 
into the mice omenta. The results clearly demon-
strated that DLM facilitated the survival of hPHs 
in vivo and maintained the liver-specific function 
of primary hepatocytes after implantation.

The dECM scaffolds of liver may remain 
thrombogenic even with anti-coagulation follow-
ing transplantation. Bao et  al. [62] showed that 
heparin can be immobilized on decellularized 
liver scaffolds, which prevented thrombosis in 
the dECM scaffolds of live with blood perfusion 
after implanted in vivo.

2.7  Conclusions and Future 
Perspectives

Tissue engineering and regenerative medicine 
can create functional tissues or whole organs, 
which may provide possible solutions to severe 
shortage of organ donors. Decellularized extra-
cellular matrices (dECMs) are particularly inter-
esting as scaffolds for tissue engineering and 
regeneration, due to their chemical compositions 
and hierarchical structures similar to native 
ECMs. A variety of decellularization methods 
have been developed in order to retain the micro-
structures (i.e., intact vasculature) and essential 
ECM components. The dECMs can be developed 
into hydrogels, which can be injected for tissue 
repair in vivo. Furthermore, decellularization and 
recellularization of the whole organ have been 
widely studied, which can recapitulate partial 
functions of native organs. In the future, tissue 
and organ regeneration may be achieved using 
dECMs with advanced techniques and proper 
cells.
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Abstract

Injectable in situ-forming hydrogels have 
been used clinically in diverse biomedical 
applications. These hydrogels have distinct 
advantages such as easy management and 
minimal invasiveness. The hydrogels are 
aqueous formulations, and a simple injection 
at the target site replaces a traditional surgical 
procedure. Here, we review injectable in situ- 
forming hydrogels that are formulated by 
physical and chemical methods to deliver pro-
teins and peptides. Prospects for using in situ- 
forming hydrogels for several specific 
applications are also discussed.
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3.1  Introduction

Hydrogels are widely utilized in a variety of 
biomedical fields (Fig.  3.1) [1–4]. Hydrogels 
possess a three- dimensional network structure 
that swells from the absorption of large amounts 
of water. Since hydrogels can suitably adjust 
water content, they provide an environment 
similar to that of a biological tissue in vivo [5]. 
Hydrogels have been prepared by using natural, 
synthetic, and composite biomaterials with high 
biocompatibility [6].

Since conventional hydrogels are made in a 
hydrogel (solid) phase outside the body, they 
require a surgical delivery procedure. It can be 
difficult to fit hydrogels to the corresponding 
implantation sites because of variability between 
individuals [7]. To solve these problems, in situ- 
forming hydrogels, which can be injected into a 
desired target site in a minimally invasive manner, 
are being widely studied.

Injectable in situ-forming hydrogel 
formulations are prepared as solutions that 
become hydrogels in vivo after injection. Since 
injectable in situ-forming hydrogel formulations 
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are liquids prior to injection, various growth 
factors, cells, and chemical agents can be easily 
introduced by simple mixing [8].

Methods for formulating injectable in situ- 
forming hydrogels can be categorized into physi-
cal and chemical methods. Physical methods use 
non-covalent bonds such as hydrophobic bonds, 
electrostatic attraction bonds, and hydrogen 
bonds [9–11]; chemical methods form covalent 
bonds such as click chemistry or enzyme- 
mediated crosslinking [12, 13].

Protein- and peptide-based drugs have been 
developed for in vivo applications. Many studies 
are ongoing to develop carriers for these drugs. 
When protein/peptide drugs are administered 
orally, they can be degraded by enzymes or high 
acidity in the gastrointestinal tract or can have 
difficulty moving through the walls of the gastro-
intestinal tract [14].

Several approaches have been proposed to solve 
these problems [15, 16]. Parenteral administration 
methods have been investigated, and there has been 
growing interest in nasal, pulmonary, and transder-
mal delivery routes, but the low permeability of 
these substances presents challenges to the effec-
tive delivery of protein/peptide drugs [17].

Injectable in situ-forming hydrogels offer 
advantages for delivery of protein/peptide drugs 
into certain target sites without loss of efficacy as 
well as providing options for sustained release 
via the design of hydrogel characteristics.

Some attempts to control drug release involve 
the formation of a non-covalent or covalent inter-
action between the protein/peptide drugs and the 
in situ-forming hydrogel that controls the rate 
and efficiency of sustained release [18, 19, 20].

Here, we discuss injectable in situ-forming 
hydrogels formed by physical and chemical 
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methods, and then we discuss how these methods 
contribute to the controlled release of protein/
peptide drugs. Finally, prospects for using in situ- 
forming hydrogels in several applications are 
discussed.

3.2  Injectable Hydrogel 
Formation via Physical 
Interaction

Injectable hydrogels that are formed in situ by 
physical crosslinking use hydrophobic bonding, 
electrostatic bonding, hydrogen bonding, etc. 
that leverage the change in environment that 
occurs when hydrogels transition from an in vitro 
state to an in vivo state postinjection (Fig. 3.2) 
[21]. For example, some hydrogels undergo 
reversible changes between a liquid phase to a 
hydrogel phase in response to external or internal 
factors such as temperature, pH, and shear stress. 
Examples of these injectable in situ-forming 
hydrogels are described below.

3.2.1  Injectable Hydrogel 
Formation via Hydrophobic 
Bonding Interaction

Hydrophobic molecules tend to aggregate by 
strong interactions when they are dispersed in 
highly polar water. Amphiphilic polymers are 
composed of hydrophilic and hydrophobic moi-
eties [22]. An amphiphilic polymer suspension 
can be prepared in a liquid phase because the 
interaction between the hydrophilic moieties and 
water dominates under certain conditions. 
However, environmental changes such as 
 temperature and pH can cause the hydrophobic 
moieties of the amphiphilic polymers to aggre-
gate in water. Thus, injectable in situ-forming 
hydrogel formulations can be prepared by utiliz-
ing the tendency of hydrophobic moieties to 
aggregate in aqueous environments [22].

Polyethylene glycol (PEG) has a simple 
water- soluble structure and thus is one of the 
most widely studied hydrophilic moieties. 

Fig. 3.1 Scheme image of injectable in situ-forming hydrogel for biomedical application. (The image was drawn by 
S.H.P. and Y.B.J. using Adobe Photoshop7.0)
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Polyesters, polyphosphazenes, polyamides, 
poly(N- isopropylacrylamide), poly(propylene 
oxide), poly(methacrylic acid), 
poly(trimethylene carbonate), polysebacic 
acids, etc. are among the most widely studied 
hydrophobic moieties [23–28]. Amphiphilic 
polymers are being manufactured as combina-
tions of these hydrophilic and hydrophobic 
moieties.

Typically, injectable in situ-forming hydrogel 
formulations are prepared in vitro as a solution 
by dispersing amphiphilic polymers into solution 
under external conditions that favor the hydro-
philic moiety-aqueous interaction (room temper-
ature, etc.) [29]. After injection, these 
formulations become hydrogels in situ because 
the in  vivo conditions (body temperature, etc.) 
favor hydrophobic bonding.

3.2.2  Injectable Hydrogel 
Formation via Electrostatic 
Interaction

Electrostatic interactions are among the most 
common intermolecular interactions that occur in 
nature [30]. When cationic and anionic 
 electrolytes are mixed, they form an electrostatic 
bond. Typical natural polymeric anionic electro-
lytes are alginate, chondroitin sulfate, hyaluro-
nate, heparin, sodium carboxymethylcellulose, 
pectin, dextran sulfate, and xanthan. Synthetic 
polymeric electrolytes include polyacrylic acids, 
poly-L- glutamates, and poly(methyl vinyl ether-
co- maleic anhydride). Polymeric cationic elec-
trolytes include chitosan, polyvinylamine 
hydrochloride, poly(allylamine hydrochloride), 
poly(diallyldimethylammonium chloride), 

Fig. 3.2 Scheme image of injectable in situ-forming 
hydrogel via hydrophobic bonding, electrostatic bonding, 
hydrogen bonding, self-assembling, and host-guest inter-

action. (The image was drawn by S.H.P. and Y.B.J. using 
Adobe Photoshop7.0)
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spermine, spermidine, polyethylenimine, 
 polylysine, poly(2-dimethylaminoethyl 
 methacrylamide), and poly[2-
(trimethylammonio)ethyl methacrylate chloride] 
[31–47].

When a polymeric cationic and an anionic 
electrolyte or a monomeric cationic and an 
anionic electrolyte are mixed, they form a net-
work structure through electrostatic interaction 
[46]. The properties of electrostatic interactions 
are primarily determined by the strength of the 
interaction between opposite charges, solubility, 
conductivity, turbidity, and pH [41].

Injectable hydrogels that form in situ via 
electrostatic interaction have very little or no 
electrostatic interaction between their constituent 
cationic and anionic electrolytes at room temper-
ature, resulting in homogeneous solutions. Body 
temperature induces the electrostatic interaction 
between electrolytes to form viscous and macro-
scopic hydrogels. At higher temperatures, the 
electrostatic interaction can become too strong, 
and precipitation can occur. Consequently, inject-
able hydrogels that form in situ via electrostatic 
interaction can be controlled by the relationship 
between the strength of the electrostatic interac-
tion between polymer components and 
temperature.

3.2.3  Injectable Hydrogel 
Formation via Hydrogen 
Bonding

A hydrogen bond is formed between a molecule 
having a hydrogen atom and a molecule contain-
ing electronegative atoms having unpaired elec-
trons such as nitrogen, oxygen, and fluorine. 
Although hydrogen bonds are very weak bonds, 
molecular interactions via multiple hydrogen 
bonds play a very important role in nature [48].

Several materials including peptides, 
poly(acrylic acid), poly(acrylamide), 
poly(methacrylic acid), poly(methyl methacry-
late), poly(L-glutamic acid), poly(L-lysine), 
phenylboronic acid, and 2-vinyl-4,6- diamino- 
1,3,5-triazine are used for forming hydrogen 
bonding [49–53].

If the hydrogen bonding between water and a 
polymer with unpaired electrons is strong, then 
the polymer remains in solution. However, when 
intra- or intermolecular hydrogen bonds among 
polymer molecules become strong, or the hydro-
gen bonds between water and polymer molecules 
become weak, a hydrogel will form as a poly-
meric network structure [54].

It is important that the polymer molecules 
easily form intra- and intermolecular hydrogen 
bonds to achieve a hydrogel. Therefore, proper 
regulation of the conditions under which intra- 
and intermolecular hydrogen bond formation 
occurs in the polymer molecules is very impor-
tant in the development of injectable in situ- 
forming hydrogels.

3.2.4  Injectable Hydrogel 
Formation Using Other 
Interactions

Non-covalent bonding interactions that are used 
to design injectable in situ-forming hydrogels 
include self-assembly and host-guest interaction.

Generally, self-assembly occurs through non- 
covalent bonds such as hydrophobic interactions, 
hydrogen bonds, and electrostatic interactions, 
resulting in the formation of a network structure. 
Engineered peptides or proteins can induce self- 
assembly via these non-covalent bonding mecha-
nisms either as inter- or intra-chain interactions 
with polymer molecules [55, 56]. Many of these 
interactions form very strong bonds and conse-
quently resulting in the formation of injectable in 
situ-forming hydrogels.

Some materials can be made by in situ 
association between host molecules and guest 
molecules. When this host molecule and guest 
molecule structure are mixed, a host-guest inter-
action is formed between the host molecule and 
the guest molecule [36, 37]. There are several 
host molecules such as α-cyclodextrin, 
β-cyclodextrin, γ-cyclodextrin, dibenzo[24]
crown [8], and cucurbit[8]uril. Guest molecules 
are PEG, poly(ethylene oxide), adamantine, fer-
rocene, bisammonium salts, phenylalanine, etc. 
[57–61]. Binding of host to guest molecules can 
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form injectable in situ-forming hydrogels. The 
type and number of host and guest molecules can 
control the properties of injectable in situ- 
forming hydrogels.

3.3  Injectable Hydrogel 
Formation via Chemical 
Crosslinking

Hydrogels formed by chemical reaction have 
stronger physical properties than hydrogels 
formed by non-covalent bonding. Although a 
hydrogel with good physical properties can be 
produced by a chemical reaction that occurs in 
situ after injection, the inconvenience of the man-
ufacturing process, the residual materials intro-
duced by manufacturing, and factors such as 
bioavailability and biocompatibility must be 
carefully considered in introducing such a hydro-
gel into a living body. Hydrogel preparation 
through various covalent bonds is possible, but in 
this review, hydrogel preparation by click reac-
tion and enzyme reaction are discussed.

3.3.1  Injectable Hydrogel 
Formation via Click 
Crosslinking

In chemistry, click crosslinking has been widely 
been studied as a useful reaction [6]. Click cross-
linking is fast and highly specific, and its yield is 
high, but it is an irreversible reaction.

Studies have investigated ways to apply click 
crosslinking in biomedicine [62]. In this case, bio-
compatible materials must be used as the basic 
structure, and then a click reagent is introduced on 
the materials to induce the click crosslinking.

Some click reactions proceed in biological 
conditions to form stable click crosslinks. 
Therefore, many studies have focused on the 
design of injectable in situ-forming hydrogels 
using click reactions (Table 3.1) [63–87].

In vivo application of injectable hydrogels 
that form in situ via click reaction should include 
the following considerations: (1) no clogging 
inside the syringe during injection, (2) a rapid in 

situ-formation of the hydrogel at the injection 
site, (3) biocompatibility, (4) persistence for a 
suitable period of time, and (5) properties that are 
adjustable for the target body tissue.

3.3.2  Injectable Hydrogel 
Formation via Enzyme- 
Mediated Crosslinking

Enzymes catalyze various in  vivo reactions. To 
prepare injectable hydrogels for in situ formation 
via enzyme-mediated crosslinking, an enzyme is 
immobilized onto some component that will 
form the hydrogel to prevent it from diffusing 
into the host tissue. The enzyme’s substrate is 
either in an inactive conformation that is con-
verted to an active conformation postinjection or 
the crosslinking requires a cofactor that is 
released from the polymer after injection to initi-
ate the enzyme-mediated crosslinking, resulting 
in the formation in situ-forming hydrogel.

Table 3.2 summarizes examples of injectable 
hydrogels that are formed by the reaction of sev-
eral substrates with specific enzyme-modified 
materials [13, 32, 88–98]. Since the enzymatic 
reactions need to occur postinjection, enzyme- 
mediated crosslinking must occur in the in vivo 
environment actively and safely. However, side 
effects such as the enzyme reacting with other 
tissues in the body or toxicity of the enzyme or 
any of its reaction products should be taken into 
consideration.

3.4  Injectable Hydrogels Formed 
as Therapeutic Protein/
Peptide Drug Delivery 
Depots

Proteins and peptides play important roles 
in vivo, and in some cases, they have excellent 
therapeutic effects as drugs. However, protein/
peptide drugs need be repeatedly used due to a 
short half-life under in vivo conditions. The short 
half-life of protein/peptide drugs can be solved 
by using hydrogels, because injectable in situ- 
forming hydrogels can act as a depot of protein/
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Table 3.1 Injectable hydrogel formation via click crosslinking

Reaction type Reaction mechanism Material Refs.
Copper 
(I)-catalyzed 
azide-alkyne 
cycloadditions 
(CuAAC)

+ N3

N
N

N

HA, xylan [63, 64]

Tetrazine- 
norbornene
Diels-Alder 
reactions

Gelatin, alginate [65, 66]

Strain-promoted 
azide-alkyne 
cycloadditions

+ N3

N
N

N

PEG, HA, dextran, 
chitosan, gelatin

[67–72]

Diels-Alder 
cycloaddition N

O

O

O

O

O

O

N+

Chondroitin sulfate, 
Pluronic, PEG, HA, 
chitin, gelatin

[73–78]

Michael-type 
amino-ene(Yne) 
reaction

O O
H
N

OO
+ H2N

Chitosan, PEG, PAMAM [79, 80]

Michael-type 
thiol-ene(Yne) 
reaction

HA, PEG, cysteine-TMV 
protein

[81, 82]

Tetrazine-trans- 
cyclooctene 
reaction N

N

HN
N

+N

N

HA, SIS [83, 84]

Oxime click 
chemistry

PEG, HA [85, 86]

Nitrile oxide- 
norbornene click 
chemistry

PEG, gelatin [87]

HA hyaluronic acid, PEG polyethylene glycol, PAMAM polyamidoamine, TMV tobacco mosaic virus, SIS small intes-
tinal submucosa

Table 3.2 Injectable hydrogel formation via enzyme-mediated crosslinking

Materials Enzyme Substrate Refs.
Collagen Transglutaminase Glutamine, lysine [13]
Chondroitin sulfate Tyrosinase Tyramine [88]
Chitosan Tyrosinase Tyrosine [89]
Chitosan/HA Glucose oxidase Glucose [32]
Dextran Peroxidases Tyramine/H2O2 [90]
Gelatin Transglutaminase Glutamine, lysine [91]

Peroxidases Tyramine/H2O2 [92]
HA Transglutaminase Glutamine, lysine [93]

Peroxidases Tyramine/H2O2 [94]
Oligopeptide Phosphatases Phosphate [95]
PEG Glucose oxidase Glucose [96]

Phosphopantetheinyl transferase CoA [97]
Poly(L-glutamic acid)/PEG Peroxidases Tyramine/H2O2 [98]
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peptide drugs as described in the previous 
section.

Several studies are investigating the 
application of injectable in situ-forming 
hydrogels as delivery systems for protein/peptide 
drug depots [99]. Injectable in situ-forming 
hydrogels can be easily prepared by simple 
mixing with proteins/peptides with little to no 
loss of the proteins/peptides. The protein/peptide-
loaded hydrogel depot can be easily formed 
in vivo once injected into the body. The protein/
peptide drugs become loaded into the hydrogel 
via physical loading during formation. The 
physically loaded protein/peptide drugs can be 
slowly released from hydrogel depots even when 
there is little to no interaction between the 
hydrogel depot and the protein/peptide drugs.

If protein/peptide drugs do interact with the 
hydrogel depot, the release of the drug can be 
controlled for a prolonged period compared with 
drugs that have little to no interaction with the 
hydrogel depot (Fig. 3.3). Several approaches 
have been explored to extend retention time of 
protein/peptide drugs inside hydrogel depots 
(Table  3.3) [35, 84, 100–108]. Here, we will 
describe two approaches: electrostatic interaction 
between the protein/peptide drugs and the hydro-
gel depot and covalent loading of protein/peptide 
drugs onto the hydrogel depot.

3.4.1  Electrostatic Loaded Proteins/
Peptides Inside Hydrogel 
Depot

Proteins/peptides can have either a positive or a 
negative net charge in the biological environ-
ment. If the hydrogel has a net charge, then it can 
form an electrostatic interaction with proteins/
peptides that have an opposite net charge.

Bone morphogenetic protein-2 (BMP2) is 
highly effective in inducing bone formation and 
bone differentiation [101]. However, when BMP2 
is physically mixed with hydrogel, BMP2 is 
released rapidly in  vivo. Because of this short 
release phenomenon, when BMP2 is used to 
induce osteogenesis, it is administered at a very 
high concentration or by repeated administra-
tions, both of which can induce side effects.

BMP2 typically has a net negative charge in 
the biological environment [109]. Therefore, 
BMP2 can interact with cationic electrolytes. 
Kim et al. prepared an injectable cationic hydro-
gel to electrostatically interact with BMP2 and 
reported an enhancement of the in  vivo osteo-
genic differentiation of human turbinate mesen-
chymal stem cells [100].

In the case of cancer treatment, administering 
anticancer drugs at the local site is often very 
effective. Moreover, direct intratumoral injection 

Fig. 3.3 Scheme image of injectable in situ-forming hydrogel for peptide and protein delivery application. (The image 
was drawn by S.H.P. and Y.B.J. using Adobe Photoshop7.0)
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of anticancer drugs can suppress tumors very 
effectively and minimize toxicity against other 
organs [34, 110, 111].

Injectable in situ-forming hydrogels can easily 
be designed to contain anticancer drugs and 
deliver them directly by intratumoral injection. 
Several studies have reported on the anticancer 
effect using injectable in situ-forming hydrogel 
formulations. In one study, an injectable polyan-
ionic hydrogel prepared was mixed with cationic 
protein (IL-12) to form an injectable hydrogel by 
electrostatic interaction to deliver IL-12 [102]. 
Cancer growth was inhibited with the injectable 
hydrogel to a greater extent than that seen when 
IL-12 was injected alone.

Ding et  al. prepared an injectable in situ 
hydrogel using synthetic silicate laponite mixed 
with heparin and fibroblast growth factor-2 
(FGF-2) [103]. The anionic hydrogel was injected 
subcutaneously into mice to slow the release of 
FGF-2 through electrostatic interaction between 
heparin and FGF-2. They reported that angiogen-
esis was enhanced when FGF-2 was administered 
with the injectable anionic hydrogel compared to 
when FGF-2 alone was injected.

3.4.2  Covalently Loaded Proteins/
Peptides Inside Hydrogel

When proteins/peptides are introduced into a 
hydrogel through a chemical reaction, the release 
of proteins/peptides is slower than the release of 

proteins/peptides that are physically loaded into 
hydrogels. However, the proteins/peptides may 
lose potency due to effects such as denaturation 
that occur during the chemical reaction. These 
problems can be solved either by milder reaction 
conditions or by using simple reactions rather 
than complex reactions at certain steps. As 
described in the previous section, the click reac-
tion is useful for simply introducing proteins/
peptides into a hydrogel. In addition, the reagents 
used in the reaction should be non-toxic and the 
by-products should be thoroughly removed if 
toxic.

Generally, the release of covalently loaded 
proteins/peptides is inhibited from hydrogel. If 
the hydrogel degrades slowly, the release of cova-
lently loaded proteins/peptides occurs very 
slowly through breakdown of covalent bond 
between the proteins/peptides and the hydrogel.

Injectable covalent-loaded protein/peptide 
hydrogel can easily mix with stem cell. If pro-
teins/peptides are differentiation factors, etc., the 
stem cells can differentiate to various tissues or 
organs through the inducing effect of proteins/
peptides for a prolonged period.

Sun et  al. have reported the enhancement of 
neural differentiation of neural stem cells in the 
hydrogel formed by chemically introducing the 
IKVAV peptide derived from laminin, one of the 
major components in neuron extracellular matrix 
[105].

Angiopoietin-1 can promote adhesion and 
growth of myocardial cells. Angiopoietin-1- 

Table 3.3 Application of injectable hydrogels formed as therapeutic protein/peptide drug delivery depots

Application Materials Protein/peptide Method for sustained release Refs.
Bone regeneration PCLA BMP2 Electrostatic interaction [100]

PCL BMP2 Covalent bond [101]
Antitumor PMNT-PEG-PMNT

PCMS-PEG-PCMS
IL-12 Electrostatic interaction [102]

Vascularization Laponite/heparin FGF-2 Electrostatic interaction [103]
Oligopeptide/PEG TGF-β/VEGF Covalent bond [104]

Cartilage regeneration HA Cytomodulin Covalent bond [84]
RGD Covalent bond [35]

Neural regeneration Chitosan IKVAV Covalent bond [105]
HA/CMC GRGDS Covalent bond [106]

Myocardial infarction Chitosan/collagen QHREDGS Covalent bond [107]
Chitosan RoY Covalent bond [108]

3 Injectable In Situ-Forming Hydrogels for Protein and Peptide Delivery



44

derived peptide (QHREDGS) has similar effect 
to angiopoietin-1. An injectable in situ-forming 
chitosan hydrogel with chemically modified 
QHREDGS prepared and improved myocardial 
infarction by injecting into the myocardial infarc-
tion rats [107].

SVVYGLR peptide, which can induce 
angiogenesis, is chemically modified in the 
injectable gelatin hydrogel [112]. An injectable 
in situ- forming gelatin hydrogel with chemically 
modified SVVYGLR effectively formed new 
blood vessels by subcutaneous injecting into rats.

3.5  Summary and Outlook 
of Injectable In Situ-Forming 
Hydrogels

Recently, there have been a lot of studies to apply 
injectable in situ-forming hydrogels to biomedi-
cal field. Various methods are being developed to 
create clinically applicable injectable in situ- 
forming hydrogels. The successful results have 
been obtained in the clinical utilization of inject-
able in situ-forming hydrogels. However, many 
studies remain in the animal research stage, and 
thus much effort is needed to use them in clinical 
applications. The challenges are that clinical 
applications should minimize the immune 
response and avoid side effects and toxicity of 
injectable in situ-forming hydrogels. Additionally, 
the ultimate clinician should be easy to handle, 
and the patient should be minimally invasive and 
uncomfortable. Our knowledge of clinically rel-
evant technologies for injectable in situ-forming 
hydrogel is now growing exponentially and will 
require collaborative research among biomate-
rial, biological, and clinical scientists.
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Abstract

A wide variety of hydrogels have been pro-
posed for tissue engineering applications, cell 
encapsulation, and bioinks for bioprinting 
applications. Cell-laden hydrogel constructs 
rely on natural hydrogels such as alginate, 
agarose, chitosan, collagen, gelatin, fibroin, 
and hyaluronic acid (HA), as well as on syn-
thetic hydrogels such as poloxamers 
(Pluronics®) and polyethylene glycol (PEG). 
Alginate has become more and more impor-
tant in the last years, thanks to the possibility 
to prepare alginate hydrogels suitable for cell 
encapsulation mainly because of the mild and 
reversible cross-linking conditions. In this 
paper alginate will be described in detail with 
respect to its chemistry, cross-linking behav-
ior, biocompatibility, manufacturing capacity, 
and possible modifications.

Keywords
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4.1  Introduction

Hydrogels represent one of the most common 
scaffolding materials in tissue engineering and 
are used to provide bulk and mechanical constitu-
tion to a tissue construct, whether cells and bio-
active compounds are adhered to or suspended 
within the 3D gel framework [1, 2].

Hydrogels possess many properties which are 
attractive as stand-alone tissue scaffolds or vehi-
cles to deliver drugs, growth factors, or cell thera-
pies: cytocompatibility, tissue mimetic water 
content, support of cell migration and tissue inte-
gration, sustained release of growth factors, and 
controllable physical properties [3, 4].

Hydrogels used in tissue engineering applica-
tions are predominantly based on natural derived  
polymers, including alginate, gelatin, collagen, 
chitosan, silk fibroin, fibrin, and hyaluronic acid, 
because of their inherent excellent cytocompati-
bility, low toxicity, and susceptibility to enzy-
matic degradation [5]. Natural hydrogels, derived 
from polysaccharide or proteins, offer inherent 
bioactivity except for agarose and alginate and 
display a chemical and structural resemblance to  
ECM [6]. Synthetic hydrogels which lack bio-
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logic stimuli often require modification to intro-
duce chemical and physical signals for instructive 
cell and tissue responses [4, 7].

Natural and synthetic hydrogels are particu-
larly attractive for biofabrication as artificial 
ECM to generate physiologically relevant 3D 
scaffolds for cell and tissue growth. In fact, 
hydrogels are good candidates for encapsulating 
cells during their fabrication process: cell-laden 
hydrogel can serve as building blocks for the 
assembly of organ-like or tissue-like structures 
[7, 8] or can be used in conjunction with a set of 
additive manufacturing techniques that go under 
the name of bioprinting [9, 10]. The principle of 
bioprinting can be defined as the use of auto-
mated 3D robotic technologies in order to place 
cell-laden materials into spatially defined struc-
tures. The raw materials of bioprinting process, 
soft biomaterials loaded with living cells, are 
called “bioinks” [9, 11]. Various key properties 
including concentration, molecular weight, vis-
cosity, gelation kinetics, and stiffness can be 
selected according to the specific bioink require-
ments [9, 11, 12].

Moreover, hydrogels are also suitable to keep 
cells and fluid separate while allowing diffusion 
of soluble factors within their structure. This 
property can be used to encapsulate cells in 
micron- to millimeter-size capsules that can serve 
as delivery vehicles for cell-based therapies [2, 
13]. These microcapsules can also be engineered 
to allow for the diffusion of nutrients and removal 
of metabolites while prohibiting interaction of 
encapsulated cells with the immune system, 
therefore avoiding the rejection of the implant by 
the host [13, 14]. Therefore, encapsulation of cell 
offers several potential applications as the encap-
sulated cells can be transplanted within a host 
organism, permitting immune system insulation 
but allowing secretion and delivery of specific 
disease-treating molecules (e.g., against diabetes 
[15], anemia [16], or hemophilia [17]), as better 
described in 1.2.

A wide variety of hydrogels have been experi-
mented within biofabrication, both for encapsu-
lating cell into building blocks or as bioink for 
bioprinting applications [1–8]. Cell-laden hydro-
gel formulations utilize natural hydrogels such as 

alginate, agarose, chitosan, collagen, gelatin, 
fibroin, and hyaluronic acid (HA), as well as syn-
thetic hydrogels such as Pluronic (poloxamer) 
and polyethylene glycol (PEG), or blends. 
Several review papers have been published about 
hydrogels used for tissue engineering, and for 
detailed information about a wide variety of 
materials, the reader is referred to the works of 
Gasperini et al. [2], Ahmed [9], Peppas et al. [10], 
and Kuen Yong Lee and David J Mooney [11]. 
Natural hydrogels, derived from polysaccharide 
or proteins, offer inherent bioactivity, except for 
agarose and alginate, and display a chemical and 
structural resemblance to ECM [12–16].

Sodium alginate, or alginate, is a naturally 
occurring polysaccharide derived from brown 
seaweeds. Microbeads obtained by gelation of a 
sodium alginate solution were used for the first 
time in the 1980s to encapsulate pancreatic islets 
and are currently used for encapsulating different 
cell types and therapeutic agents [17, 18]. 
Alginate is the material of choice for many cell 
encapsulation applications because of its proven 
cytocompatibility, rapid ionic gelation property 
with divalent cation, hydrophilic nature, and tun-
able properties [19]. It has been used as a bioma-
terial in clinic for different applications, such as 
wound healing, bone graft substitute for spine 
fusion, and cell therapy [18, 20]. For the peculiar 
characteristics (particularly gelling capacity, low 
toxicity, high availability, and low cost), alginate 
hydrogels are widely adopted as base materials 
for scaffold realization, particularly for bone tis-
sue engineering, or for bioink formulation [21]. 
In fact, alginate hydrogels can constitute an opti-
mal substrate for cell loading and, as a conse-
quence of the fast ionic cross-linking, they can be 
easily injected, making them outperforming with 
respect to other materials used for solid scaffold 
fabrication.

4.1.1  Alginate Structure 
and Chemistry

Alginic acid, or algin, is a natural anionic poly-
saccharide occurring mainly in the intracellular 
matrix of brown algae like many seaweeds from 
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the class Phaeophyceae. The term “alginate” is 
commonly used to define the metal salts of the 
alginic acid. Commercially available alginates 
are extracted from algae, but synthesis by micro-
bial fermentation is possible and well docu-
mented [27]. Within the algae cell walls, alginate 
is in the form of an insoluble hydrated gel con-
taining metal counterions like sodium, calcium, 
magnesium, strontium, and barium, which also 
contribute to stabilize the gel. First, algae are har-
vested, and water-insoluble alginic acid is 
extracted from dried algal tissue by acid conver-
sion of insoluble alginate salts. Then, insoluble 
alginic acid is converted into water-soluble 
sodium alginate by alkali neutralization with 
sodium hydroxide or sodium carbonate. After a 
series of flocculation/floatation and filtration/
centrifugation steps to remove seaweed residues, 
the water-soluble sodium salt of alginic acid is 
recovered by acid or alcohol precipitation [22, 
28].

Alginates are linear polymers consisting of 
(14′)-linked residues of ß-D-mannuronic acid (M) 
and α-L-guluronic acid (G). Depending on the 
derivative algae species, the polymer backbone 
structure can consist of pure (G) blocks, pure (M) 
blocks, (GM-alternating) blocks and (GM-random) 
blocks with different length and organization [22]. 
The arrangement and relative amount of the differ-
ent blocks depend also from the harvesting time 
and the extraction procedures itself [30]. The ratio 
between (G) and (M) blocks influences the 
mechanical properties of the alginate hydrogel as 
the (G) blocks are involved in the cross-linking 
mechanism of alginate hydrogels [2]. In fact, algi-
nate molecules undergo ionotropic gelation in 
water solution in the presence of divalent cations, 
typically Ca2+, Mg2+, or Ba2+, that interact with (G) 
blocks to form ionic interchain bridges [31].

The water solubility of sodium alginate and 
the viscosity of the resulting solution are pH- 
related. At physiological condition, alginate 
molecules are fully solubilized and present an 
extended random coil conformation; when 
reducing pH, alginate chains develop intermo-
lecular hydrogen bonds, resulting in an increase 
of solution viscosity and, eventually, in the for-

mation of gelatinous precipitates at extremely 
low pH [22].

4.1.1.1  Alginate Hydrogels
The gelation of sodium alginate solutions can occur 
via two different processes: ionic or covalent cross-
linking. The ionic gelation occurs in the presence of 
divalent cations such as Ca2+, Sr2+, and Ba2+. When 
they are added to a water- based sodium alginate 
solution, they bind two adjacent residues allowing 
the formation of ionic interchain bridges that cause 
a fast sol-gel transition. The amount and the type of 
the gel-forming ions and the gelling conditions, 
such as temperature, also affect the network struc-
ture and permeability. In fact, the alginate gel is 
characterized by a wide pore size distribution, and 
its porosity is strongly influenced by the nature and 
concentration of gelling ions [12, 22].

Once the gel is formed, it can be dissolved by 
the exchange of ions with a buffer (e.g., phosphate 
buffer saline without calcium) or by treatment 
with a chelating agent for divalent cations such as 
ethylenediaminetetraacetic acid (EDTA) or 
sodium citrate. This can be useful to gently release 
cells entrapped in alginate hydrogels for further 
downstream processing [22]. On the other side, 
because these gels can be dissolved due to release 
of divalent cations into the surrounding media, a 
critical drawback of ionically cross- linked algi-
nate gels is the limited long-term stability in phys-
iological condition. The formation of an 
intermolecular gel network is compatible with the 
survival of cells that will be evenly distributed 
throughout the hydrogel if suspended in the algi-
nate solution prior to gelation [22, 23]. In alterna-
tive to ionic cross-linking, covalently cross-linked 
hydrogels can be obtained with chemically modi-
fied sodium alginate. Different diamines and 
dihydrazides have been used to covalently cross-
link alginate, and photo-cross- linkable hydrogels 
can be obtained in the presence of a photoinitiator 
and UV light after conjugating methacrylate 
groups onto the alginate backbone. Covalent 
cross-linked hydrogels allow better control over 
the physical properties and provide better chemi-
cal stability. However, covalent cross-linking 
reagents may be toxic, and the process is not as 
easily reversible as in the case of ionic gelation 
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[22, 23]. Moreover, the possibility of delayed 
gelation was exploited to develop in situ inject-
able hydrogels for cell delivery [33].

4.1.2  Therapeutic Applications 
of Cell-Laden Alginate 
Hydrogels

Pancreatic islets were the first cells immobilized 
in calcium alginate matrices by Lim and Sun at 
the end of the 1970s in order to treat diabetes 
[17]. From that time, several approaches and 
adaptations of mammalian cell culture have uti-
lized alginate gels as a model system in biomedi-
cal studies and for manufacturing cell therapy 
constructs [20, 24]. Alginate gels can be adapted 
to serve as either 2D or 3D culture systems, being 
the latter more relevant from a physiological 
standpoint. Alginate gels may serve as an ideal 
blank slate, due to the low protein adsorption and 
lack of mammalian cell receptors for alginate. 
The limited inherent cell adhesion and cellular 
interaction can be an advantage for cell encapsu-
lation applications, but can limit the use of cell- 
laden constructs for tissue engineering 
applications [25, 26]. Different biochemical 
modifications can be used to adapt alginate 
matrix to guide adhesion and function of specific 
cells and will be discussed later. The use of algi-
nate hydrogels for the realization of scaffolds and 
cellular constructs as an alternative to cell culture 
in 2D includes the formation of beads, fibers, 
membranes, meshes, foams, and other hydrogel 
structures that can serve as building blocks 
according to the biofabrication paradigm [22, 
27]. The role of alginate in pharmaceutics and 
biomedical engineering includes also different 
applications. Alginate is a commonly used poly-
mer for sustained and localized drug delivery 
applications, and different binding and gelation 
mechanisms allow to tune the sequence and rate 
of release [28]. In the form of sponges, hydro-
gels, and electrospun materials, alginate-based 
wound dressings have been used as substrates for 
the treatment of acute and chronic wounds, as 
they offer many advantages including hemostatic 

capability and gel-forming ability upon adsorp-
tion [19].

Encapsulation in alginate hydrogels has 
shown to be an easy, non-toxic, and versatile 
method for immobilization of cells, and many 
studies describe the use of this technique for 
treating different diseases comprehending liver 
failure [29], Parkinson’s disease [30], anemia 
[31], brain tumors [30], cartilage [32], and bone 
injuries [33]. In this process, living cells are sus-
pended in alginate solution that is then dripped or 
extruded into a bath containing calcium chloride 
or other divalent ions. Since the ionic cross- 
linking reaction is instantaneous, the cells remain 
entrapped inside the hydrogel matrix. Oxygen 
and nutrients can diffuse into the gel, and cell 
products can diffuse outside the matrix. However, 
the hydrogel represents a barrier to antibodies 
and immune cells, and implantation studies into 
animals and diabetic patients have demonstrated 
long-term functionality of alginate hydrogel con-
structs containing cells [18]. Therefore, cell- 
laden alginate hydrogel constructs can be 
implanted into animals or humans and serve as 
“biofactory” for the continuous production of 
proteins or therapeutic agents as, for example, 
insulin [18, 20]. Alginate hydrogels have been 
also broadly used for the sustained and localized 
delivery of encapsulated drugs or growth factor 
by controlled release from the cross-linked 
matrix. Growth factor can promote or impede cell 
migration, differentiation, and proliferation, and 
they can be combined and delivered from the 
hydrogel by exploiting different mechanisms, 
which allows tuning the sequence and rate of 
release [26]. As an example, Li and colleagues 
investigated the release of vascular endothelial 
growth factor (VEGF), a potent angiogenic mol-
ecule, from poly-l-lysine-coated VEGF/alginate 
microspheres for promoting the vascularization 
of tissue-engineered bone graft [34].

4.1.3  Alginate-Based Cell 
Encapsulation Systems

A major disadvantage of alginate constructs and 
bioinks is the formation of relatively soft gels at 
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lower concentrations, even after cross-linking. 
On the other hand, high-concentration gels 
 possess high stiffness and low diffusion proper-
ties, thus hampering cell proliferation and func-
tionality. Therefore, it is challenging to print 
multilayered structures which can recapitulate 
the complexity of tissue-like structures [35]. In 
this framework, modular approaches would con-
fer the ability to scale up by assembling layer by 
layer building blocks to create macroscopic tis-
sue constructs.

The size of the hydrogel constructs is another 
critical parameter for biomedical application of 
encapsulated cells. The bead, fiber, or printed 
bioinks must be large enough to contain the bio-
logical material, and larger constructs are also 
easier to handle during washing or further assem-
bling processes. However, the absence of convec-
tion movement within a capsule induces an 
oxygen and nutrient gradient from the surface to 
the construct resulting in necrosis of the inner 
cells [36]. In fact, although the nanoscale poros-
ity of alginate gel permits the diffusion of solutes 
through its network, this process is limited when 
the size of the construct increases. A study pub-
lished by Gasperini et al. identified a critical dif-
fusion distance of about 400 μm for the long-term 
survival of B50 rat neuronal cells in the case of 
2%wt alginate hydrogels loaded with a cell den-
sity of five million cells per mL [37]. Specific 
types of geometry should be designed in order to 
counterbalance issues regarding the size of an 
alginate-based cell culture system.

4.1.3.1  Alginate Microbeads
One of the most studied supports for alginate 
cell encapsulation are microbeads that can be 
produced through electro-hydrodynamic pro-
cess. In this process, an electrostatic potential is 
applied to a needle and used to deposit alginate 
droplets in the coagulation bath where gelation 
occurs [37]. Cells encapsulated with this tech-
nique remain viable inside the beads and are 
able to proliferate once released from the matrix, 
as demonstrated in the work of Liaudanskaya 
et al. [38].

Other techniques that can be used to encap-
sulate cells in alginate beads include coaxial air 

or liquid flow [39], the use of micromolding 
platform [40], microfluidic-based emulsifica-
tion [41], and the use of superhydrophobic sub-
strates [42]. Alginate has been used for 
encapsulating pancreatic islets since it provides 
some advantages over other system. It does not 
interfere with cellular functions, encapsulation 
can be done at physiological conditions, and it 
can facilitate the functional survival of the islets 
when enveloped in microcapsules before long-
term tissue culture [43].

4.1.3.2  Alginate Microfibers
Cell-laden microfibers are recognized as another 
appropriate form of building blocks for assem-
bling cell-laden constructs in vitro because many 
important human tissue and organs are composed 
of fiber-based or network-like structures [44, 45]. 
Meter-long cell-laden fibers can be formed start-
ing from a solution of alginate containing cells 
using techniques like electrospinning, wet spin-
ning, microfluidic spinning, interfacial complex-
ation, and melt spinning [44, 45]. In addition to 
cell-encapsulating structures, microfibers can 
also function as support for cell seeding and thus 
represent a versatile framework [46, 47]. The use 
of cell-laden fibers allows the use of textile tech-
nologies for making fabrics and cell-laden struc-
tures with precise control over the distribution of 
different cell types and anisotropic mechanical 
properties within the constructs. In fact, these 
fibers can be further assembled by weaving, knit-
ting, and reeling into macroscopic cellular struc-
tures with various spatial patterns and used as 
templates for the reconstruction of fiber-shaped 
functional tissues that mimic muscle fibers, blood 
vessels, or nerve networks in  vivo [45, 46]. 
Alginate is the most frequently used material for 
manufacturing cell-laden microfibers, thanks to 
its easy handling properties and its prepolymer 
solution, gelation agent, and coagulation bath 
being all compatible with living cells. Alginate- 
based microfibers can be easily formed with wet- 
spinning method, extruding the pre-gel solution 
containing cells into a gelator solution where it 
continuously polymerizes by using a syringe nee-
dle or micronoozle array. As an example, Lee and 
colleagues reported the successful encapsulation 
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of cells within alginate and alginate-chitosan 
fibers using a wet-spinning microfluidic chip 
[48]. Nevertheless, since cells cannot adhere on 
the surface of the alginate hydrogel due to its bio-
logical inertia, alginate-based microfibers are 
typically employed as cell-encapsulating build-
ing blocks. In addition, alginate-based microfi-
bers with cell-adhesive materials have been 
fabricated in order to improve cell adhesion. For 
example, Onoe et al. developed a double-coaxial 
laminar flow microfluidic device to create meter- 
long functional microfibers with a mixture of 
extracellular matrix proteins and cells as the core 
and alginate hydrogel as the shell [49]. Akbari 
and colleagues reported the use of alginate hydro-
gels containing cells as coatings for synthetic 
polymer cores in order to create composite living 
fibers, subsequently assembled using regular tex-
tile processes [50]. Alginate microfibers found 
also application for treating various diseases. In 
the work of Jue et al., primary pancreatic islets 
and hepatocytes in the form of hybrid spheroids 
were encapsulated in collagen-alginate compos-
ite microfibers using a microfluidic chip. The 
xenogenic transplantation of these constructs 
in vivo showed great promises for treating end- 
stage liver diseases [51].

4.1.3.3  Alginate Hydrogels as Bioinks 
for Bioprinting

Alginate hydrogels are also widely used as a bio-
ink for bioprinting applications, due to their com-
patibility with cells, fast gelation rate, and the 
ability to control biodegradation. In fact, alginate 
is reasonably easy to print, as it is easy to process 
and extrude while protecting the encapsulated 
cells [22, 27]. Moreover, using alginate it is pos-
sible to create long-term persistent cell-laden 
structures, whereas the slow degradation kinetics 
of the hydrogel can be tuned by oxidation or by 
modifying the molecular weight distribution of 
the polymer itself [52–54].

Alginate hydrogels possess shear thinning 
properties, and, therefore, their viscosity is 
dependent on the strain rate. The viscosity of 
alginate is concentration-dependent, and, gener-
ally, lower concentrations of alginate are recom-
mended for high cell viability [27, 35].

However, low-concentration alginate exhibits 
poor mechanical properties and cannot be used 
for achieving good resolution in printing applica-
tions. Many attempts to optimize the resolution 
of alginate bioinks have been reported, including 
optimization of alginate concentration, incorpo-
ration of high molecular weight polymers, and 
different hydrogel fabrication methods [35, 55].

Different bioprinting approaches can be used 
for integrating living cells into three-dimensional 
alginate hydrogels, and these methods can be 
classified into three main categories: extrusion- 
based bioprinting (EBB) performed with the use 
of a piston or a screw or other pneumatic method; 
inkjet-based bioprinting (IBB), performed by a 
piezoelectric actuator or a heater that creates bub-
bles; and laser-assisted bioprinting (LAB), per-
formed by a laser pulse that discharges bioink 
droplets from a donor slide onto an energy- 
adsorbing layer [56, 57]. In the case of laser- 
assisted methods, the processes involve 
high-temperature and high-energy radiations 
which make them unsuitable for bioprinting of 
cell-laden constructs [35]. Therefore, extrusion 
and inkjet printing are the two major technolo-
gies which can be used for printing cell-laden 
constructs under physiological conditions. Inkjet- 
based methods have been used for printing 3D 
cell-laden constructs due to the ability to provide 
good cell viability (around 90%). On the other 
side, the employed bioinks must be less viscous 
in comparison to extrusion printing, and cell den-
sity also must be lower. For these reasons, the 
most employed printing solution for alginate- 
based bioinks relies on the extrusion process, 
since it provides a platform to print cell-laden 
constructs efficiently and in a controllable man-
ner compatible with cell survival [35].

In EBB methods, cells are blended with a 
hydrogel and loaded into sterilized syringes. The 
cell-laden hydrogel or cell spheroids are then dis-
pensed by air pressure or a motorized plunger 
through a micronoozle onto the substrate, accord-
ing to a customized design. Different EBB sys-
tems have been experimented for printing living 
cells onto target-specific positions while encap-
sulating them in alginate hydrogel. In a recently 
published review, Ozbolat and coauthors reported 
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a summary of these mechanisms which are (i) 
bioplotting, (ii) bioprinting hydrogel with a 
 secondary nozzle using cross-linker deposition or 
a spraying system, (iii) bioprinting using a coax-
ial nozzle-assisted system, (iv) bioprinting pre- 
cross- linked alginate and further cross-linking it 
thereafter, and (v) bioprinting alginate with an 
aerosol cross-linking process [55]. There are 
many reports detailing various extrusion-based 
3D tissue-printing systems and the parameters 
requested for an efficient printing, like printing 
speed, dispensing pressure, and movement dis-
tance. As an example, Gasperini et al. presented a 
bioprinting technique that exploits the electrohy-
drodynamic process to create a jet of liquid algi-
nate beads containing cells [58]. The beads were 
placed at predefined positions and cross-linked 
on a calcium-donor substrate, to build block-by- 
block a cell-laden hydrogel scaffold. Tabriz and 
colleagues developed a new extrusion-based bio-
printing technique to produce complex alginate 
hydrogel structures by dividing alginate hydrogel 
cross-linking process into three steps [65], each 
step corresponding to an increase in cross-linking 
level. With this technique they were able to suc-
cessfully print complex 3D constructs in the 
shape of branched vascular structures [59].

4.1.4  Modification of Alginate 
Hydrogels

Although alginate is extremely cytocompatible, 
due to its highly hydrophilic nature, proteins are 
minimally adsorbed, thus hampering cell attach-
ment on this material. Moreover, despite the 
intrinsic properties of alginate that make it a 
favorable material for tissue engineering applica-
tions, chemical modifications are often required 
to promote desirable cellular functions, provide a 
greater range of mechanical properties, and facil-
itate controlled release of encapsulated factors. In 
order to overcome its limitations, alginate can be 
modified by covalently grafting extracellular 
matrix peptides to provide molecule binding sites 
for cell adhesion, like the RGD (arginine- glycine- 
aspartate) motif found in collagen or the REDV 
(arginine-glutamate-aspartate-valine) peptides 

found in fibronectin [60–62]. Another strategy 
consists in mixing alginate with protein-based 
cell-adhesive components such as collagen [63], 
gelatin [61], keratin [64], or silk fibroin [65] in 
order to obtain hybrid hydrogels with improved 
biocompatibility and enhanced degradation rate. 
These proteins contain cellular binding motifs, 
which support cellular attachment in a manner 
similar to the extracellular matrix (ECM). 
Different approaches have been proposed in this 
regard:

• In their well-known paper from 1999, Rowley 
and colleagues covalently modified alginate 
polysaccharides with RGD-containing cell 
adhesion ligands utilizing aqueous carbodi-
imide chemistry [60]. Mouse skeletal myo-
blasts were cultured on the obtained alginate 
hydrogel surface, where they proliferated and 
differentiated toward skeletal muscle lineage. 
The suitability of alginate as an ideal material 
with which to confer specific cellular interac-
tive properties was thus demonstrated.

• Singh et al. compared the growth of vascular 
cells on different hydrogel substrates contain-
ing alginate (2%, wt/vol) blended in solutions 
with different proteins (silk fibroin, gelatin, 
keratin, or elastin at 1%, wt/vol) [66]. The 
analysis of cell proliferation, metabolic activ-
ity, and colonization was carried out in 2D, 
and the most promising results were obtained 
with silk fibroin- and keratin-containing 
hydrogels, which supported the growth of all 
types of vascular cells.

• Boccaccini et  al. published several papers 
regarding alginate modification for enhancing 
its biocompatibility by resembling the 
mechanical, structural, and chemical proper-
ties of the native extracellular matrix. In their 
works, they developed modified alginate 
hydrogels in which cell-adhesive functionality 
was conferred by blending with gelatin [25], 
silk fibroin [67], and keratin [64]. They used 
this hybrid material to fabricate hydrogel films 
and hydrogel microcapsules. Cells were either 
seeded onto prefabricated hydrogel substrates 
(2D) or encapsulated during hydrogel micro-
capsule formation obtained with pressure- 
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driven extrusion technique (3D). Their results 
indicated that such novel hybrid hydrogels 
supported cell attachment, spreading, and pro-
liferation and thus represent promising mate-
rials for biomedical applications in tissue 
engineering and regeneration. As an example, 
the presence of silk fibroin in the blend makes 
the gel stiffer compared with pure alginate and 
improves the physical-chemical properties in 
both the geometries of the blend [67]. As far 
as cell interaction is concerned, they showed 
that silk fibroin provides anchorage and a 
growth-supporting environment for both cells 
seeded on the films and for cells encapsulated 
in the microcapsule compared with structure 
of pure alginate [67]. However, they did not 
compare the behavior of cells processed with 
the different hydrogel systems.

• Cell sheet culture substrates were developed 
by Yan and coworkers using the ability of cal-
cium alginate hydrogels to be dissolved under 
mild conditions [62]. The alginate was modi-
fied by conjugating the integrin binding pep-
tide sequence RGD to the alginate solution in 
order to confer cell attachment sites to the 
hydrogel. The modified alginate hydrogel sup-
ported the attachment and growth of fibroblast 
and human corneal epithelial cell (HCEC) 
sheets, subsequently detached from the sub-
strate through chelating the calcium using 
citrate. The cell-cell connections were retained 
following this release, and the cell layers 
adhered to each other and grew after being 
stacked (Table 4.1).

4.1.5  Challenges and Future 
Directions

Novel hydrogels for tissue engineering applica-
tions should be designed and engineered to fulfill 
a number of physical, chemical, and biological 
requirements: for example, hydrogel systems 
should be able to sustain cell viability and pro-
mote cell adhesion, proliferation, aggregation, 
and differentiation toward multiple lineages; 
demonstrate mechanical integrity and structural 
stability after gel formation; and allow integra-

tion with the endogenous tissue without minimal 
inflammatory response.

Alginate-based hydrogels have been widely 
explored in cell encapsulation and bioprinting 
applications due to large availability, limited 
cost, mild cross-linking conditions with no need 
for aggressive cross-linking agents, and revers-
ible gelation.

Due to the high water content and the lack of 
cell binding sites, alginate hydrogels have shown 
limited protein adsorption, cell adhesion ability, 
and long-term stability. The limited inherent cell 
adhesion and cellular interaction can be an advan-
tage for cell encapsulation applications but can 
limit the use of cell-laden constructs for tissue 
engineering applications. Alginate molecules can 
be chemically modified by covalent cross-linking 
with extracellular matrix components to provide 
molecule binding sites for cell adhesion. 
Similarly, hydrogel long-term stability can be 
greatly improved using dialdehydes or methacry-
lated alginate to form covalent intermolecular 
cross-linking bonds. However, additional 
research is necessary to fully understand the 
effect of chemical cross-linkers on the encapsu-
lated cells and on long-term mechanical proper-
ties, stability, and, eventually, degradation of the 
hydrogels.

Conversely, new alginate-based formulations 
should be engineered to obtain hydrogel systems 
with finely tunable biological, mechanical, and 
degradation behavior.

Alginate hydrogels were used for the realiza-
tion of 3D scaffolds and cellularized constructs in 
an alternative to 2D cell culture systems in the 
form of beads, fibers, membranes, meshes, 
foams, and hydrogel building blocks for biofabri-
cation. Similarly, alginate systems with delayed 
gelation were exploited to develop in situ cross- 
linkable injectable hydrogels for bioprinting 
applications. This extended knowledge in mate-
rial preparation and cell encapsulation should 
now be used to design and develop multicompo-
nent structures populated with multiple cell lines 
which can recapitulate the complexity of tissue- 
like structures. In this framework, modular 
approaches would confer the ability to scale up 
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Table 4.1 Selected examples of alginate-based solutions for cell encapsulation, cell-laden injectable gels, tissue engi-
neering and bioinks, and drug delivery systems

Application Material Physical form Relevant findings References
Cell encapsulation, immobilization, and storage

Alginate Coated 
microcapsules

Dextran-spermine coated microcapsules of 
alginate containing viable Langerhans islets. 
Co-encapsulation of anti-inflammatory drugs 
increased resistance against lymphocytes and 
prevented fibrosis

[68]

Alginate Microbeads Cell-laden microbeads prepared by electro-jetting 
of alginate droplets in CaCl2 coagulation bath. 
Encapsulated cells remained viable and were able 
to proliferate once released from the matrix.

[37]
[38]

Alginate/gelatin Microbeads Osteoblasts-like MG-63 cells microencapsulated 
in alginate-based hydrogels covalently cross- 
linked with gelatin showed good cell adhesion, 
spreading, migration, and proliferation ability

[25]

Alginate/chitosan Microfibers Encapsulation of human hepatocellular carcinoma 
(HepG2) cells within pure alginate microfibers 
and alginate-chitosan fibers by wet-spinning 
using a coaxial microfluidic chip

[48]

Chemically 
modified alginate

Injectable, 
multiple 
presentations

Alginate hydrogels cross-linked via bi-orthogonal 
click chemistry to obtain cell encapsulation in 
bulk gels with high post-encapsulation viability, 
minimal inflammatory reaction, and long-term 
stability

[69]

Building blocks for organs and tissues assembly in vitro
Alginate Core-shell 

microfibers
A laminar flow microfluidic device was designed 
to manipulate coaxial microfibers with alginate 
hydrogel shell and carrying a cell suspension in 
the core. With a double capillary system, 
microfibers could be weaved to create stable 3D 
networks with multiple architecture

[49]

BMP-modified 
alginate

Self-assembling 
microbeads

Cell-laden alginate microgels modified with three 
separate combinations of binding pair molecules 
(BPM) demonstrated the ability to self-assemble 
forming structures with loosely packed 
configurations

[70]

Cell sheet technology
RGD-modified 
alginate

Film Cell-adhesive culture substrates for growth of 
fibroblasts and human corneal epithelial cells; the 
confluent cell layer was later detached from the 
substrate using citrate buffer while maintaining 
functional cell-to-cell interaction

[61]

Injectable alginate-based hydrogels
Oxidized alginate/
gelatin

Self-cross- 
linked injectable 
hydrogel

Fast-gelling injectable hydrogel by self-cross- 
linking of sodium periodate-oxidized alginate and 
gelatin in the presence of borax for cartilage 
tissue engineering. Encapsulated chondrocytes 
demonstrated good viability, normal phenotype, 
and proliferation and migration ability within the 
matrix

[71]

(continued)
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by assembling layer by layer building blocks to 
create macroscopic tissue constructs.

Cellularized bioprinted and biofabricated tis-
sues can provide an immeasurable benefit in the 
development of new drug formulations by allow-
ing testing and high-throughput screening of new 
and promising chemicals on functional human 
tissue in  vitro. Moreover, the engineering of 
functional tissue constructs can help in improv-
ing understanding of tissue physiology and func-
tions, leading to the development of refined TE 
strategies. For example, in  vitro tumor models 
could be used to investigate cancer microenviron-

ment, growth, and metastasis, thus supporting the 
early stages of clinical trials.

In addition, the limited nutrient perfusion and 
oxygen diffusion in alginate hydrogels – similar 
to other hydrogel systems – restrict the possibil-
ity to develop functional cellularized constructs 
with clinically relevant dimensions and limit the 
integration of the new tissue in vitro and in vivo. 
Despite the great progress in biofabrication 
approaches, building a perfusable hierarchical 
vascular network remains a major challenge. 
Therefore, it is pivotal to provide a viable solu-
tion for vascularization to facilitate the clinical 

Table 4.1 (continued)

Application Material Physical form Relevant findings References
Oxidized alginate/
hyaluronate

Injectable 
hydrogel

An injectable, biodegradable, partially oxidized 
alginate/hyaluronate hydrogel infused with 
primary chondrocytes into mice demonstrated 
effective cartilage regeneration after 6 weeks with 
convincing expression of chondrogenic markers

[72]

Alginate/
carboxymethyl 
chitosan

Injectable 
hydrogel

An injectable alginate/O-carboxymethyl chitosan 
hydrogel loaded with fibrin nanoparticles was 
used to encapsulate adipose-derived stem cells 
leading to favorable cell adhesion, proliferation, 
and differentiation into adipocytes

[73]

Alginate Injectable 
hydrogel

Chondrocytes were resuspended in an alginate 
solution with porous polymeric microspheres 
containing calcium gluconate as a calcium source 
for delayed gelation. The resulting hydrogel was 
shown to integrate well in the bone defects and 
deliver cartilage cells in situ.

[74]

Alginate-based bioinks
Collagen Type I/
alginate

3D bioprinted 
construct

Alginate/collagen bioinks loaded with 
chondrocytes were used to build 3D-printed 
constructs that facilitated cell adhesion and cell 
proliferation and enhanced the expression of 
cartilage-specific marker genes. The addition of 
collagen improved both mechanical strength and 
bioactivity of the bioinks while preserving 
chondrocyte phenotype

[63]

Alginate/gelatin 
methacryloyl/
PEG-tetra-acrylate

3D bioprinted 
construct

A cell-loaded bioink able to promote the 
proliferation and early maturation of vascular 
cells was used to bioprint complex 3D vascular 
networks using a multicomponent coaxial nozzle 
designed for continuous generation of hollow 
constructs. The system demonstrated the 
formation of functional vessel-like structures

[75]

Drug delivery
Alginate/
poly-l-lysine

Coated 
microspheres

The release of vascular endothelial growth factor 
from poly-l-lysine-coated alginate microspheres 
promoted neo-vascularization of tissue- 
engineered bone graft

[34]
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translation of tissue-engineered constructs. 
Newly engineered alginate-based hydrogels can 
play an important role in the implementation of 
innovative biofabrication and bioprinting strate-
gies for the development of vascularized tissue- 
engineered constructs.
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Abstract

Engineered polymeric hydrogels have been 
extensively utilized in tissue engineering and 
regenerative medicine because of their bio-
compatibility, tunable properties, and struc-
tural similarity in their native extracellular 
microenvironment. The native extracellular 
matrix (ECM) has been implicated as a crucial 
factor in the regulation of cellular behaviors 
and their fate. The emerging trend in the 
design of hydrogels involves the development 
of advanced materials to precisely recapitulate 
the native ECM or to stimulate the surround-
ing tissues via physical, chemical, or biologi-
cal stimuli. The ECM presents various 
parameters such as ECM components, soluble 
factors, cell-to-cell and cell-to-matrix interac-
tions, physical forces, and physicochemical 
environments. Among these environmental 
factors, oxygen is considered as an essential 
signaling molecule. In particular, abnormal 
oxygen tension such as a lack of oxygen 
(defined as hypoxia) and an excess supply of 
oxygen (defined as hyperoxia) plays a pivotal 

role during early vascular development, tissue 
regeneration and repair, and tumor progres-
sion and metastasis. In this chapter, we discuss 
how engineered polymeric hydrogels serve as 
either an artificial extracellular microenviron-
ment to create engineered tissues or as an 
acellular matrix to stimulate the native tissues 
for a wide range of biomedical applications 
including tissue engineering and regenerative 
medicine, wound healing, and engineered dis-
ease models. Specifically, we focus on emerg-
ing technologies to create advanced polymeric 
hydrogel materials that accurately mimic or 
stimulate the native ECM.

Keywords

Polymeric hydrogels · Oxygen · Artificial 
extracellular matrix · Tissue engineering · 
Regenerative medicine

5.1  Introduction

The native extracellular matrix (ECM) is a com-
plex three-dimensional (3D) framework com-
posed of fibrous proteins, proteoglycans, and 
various soluble molecules immersed in body flu-
ids [1]. The native ECM provides a structural 
frame to maintain structural integrity, support 
cell adhesion, and regulate cells behaviors. The 
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 microenvironments have been implicated as criti-
cal factors in regulating cellular behaviors such 
as migration, proliferation, and differentiation, as 
well as the sequestering of growth factors (GFs) 
in various biological processes [2]. In the fields 
of tissue engineering and regenerative medicine, 
the recapitulation of the native cellular microen-
vironment using various bioinspired materials is 
an emerging trend.

Polymeric hydrogels are 3D hydrophilic net-
works that absorb excess water without dissolv-
ing. They have attracted much attention as a 
promising artificial ECM due to their similarity 
to native ECM, including moisture environment, 
hydrophilic networks, biocompatibility, and ease 
of incorporating biochemical agents such as 
genes, growth factors, and enzymes [3–6]. To 
develop advanced hydrogels that mimic native 
ECM, many researchers have attempted to reca-
pitulate various parameters of native ECM (e.g., 
mechanical properties, physical forces, topogra-
phies, porosities, cell-to-cell and cell-to-matrix 
interactions, and the incorporation of biochemi-
cal molecules including growth factors, nutrients, 
and oxygen) by considering the type of polymers, 
cross-linking density, hydrophilicity, and encap-
sulation of the growth factors and other physio-
logical molecules [2, 3, 7, 8].

Oxygen is an essential element as a metabolic 
substrate and as a signaling molecule in various 
biological processes including embryo develop-
ment, homeostasis, and tissue regeneration. 
Oxygen condition can be classified in three lev-
els: hypoxia (lack of oxygen below 21% pO2), 
normoxia (normal oxygen tension; 21% pO2), 
and hyperoxia (excessive supply of oxygen above 
21% pO2) [9, 10]. In particular, recent approaches 
have focused on the recapitulation of a lack or 
excessive oxygen condition for mimicking bio-
logical conditions and facilitating different bio-
logical processes. Hypoxia occurs during 
embryonic development, tissue regeneration, and 
tumor development, resulting in vascular devel-
opment and tumor progression [11, 12]. 
Hyperoxia is induced by an artificial oxygen sup-
ply and facilitates cell proliferation, collagen 
maturation, neovascularization, reepithelializa-
tion, and the recruitment of stem/progenitor cells 

[13, 14]. The available evidence in the literature 
is considered to be critical in the design of 
advanced polymeric hydrogels that are better 
mimic the native ECM and stimulating the sur-
rounding host.

In this chapter, we discuss the design of 
oxygen- controllable hydrogels as artificial cellu-
lar microenvironments or dynamic acellular 
matrices for tissue regeneration. In particular, we 
focus on the recently reported approaches for the 
design of advanced hydrogel materials for vari-
ous therapeutic applications.

5.2  Advanced Polymeric 
Hydrogel as Artificial ECMs 
and Dynamic Matrices

The various types of polymers have been utilized 
to create hydrogel matrices. Within the engi-
neered microenvironments, polymers play the 
role of the backbone of artificial ECM, similar to 
a fibrous protein and proteoglycan in a native 
ECM. This results in the determination of physi-
cal forces, cell-to-cell and cell-to-matrix interac-
tion, and the encapsulation of biochemical 
molecules [3, 7]. The polymeric biomaterials are 
classified as natural, synthetic, and semisynthetic 
polymers. Natural polymers (e.g., collagen, gela-
tin (Gtn), hyaluronic acid (HA), fibrin, chitosan, 
and alginate) have suitable properties such as 
hydrophilicity, biocompatibility, cell adhesive, 
and degradable sites; however, their use is limited 
due to their weak mechanical properties and 
batch-to-batch variation [8, 15]. Synthetic poly-
mers, including poly(ethylene glycol) (PEG), 
poly(vinyl alcohol) (PVA), and poly(ethylene 
oxide)-poly(propylene oxide)-poly(ethylene 
oxide) (PEO-PPO-PEO) are utilized because of 
their stable matrix formation, precise tunability, 
and minimal variation of components. However, 
they lack bioactive moieties such as cell adhesive 
and degradable sites. To develop desirable poly-
mers, semisynthetic polymers (e.g., gelatin-folic 
acid (Gtn-FA), thiolated gelatin (GtnSH), and 
Gtn-methacryloyl (GelMA)) have been devel-
oped in recent studies. These are chemically 
modified natural polymers that offer the advan-
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tages of both polymers (Fig. 5.1a) [12, 16, 17]. 
With these various polymers, diverse cross-link-
ing reactions have been considered as an impor-
tant factor in the development of polymeric 
hydrogels. Physical cross- linking reactions (e.g., 
hydrophobic interaction, ionotropic interaction, 
hydrogen-bonding formation) occur via non-
covalent bond formation under mild condition. 
Although these reactions have some benefits, 
such as reversibility without chemical reagents, 

they result in low-stability hydrogels with weak 
mechanical properties compared to hydrogels 
formed via chemical cross-linking reactions. 
Chemical cross-linking reactions (e.g., radical 
polymerization, Michael-type addition, disulfide 
bond formation, Schiff base reaction, and 
enzyme-mediated reaction) are formed by cova-
lent bonds. While these reactions can form a sta-
ble hydrogel network with controllable 
mechanical properties, the chemical reagent used 

Fig. 5.1 Design of the artificial ECM hydrogels. (a) Various polymers and (b) cross-linking strategies used to develop 
the artificial ECM hydrogels. (c) Diverse parameters for the artificial ECM hydrogels
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and their reactions are associated with potential 
problems, including toxicity to cells and organs 
or even at the systemic level (Fig. 5.1b) [8, 18]. 
Considering diverse polymers and cross-linking 
strategies, many researchers are attempting to 
precisely reconstruct the native ECM conditions 
into hydrogels with various parameters, includ-
ing the physicochemical and biological cues.

In the design of artificial ECM hydrogels, the 
structural framework and its properties are 
important factors. The structural framework in 
the hydrogels provides an environment for cell 
survival, attachment, migration, and prolifera-
tion via cell-to-cell and cell-to-matrix interac-
tion during biological processes [2]. To provide 
the optimal conditions for cellular response, 
polymers should be hydrophilic and possess 
charge [3]. The diffusion of bioactive molecules 
such as GFs, cytokines, and gaseous exchange 
(e.g., oxygen and carbon dioxide) is important 
because they create a proper environment for the 
maintenance of cell survival. Indeed, cell adhe-
sive sites (e.g., RGD, VPVGV, and REDV) and 
proteolytic degradable sites decomposed by bio-
logical enzymes (e.g., metalloproteinases 
(MMPs), elastases, and serine proteases) should 
be incorporated into the polymers to assist in 
their 3D cell growth and to regulate their fate. 
Cell adhesive sites assist in the anchorage of 
cells and proteolytic degradable sites facilitate 
the establishment of a tunnel for cell migration 
[1, 2, 19]. Another factor that is considered for 
cell growth is the cross-linking density. The 
cross-linking density determines the physico-
chemical properties of hydrogels, such as their 
stiffness, porosity, and swelling ratio. In particu-
lar, the porosity provides a cage for cell migra-
tion and diffusion of bioactive molecules [1]. 
Although proper pore size facilitates cell migra-
tion, diffusion of bioactive molecules, and gas-
eous exchange, unsuitable pore size limited cell 
migration and the penetration of molecules or 
the burst-diffusion rate. Various GFs and cyto-
kines are secreted from the cells and stimulate 
the cell migration, proliferation, and differentia-
tion via autocrine and paracrine binding [8, 20]. 
The diffusion of these molecules are coordinated 

not only by charges of the polymer chain, pore 
size, and biodegradability but also by the exter-
nal stimuli (e.g., magnetic field, ultrasound, and 
electrical impulse or light) and bioinspired mol-
ecules (e.g., heparin, integrin, and ligands and 
adhesive protein) [3, 21]. The incorporation of 
these physicochemical and biological stimuli 
can release the signaling molecules that are spa-
tially and temporally similar to the native ECM 
[1, 3]. Finally, hydrogels should provide an opti-
mal environment for cell growth and differentia-
tion by controlling the pH, oxygen level, and 
nutrient response to changes of the external con-
dition [8, 22]. Commonly, cells exhibit a decrease 
in the pH via the increase of lactic acid as a 
metabolite and a deficiency of oxygen and nutri-
ents [22, 23]. This poor environment limits cell 
viability, proliferation, and differentiation, 
resulting in apoptosis (Fig. 5.1c). Nevertheless, 
several biological processes including inflamma-
tion, angiogenesis, and granulation tissue forma-
tion associated with wound healing occur in this 
poor environment [22]. Although various param-
eters have been extensively investigated to 
develop artificial ECM-like matrix, the recon-
struction of the oxygen environment in the native 
ECM is necessary to generate the artificial ECM 
completely.

In tissue engineering and regenerative medi-
cine, the use of engineered implants consisting of 
hydrogels, cells, and tissues as therapeutic 
approaches has been plagued by the critical hud-
dle, such as oxygen deficiency. To overcome this 
limitation, various strategies have been investi-
gated that involve the inducement of neovascu-
larization or the infiltration of the surrounding 
vessel, utilization of the cells and GFs, and the 
control of physicochemical properties such as 
stiffness and topography, gradient of nutrients, 
pH, and oxygen level. In particular, strategies that 
involve the tuning of oxygen tension have been 
developed by reconstructing the angiogenic envi-
ronment or the exploitation of extreme environ-
ments that temporally stimulate the cells or 
tissues. We hereby discuss how to create oxygen-
controllable hydrogel matrices and their uses in a 
broad range of biomedical applications.
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5.3  Engineered Hypoxic 
Microenvironment

Hypoxia is a condition in which the partial pres-
sure of oxygen (pO2) falls below 5% in the body 
or local region of the body. This has a crucial 
effect on metabolism, survival, cell-to-cell inter-
actions, proliferation, and migration [24, 25]. In 
addition, oxygen levels have been shown to regu-
late the differentiation of mesenchymal stem 
cells (MSCs) and to control their paracrine func-
tions [26, 27]. Cellular responses to oxygen 
deprivation are primarily regulated by hypoxia-
inducible factors (HIFs) that accumulate under 
low-oxygen conditions. HIFs are transcriptional 
activators composed of β and α subunits [28, 29]. 
In normoxic conditions, the α subunits are 
hydroxylated by HIF prolyl hydroxylase 
(HIF-PH), and ubiquitin ligase recognizes and 
labels them for rapid degradation by proteasome. 
However, when cells experience hypoxia, degra-
dation of the α subunits is inhibited, and they 
accumulate, are translocated into the nucleus, 
and activate downstream signaling pathways 
[30]. HIFs activate the expression of various 
angiogenic factors that could promote angiogen-
esis and vasculogenesis such as vascular endo-
thelial growth factor (VEGF), VEGF receptor 2 
(VEGFR2), angiopoietin (ANG1), and MMPs 
[31–34]. Hypoxia occurs in a wide variety of sit-
uations such as embryonic development, wound 
healing, tissue ischemia, and tissue regeneration. 
Recently, many researchers have investigated the 
effect of hypoxia on cell fate. In this regard, there 
have been several attempts to mimic the hypoxic 
condition.

Park et al. developed hypoxia-inducible (HI) 
hydrogels as the artificial hypoxic microenviron-
ments to facilitate vascular differentiation and 
morphogenesis of endothelial progenitor cells 
(EPCs) [12]. They conjugated ferulic acid (FA) to 
the Gtn backbone via a carbodiimide- mediated 
reaction. The HI hydrogel was fabricated via lac-
case-mediated dimerization of the FA molecules 
during oxygen consumption (Fig.  5.2a). They 
monitored the dissolved oxygen (DO) levels at 
the bottom of hydrogels and determined that 
increasing laccase concentrations from 3.1 to 

25.0 U/mL decreased both the DO levels and the 
time to reach the minimum DO level. In addition, 
they compared the experimental DO values and 
numerical DO values, demonstrating that the 
oxygen consumption kinetics during hydrogel 
formation follows the Michaelis-Menten equa-
tion. These results demonstrated that the oxygen 
levels and gradients within the HI hydrogels were 
predictable and controllable (Fig. 5.2b). To inves-
tigate the cellular responses to the hypoxic envi-
ronment, endothelial colony-forming cells 
(ECFCs) were encapsulated within the HI hydro-
gel matrices and cultured. Interestingly, the DO 
levels of the hydrogels decreased distinctly for 
the first 30 min and retained prolonged low-oxy-
gen levels for up to 50 h due to oxygen consump-
tion of the cells. After 3 days of incubation, the 
ECFCs within the hypoxic hydrogels underwent 
tubulogenesis, forming complex network struc-
tures (Fig. 5.2c). It was determined that ECFCs 
cultured in hypoxic gels exhibited significantly 
higher expression of genes related to angiogene-
sis such as HIF-1α, HIF-2α, MMP, VEGF, 
VEGFR2, and ANG1 compared to nonhypoxic 
gels. The HI hydrogels were injected subcutane-
ously in mice to examine in  vivo blood vessel 
formation. The results indicated a higher density 
and larger size of microvasculature in hypoxic 
hydrogel matrices (Fig.  5.2d, e). This demon-
strated that HI hydrogels could induce acute 
hypoxia in the surrounding tissues and stimulate 
blood vessel recruitment and infiltration.

Although HI hydrogel has potential as an 
engineered scaffold for hypoxia-related applica-
tions, the oxygen levels of the hydrogel over an 
extended period of time depends on the oxygen 
consumption by the encapsulated cells and the 
oxygen levels in the surrounding tissues. This is 
because of the limited conjugation efficiency of 
FA molecules that can consume oxygen during 
cross-linking reactions. To overcome this limita-
tion and to control and maintain continuous 
hypoxic condition, Park et al. developed dextran- 
based HI (Dex-HI) hydrogels. Dextran has been 
used for various biomedical applications because 
of its hydrophilic, biocompatibility, and biode-
gradability properties [35]. They synthesized 
Dex-HI hydrogels by conjugating tyramine (TA) 
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molecules to Dex using PEG as a linker. The DO 
levels within Dex-HI hydrogels decreased dra-
matically during the initial 30  min and main-
tained low-oxygen tension (<0.5%) up to 8  h 
depending on the polymer concentration. As the 
polymer concentration was increased from 
3  w/v% to 10  w/v%, the hydrogels exhibited a 
faster oxygen consumption rate and longer 
hypoxic conditions up to 12 h. These results indi-
cated that Dex-HI hydrogels could generate 
extended hypoxic conditions (up to 12 h) com-
pared to Gtn-HI hydrogels (up to 1 h).

Hypoxia is an important regulator of stem cell 
function including proliferation, maintenance of 
the cell condition and function, and differentia-
tion [36]. Sathy et al. developed dimethyloxalyl-
glycine (DMOG)-releasing hydrogels to control 
the differentiation of transplanted MSCs [37]. 

DMOG is an HIF-PH inhibitor and can mimic the 
effect of low-oxygen conditions by stabilizing 
HIF-1α and inducing HIF-1-dependent down-
stream pathways. DMOG delivered hydrogels 
were prepared by mixing DMOG and RGD-
alginate solution. Firstly, RGD (GGGGRGDSP) 
peptides were covalently linked to alginate via 
carbodiimide chemistry and cross- linked with 
agarose (3%) containing 50  mM calcium chlo-
ride via an ionic cross-linking reaction. DMOG 
was added to the RGD-alginate hydrogel solution 
with different concentrations (2.1, 4.2, 6.3  mg/
mL). The hydrogel burst and released DMOG 
over the first 3 h with a sustained release for 72 h. 
MSCs encapsulated in DMOG-releasing hydro-
gels expressed a higher ratio of nuclear to cyto-
plasmic HIF-1α, indicating that DMOG could 
stabilize HIF-1α. To determine whether DMOG 

Fig. 5.2 Hypoxia-inducible hydrogels as an artificial 
hypoxic microenvironment. (a) Schematic representation 
of HI hydrogel formation. Oxygen-consuming cross- 
linking reaction by laccase resulting in the oxidation of 
FA molecules to form diferulic acid (DiFA). (b) Model 
predictions of oxygen levels and gradients after 30 min of 
hydrogel formation in the three-layer model (air–media–
gel). (c) Confocal microscopy images of ECFCs encapsu-
lated within the nonhypoxic gel and hypoxic gel; yellow 

arrows indicate lumen formation within the vascular net-
works (green, phalloidin, and blue, nuclei). Scale bars 
presents 50 μm. (d) Histological sections 1 and 3  days 
after the hydrogel injection stained with α-SMA (upper 
panel) and CD31 (lower panel) and (e) quantification of 
blood vessel number and diameter surrounding and pene-
trating into the hydrogels. Results in (d) are shown as the 
average value ± SD, *P < 0.05. (Reprinted with permis-
sion from [12] Copyright (2014) Springer Nature)
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delivery and HIF-1α levels could regulate the dif-
ferentiation of adult stem cells, the MSCs encap-
sulated within the hydrogels were cultured in the 
presence of TGF-β3. The expression of key chon-
drogenic genes such as type-II collagen and 
aggrecan increased. In addition, there was also an 
increase in the level of Smad 2/3, which is known 
to play a key role in chondrogenesis and osteo-
genesis in MSCs. It was also determined that co-
delivery of TGF-β3 and BMP-2 by DMOG 
hydrogels increased the expression of Sox-9, 
type-II collagen, and type-X collagen, resulting 
in enhanced chondrogenesis compared to the 
delivery of DMOG or growth factors only.

Cobalt ion (Co2+) also has the potential to imi-
tate hypoxia by artificially stabilizing HIF-1α 
[38, 39]. HIF-1α then translocates into the 
nucleus to stimulate the upregulation of provas-
culogenic genes such as VEGF [40]. Quinlan 
et al. designed novel hypoxia-mimicking cobalt 
bioactive glasses with collagen–glycosaminogly-
can (CG) scaffolds to enhance angiogenesis and 
bone repair [41]. They developed a highly porous 
collagen–CG scaffold that has an optimized com-
position using a controlled freeze-drying process 
to facilitate osteogenesis and to enhance bone 
repair. They incorporated cobalt bioactive glass 
into CG scaffolds to improve the mechanical and 
structural properties, in addition to angiogenesis. 
To fabricate this scaffold, 2.8  mg and 7  mg of 
cobalt bioactive glasses were added to preformed 
CG slurry and freeze-dried at a cooling rate of 
1 °C/min for 24 h at a final freezing temperature 
of −40 °C. The compressive strength of the scaf-
folds was significantly increased by the addition 
of cobalt bioactive glasses, and a high degree of 
porosity of 98% was maintained. To investigate 
cellular responses to the cobalt–CG scaffold, 
human umbilical vein endothelial cells 
(HUVECs) and MC3T3-E1 were seeded onto the 
scaffolds. VEGF gene expression and protein 
production of HUVECs were upregulated for the 
scaffolds with cobalt bioactive glass. Enhanced 
vascular tubule formation was observed com-
pared to the bioactive glass-free CG control. The 
osteogenic activities of MC3T3-E1 cells were 
measured by monitoring alkaline phosphatase 
(ALP) activity and alizarin red staining. The 

results indicated an upregulation of ALP activity 
(2.2–2.6 fold) and enhanced calcium deposition 
within the cobalt bioactive glass–CG scaffolds. 
This demonstrates that the cobalt bioactive glass–
CG scaffolds enhance angiogenic activity and 
influence osteogenesis.

Yegappan et al. also used DMOG as an inhibi-
tor of HIF-PH and whitlockite (WH), which is an 
unusual form of calcium phosphate and the sec-
ond most abundant bone mineral in human, to 
evaluate osteogenic and angiogenic properties 
[42]. They developed injectable carrageenan 
(crg) nanocomposite hydrogels by mixing 2% crg 
solution with WH nanoparticles and DMOG and 
allowed them to cool at room temperature. 
Additionally, cross-linking was performed by 
immersing the nanocomposite gel in CaCl2 solu-
tion. To investigate the effect of hydrogels on cell 
migration, HUVECs were seeded onto transwell 
inserts and hydrogels were injected into the bot-
tom chamber. As a result, cell migration toward 
crg  +  DMOG and nanocomposite hydrogel 
(DMOG+WH) was significantly higher than that 
of the other groups, demonstrating that DMOG in 
hydrogels could mimic a hypoxia microenviron-
ment. It has been shown that the presence of 
DMOG mimics the hypoxic condition that leads 
to overexpression of WNT11, which can stimu-
late cell migration. Additionally, it was deter-
mined that nanocomposite hydrogel and 
crg + DMOG gel exhibited increased tube forma-
tion compared to the other groups. Rat adipose- 
derived mesenchymal stem cells (rADSCs) that 
were cultured in nanocomposite hydrogel exhib-
ited an increase in ALP concentration and 
enhanced expression of RUNX2 and collagen 
(COL) and osteopontin (OPN).

Hypoxia is also a key feature of various dis-
eases. Many pathological conditions exhibit 
hypoxic or a low-oxygen tension compared to 
normal conditions such as chronic inflammatory 
disease, rheumatoid arthritis, ischemia/reperfu-
sion injury, diabetes, and cancer [43–45]. In par-
ticular, many researchers have developed 
engineered hydrogels that can mimic various 
cues of tumor microenvironments and ECM–cell 
interactions to investigate tumor growth and drug 
responses of cancer cells. During tumor growth, 
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cells inevitably undergo depletion of nutrients, 
including oxygen, due to extensive growth [46, 
47]. Shen et al. developed a 3D culture system to 
study the effects of matrix stiffness and oxygen 
tension on cancer cell behavior [48]. They pre-
sented a modular culture system using an acry-
lated hyaluronic acid (AHA) hydrogel to produce 
a functional human microvascular network and to 
stimulate endothelial cell (EC) proliferation and 
angiogenesis [49, 50]. HA is an abundant ele-
ment in the ECM and can be applied to the study 
of cancers and angiogenesis because it can facili-
tate cancer progression, invasion, and migration 
[51]. Acrylated HA was cross-linked with 
MMP-1 and MMP-2 containing two cysteines 
and conjugated RGD peptide that contained one 
cysteine. The thiol groups of cysteines reacted 
with acrylates; by controlling the concentration 
of MMP, they could alter the cross-linking den-
sity of hydrogels to form three hydrogels with 
different viscoelasticity (soft, 78  ±  16  Pa; 
medium, 309 ± 57 Pa; and stiff, 596 ± 73 Pa). HT 
1080, which is highly angiogenic and metastatic, 
was encapsulated in the hydrogels. After 
24 hours, the cells in the medium and stiff hydro-
gels began to spread, but those in the soft hydro-
gels started to form aggregates. Interestingly, 
after the cell encapsulation, the stiffness of the 
hydrogels was slightly decreased because of the 
cell clusters. In addition, it was determined that 
the DO levels of the hydrogels depend on both 
the diffusion of oxygen from the air to the culture 
media and the consumption of oxygen by the 
cells. Oxygen tension was measured under three 
different conditions (1, 5, and 21%) with differ-
ent cell concentrations (1, 5, and 10 × 106 cells/
mL) based on mathematical modeling. Using 
1  ×  106 cells/mL at 5% oxygen, HT1080 cells 
underwent a constant distribution of 5% oxygen 
tension throughout the hydrogels. It was demon-
strated that encapsulated HT1080 cells were 
restored more quickly from the apoptosis under 
hypoxia than under atmospheric conditions. With 
the addition of stromal cell-derived factor-1 
(SDF-1α) and sphingosine-1-phosphate (S1P), 
hypoxia enhanced EC proliferation and invasion 
and upregulated angiogenic-related genes (VEGF 
and ANG-1) by HT1080 in the hydrogels.

Lewis et al. used oxygen-controllable hydro-
gels (Gtn-based HI hydrogel) to create in  vitro 
physiopathological oxygen levels to analyze the 
effect of hypoxia on soft tissue sarcoma invasion 
and migration [52]. They determined the DO lev-
els during the growth of primary mouse sarcoma 
tumors (KrasG12D/+; Ink4a/Arffl/fl (KIA) tumors). 
The results indicated that 50% of the large tumors 
(>300  mm3) are hypoxic (≤0.1% pO2), and the 
smaller tumors exhibited hypoxic gradients 
throughout the tumor mass (0.1–6% pO2) 
(Fig. 5.3a). Tumor biopsies from smaller tumors 
were grafted into the hypoxic and nonhypoxic 
gels (Fig. 5.3b), demonstrating that tumors in a 
hypoxic matrix invaded further into the hydro-
gels and away from the primary graft (after 
1 week, 610 ± 210 μm) compared to the tumor in 
nonhypoxic gels (Fig.  5.3c). The grafted tumor 
exhibited a higher migration speed, larger migrat-
ing distances, and significantly longer distance in 
the z-direction in the hypoxic matrices (Fig. 5.3d). 
Individual sarcoma cells were encapsulated in the 
HI hydrogels to more accurately investigate the 
effect of the DO gradients. The cells in the HI 
hydrogels exhibited higher proteolytic degrada-
tion (Fig. 5.3e) and upregulation of collagen1 A1 
(COL1A1), lysyl oxidase (LOX), and 
2- oxoglutarate 5-dioxygenase (PLOD2) after 
7  days of culture compared to the nonhypoxic 
gels. This is suggestive of remodeling the matrix 
in the hypoxic gel (Fig. 5.3f). In addition, indi-
vidual cells in 3D hydrogels present greater and 
faster cell movement in the hypoxic matrix. 
Importantly, cells migrate in the direction of 
increased oxygen tension.

In sum, many researchers have endeavored to 
replicate the microenvironment of various human 
tissues or pathological conditions using in vitro 
models. In particular, the results of the recent 
studies have demonstrated that oxygen tension, 
specifically hypoxia, is a critical factor in molec-
ular signaling during embryonic development, 
tissue regeneration, and tumor progression. For 
this reason, various artificial ECMs that can 
mimic the hypoxic condition of tissues have been 
developed using oxygen-consuming molecules 
or HIF-1α stabilizing molecules. These engi-
neered artificial ECMs are important in the study 
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of cellular behavior and the investigation of the 
tissue regeneration mechanism, metastatic pro-
cesses, and the evaluation of therapeutic agents 
for the treatment of cancer.

5.4  Artificial Hyperoxia

In recent years, oxygen has been demonstrated as 
an essential molecule, such as the signaling of 
molecules to control cellular activities, such as  
cell survival, proliferation, migration, and differ-
entiation of organisms [24]. In particular, it is 
widely known that a higher oxygen tension rela-

tive to the atmosphere (defined as hyperoxia) 
facilitates wound healing processes, including 
inflammation, proliferation, collagen synthesis, 
and angiogenesis [53, 54]. Hyperbaric oxygen 
can promote wound healing process via transient 
oxidative stress, resulting in  upregulation of 
intracellular reactive oxygen species (ROS) and 
nitric oxide (NO) levels. These reactive mole-
cules promote secretion of various GFs and cyto-
kines, such as VEGF, platelet-derived growth 
factor (PDGF), transforming growth factor beta 1 
(TGF-β1), keratinocyte growth factor (KGF), and 
epidermal growth factor (EGF). In particular, 
ROS regulates cell proliferation, cell death (either 

Fig. 5.3 Oxygen-controllable hydrogels as engineered 
tumor microenvironments. (a) In situ DO measurements 
in KIA tumors. (b) Schematic illustration of tumor encap-
sulation within HI hydrogel. (c) Light-microscopy and 
fluorescence microscopy images of sarcoma tumors 
encapsulated within the nonhypoxic and hypoxic gels 
(green, phalloidin, and blue, nuclei). H, hydrogels; T, 
tumors. Scale bars presents 100 μm. Quantitative analysis 
of the sarcoma tumor invasion into the hydrogel matrix 
(∗∗∗P < 0.001). (d) Dynamic cell movements were tracked 

in the x-, y-, and z-directions. The overall speed and mean 
square displacement (MSD) in each direction (*P < 0.05, 
^P < 0.01, #P < 0.001). (e) The fluorescence microscopy 
images of sarcoma cells encapsulated within HI hydrogels 
incorporated with DQ Gtn for 3 days. Scale bars presents 
25 μm. The quantitative analysis of relative fluorescence 
intensity (∗P  <  0.05). (f) Real-time RT-PCR analysis of 
collagen modification genes (∗P < 0.05). (Reprinted with 
permission from [52] Copyrights (2016) National 
Academy of Sciences)
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apoptosis or necrosis), and the activation of sev-
eral signaling pathways [13, 55, 56]. Due to these 
characteristics, oxygen treatment using hyper-
baric oxygen tanks, perfluorocarbons (PFCs), 
and oxygen-generating materials (calcium perox-
ide (CaO2), magnesium peroxide (MgO2), sodium 
carbonate (Na2CO3), hydrogen peroxide (H2O2), 
etc.) has been widely utilized as an advanced 
therapeutic tools. However, there are still several 
noteworthy limitations, such as limited oxygen 
diffusion, pulmonary damage, and uncontrollable 
burst releasing oxygen. For this reason, advanced 
oxygen- generating biomaterials are still under 
investigation. The ultimate goal of oxygen-gen-
erating biomaterials is to promote wound healing 
and tissue regeneration.

To achieve sustained and prolonged oxygen 
delivery, many researchers have investigated the 
development of advanced oxygen-generating 
biomaterials. Alemdar et al. reported on oxygen-
generating photo-cross-linkable hydrogels for 
cardiac progenitor cell survival by the reduction 
of necrosis due to hypoxia [57]. Gelatin methac-
ryloyl (GelMA) with cardiac side population 
cells (cSPCs) and CaO2 were cross-linked via 
photo-cross-linking. Gelatin methacryloyl 
(GelMA) hydrogels with CaO2 provided sus-
tained release of oxygen for at least 5 days, and 
the use of CaO2 could increase the oxygen ten-
sion in a dose-dependent manner. In vitro studies 
have been conducted in which CSPs were cul-
tured depending on different concentrations of 
CaO2 under hypoxic conditions to determine the 
effect of the oxygen-generating hydrogels on cell 
survival. The results showed that CaO2–GelMA 
also significantly improved cell survival. 
Moreover, CaO2 reduced hypoxia-induced necro-
sis of CSPs by increasing oxygen availability 
under conditions that mimic an infarcted heart. 
Therefore, the oxygen-generating hydrogels are 
expected to improve tissue- engineered strategies 
by strengthened cell and tissue survival and by 
the amelioration of hypoxic stress and the reduc-
tion of necrosis-induced cell and tissue damage. 
Using a different cross- linking reaction method, 
Park et al. fabricated hyperbaric oxygen-generat-
ing hydrogels using GtnSH with CaO2 (Fig. 5.4a). 
In this research, GtnSH polymer was synthesized 

by conjugating Traut’s reagent (TR) to a Gtn 
backbone. The GtnSH could then form hydrogel 
networks via oxidative stress mediated by CaO2 
[16]. Furthermore, controllable oxygen tension 
of the hydrogel could be controlled by regulating 
CaO2 concentrations such that the induced CaO2 
content increased with the DOmax level (G5C0.25, 
139.0% pO2; G5C0.5, 160.0% pO2; G5C0.75, 
163.9% pO2) (Fig. 5.4b). Variation of the feed of 
the TR, polymer, and CaO2 content could regu-
late the mechanical properties of the hydrogels. 
All the groups with catalase exhibited enhanced 
cell viability, a predominantly viable cell popula-
tion, in addition to cell spreading and elongation 
on the plate. To confirm the in vivo angiogenic 
effect of the hyperbaric oxygen-generating 
hydrogels, a subcutaneous mouse model was 
used for up to 7 days. Higher densities of vascu-
lar endothelial cells (CD31+) with capillary-like 
structures were observed within the hyperbaric 
matrices compared to the normoxic matrices. 
This suggested that the hyperbaric oxygen-gener-
ating hydrogels facilitated tissue infiltration and 
vascular recruitment from the host tissues via 
acute hyperbaric stimulation (Fig. 5.4c, d). Based 
on these results, it is suggested that the CaO2-
mediated oxygen- generating hydrogels have 
great potential as advanced oxygen-generating 
biomaterials for a wide range of applications, 
including treatment of wound and vascular disor-
ders, as well as in tissue regenerative medicine.

There are some kinds of hydrogels that can 
form a 3D network structure without chemical 
modification. Kang et al. demonstrated that oxy-
gen-generating alginate-based hydrogels acceler-
ated wound healing in full-thickness wounds 
[58]. The oxygen-generating alginate hydrogel 
(OGA) was fabricated by mixing alginate and 
CaO2 solutions. It was determined that the 
mechanical properties of OGA hydrogels 
increased by increasing of the concentration of 
the polymer and CaO2: G’ of hydrogels (with 
0.3  wt% of CaO2), depending on the alginate 
content 0.5–3  wt%, 2-1590  Pa and G’ of 
 hydrogels (with 2.0 wt% of alginate), depending 
on the CaO2 concentration 0–0.9 wt%. The oxy-
gen tension was measured using an invasive oxy-
gen sensor. The oxygen tension of OGA 
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hydrogels increased to 81.0% with the increasing 
CaO2 content with catalase in the generation of 
additional oxygen within hydrogel matrices via 
the decomposition of H2O2. None of the groups 
of OGA hydrogel with catalase exhibited signifi-
cant cytotoxicity. In addition, the results of 
in vivo studies demonstrated that the hyperbaric 
hydrogel accelerates wound closing and wound 
remodeling compared to the normoxic gel (oxy-
gen-free) via acute hyperoxic oxidative stress at 
the hydrogel–tissue interface.

Ben-Newland et al. reported that gellan gum-
based oxygen-generating hydrogels enhanced 
chemotherapeutic efficiency in the core of tumors 
with low-oxygen-concentration environments 
[59]. A gellan gum hydrogel structure was fabri-
cated using divalent calcium cation derived from 
CaO2. The generation of oxygen from gellan gum 

was analyzed using a noninvasive oxygen sensor. 
The Gellan gum-based oxygen-generating hydro-
gels elevated oxygen levels (0.5% oxyGG, 220% 
O2 and 1% oxyGG, 485% O2) for up to 48  h 
under normoxic conditions. In addition, under 
hypoxic conditions (0.5% oxyGG and 1% 
oxyGG), the use of the hydrogels resulted that 
oxygen levels elevated above the phosphate-buff-
ered saline (PBS) control for between 24 h and 
64 h, and both periods were longer than that of 
the PBS-controlled baseline. It was demonstrated 
that for the rat glioblastoma cell line, C6 cells 
used to study the amount of oxygen released 
from oxyGG hydrogels could improve the action 
of doxorubicin. Although oxyGG hydrogels with 
doxorubicin did not enhance toxicity in a 2D 
in vitro culture of C6 glioma, it has the capacity 
to affect the efficacy of oxygen-dependent anti-

Fig. 5.4 Gelatin-based hyperbaric oxygen-generating 
hydrogels for wound healing and tissue regeneration. (a) 
Schematic representation of gel formation and digital 
images of the solgel phase transition, hydrogel injection, 
and oxygen bubbles in the hydrogel matrix. (b) DO was 
measured for oxygen-generating kinetics. (c) Histological 
sections stained with CD31. (d) Quantification of CD31- 

positive cells within the hydrogels. H, hydrogels: ▲, 
CD31-positive cells. Scale bars represent 50  μm. The 
results in (d) are shown as the average values ± SD 
(n  =  4–6). (∗) indicates a statistically significant differ-
ence between the groups (∗∗P  <  0.01). (Reprinted with 
permission from [16] Copyrights (2018) Elsevier)
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cancer therapy strategies such as radiotherapy 
and photodynamic therapy.

Shiekh et  al. investigated oxygen- releasing 
antioxidant cryogel scaffolds for tissue engineer-
ing applications. In this study, to fabricate oxy-
gen-generating 3D scaffolds with a sustained 
oxygen release, CaO2 was included as an oxygen-
generating material in an antioxidant polyure-
thane polymeric material (PUAO) [60]. H9C2 
cells were seeded on PUAO–CaO2 cryogels dur-
ing in  vitro studies, and the metabolic activity 
was studied over a period of 10  days under 
hypoxic conditions. Although 3% of the PUAO–
CaO2 cryogels exhibited significant cell toxicity 
with decreased metabolic activity, 1% and 2% of 
the PUAO–CaO2 exhibited increased metabolic 
activity. Furthermore, this CaO2–PUAO showed 
increased cell viability compared with PU cryo-
gels. An in vivo study using a skin flap model was 
conducted by implanting oxygen- releasing scaf-
folds on the backs of mice. Although there was 
no statistically significant difference in the tissue 
survival rates between the PUAO and PUAO–
CaO2 groups at day 3, the PUAO–CaO2 group 
showed decreased necrosis of up to 6.7 ± 0.2% 
compared to 41.6 ± 12.4% in the PU group. Thus, 
the oxygen-generating scaffold exhibited antioxi-
dant behavior with the sustained release of oxy-
gen, and it was also particularly useful for the 
regeneration of tissue under ischemic conditions 
such as myocardial infarction and chronic wound 
healing.

To produce oxygen-releasing biomaterials, an 
oxygen delivery system was also utilized. Kim 
et al. reported on oxygen-releasing microparticle 
for cell survival and differentiation ability for 
effective bone regeneration. Perfluorocarbons 
(PFCs), which have a high solubility for oxygen 
and carbon dioxide, facilitated the appropriate 
and controlled release of oxygen to cells without 
hypoxia and hyperoxia [61]. In this investigation, 
human periosteal-derived cells (HPDCs) were 
seeded on PFO–HPs and PBS–HPs, and only the 
PFO–HPs were incubated under the hypoxic con-
ditions over a period of 10  days (Fig.  5.5a). 
Hollow microparticles with the emulsion of the 
oxygen carrier perfluorooctane (PFO–HPs) could 
supply oxygen to surrounding cells in low-oxy-

gen environments without releasing a burst of 
oxygen (hyperoxia). The number of viable 
hPDCs on the PFO–HPs increased up to −2.5-
folds after 5 days (Fig. 5.5b), demonstrating that 
PFO–HPs provided a suitable oxygen environ-
ment for cell survival and proliferation for 5 days 
of hypoxia. After 5 days, the viable cell number 
decreased over time because of the limited oxy-
gen in the PFO emulsion. Moreover, hypoxia-
related biomarker (HIF-1α) expression was 
reduced and delayed in PFO–HPs compared with 
that in PBS–HPs (Fig.  5.5c). In the Hyp–Nor/
PFO–HP and Nor/PBS–HP groups, ALP activity 
increased gradually, plateaued at 2  weeks, and 
then declined (Fig.  5.5d). In addition, calcium 
deposition (mineralization) by the cells increased 
continuously over time as they differentiated into 
osteoblasts (Fig. 5.5e). In in vivo studies based 
on the mandibular bone defects model, miniature 
pigs were used to investigate the capacity of 
PFO–HPs to supply sufficient oxygen for the sur-
vival of hPDCs and the maintenance of osteo-
genic differentiation potency to facilitate new 
bone formation. New bone formation was 
observed via plain radiographs of CT scans for 
up to 10  weeks. The hPDCs/PBS–HP group 
exhibited greater bone regeneration than the 
PFO–HP group without hPDCs, but the differ-
ence was not statistically significant. The hPDCs/
PFO–HP group formed new bone at a faster rate 
and with a higher bone density at each time point 
compared to the hPDCs/PBS–HP and PFO–HP 
groups (Fig. 5.5f–h). The bony defects in all the 
groups were almost completely filled with new 
bone; however, the hPDCs/PFO–HP group 
exhibited more effective bone reconstruction 
based on the extent of the haversian system 
(osteon) which houses blood vessels and is the 
basic unit of the bone (Fig. 5.5i). Thus, PFO–HPs 
is a promising delivery system for various func-
tional cells, including stem cells and progenitor 
cells, to produce clinically applicable tissues and 
organs.

Another oxygen-generating material was 
reported by Harrison et  al. [62]. Poly (D, 
L-lactide-co-glycolide) (PLGA) films that incor-
porated sodium percarbonate (SPO) were fabri-
cated using a solvent casting process. The release 
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Fig. 5.5 Representation of oxygen-releasing microparti-
cles for effective bone regeneration. (a) Schematic show-
ing the expected events in the PFO–HP groups during 
in vitro cell culture, which includes hypoxia followed by 
normoxia and in vivo bone regeneration. (b) Cell survival 
in PBS–HP and PFO–HP. (c) Immunocytochemical anal-
ysis of HPDCs cultured on PBS–HPs and PFO–HPs under 
hypoxia (blue, cell nucleus; red, phalloidin; green, 
HIF-1α),  (d) quantitative ALP activity, and  (e) calcium 

deposition. Representative bone regeneration data from 
implantation of HPDCs/PFO–HP, HPDCs/PBS–HP, and 
PFO–HP into mandibular defects in miniature pigs. (g) 
Radiographs of CT scan and (h) HU measurements; n = 3; 
∗P < 0.05, and (i) histological section; arrow; haversian 
system; asterisks, PCL HPs of the reconstructed bone at 
10 weeks after implantation. (Reprinted with permission 
from [61] Copyrights (2019) American Chemical Society)
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of oxygen revealed steadily over 24 h. A skin flap 
model was used for in vivo studies. After the cre-
ation of rectangular dorsal skin flaps, an oxygen-
generating film was placed in the subcutaneous 
layer, and the surgical wound was closed. The 
size of tissue necrosis was measured up to 7 days. 
A reduction in necrosis was observed in the poly-
meric oxygen-generating (POG) group for the 
early time points (up to 3 days). In addition, the 
histological analysis of the tissue sections 
revealed better protection of general tissue archi-
tecture, epidermis height, hair follicles, and seba-
ceous glands in the POG group. As a result, the 
oxygen-producing biomaterials can release oxy-
gen into hypoxic tissues, resulting in a delayed 
onset of necrosis.

Abdi et al. reported on an oxygen-producing 
micro-system for regenerative therapy [63]. 
They demonstrated the efficacy of the polymer 
matrix of poly (D, L-lactide-co-glycolide) 
(PLGA) with the direct encapsulation of H2O2 
via the double emulsion solvent evaporation 
method. Microspheres were embedded in a sec-
ondary alginate matrix with the catalase pre- 
immobilized to the chain. It is well-known that 
the decomposition of H2O2 is very slow under 
the presence of a catalyst, and this slow decom-
position could be problematic for practical 
applications. As a result, catalase was added to 
decompose the H2O2 within the secondary 
layer, which minimizes the possibility of the 
release of the free H2O2 from the microsystem. 
Eventually, oxygen is released into the environ-
ment without H2O2. In vitro investigations dem-
onstrated that the direct contact of H2O2 with 
cells resulted in toxic effects that severely 
impacted cell viability; however, the controlled 
release of H2O2 and the introduction of barrier 
layers between the cell and H2O2 resulted in 
improved cell viability. As a result, an oxygen- 
producing micro-system can provide a suitable 
environment for cells under a hypoxic environ-
ment, resulting in an improvement in cell 
survival.

5.5  Conclusion

Recently, numerous bioengineered hydrogels 
have been designed to mimic the native ECMs by 
controlling physicochemical properties such as 
matrix stiffness, porosity, cell-to-cell interaction, 
and nutrients. Although many studies have been 
conducted with the goal of replicating the differ-
ent physicochemical and biological parameters in 
native ECM, it is still challenging to precisely 
recapitulate the spatiotemporal complex of the 
native tissues. Recently, oxygen has attracted 
much attention as not only essential molecules 
for recapitulating the native ECM conditions. 
Although tissue engineering approaches typi-
cally focused on promoting the viability of cells 
or tissues by oxygen supplying, the recent strate-
gies have advanced the use of oxygen as a signal-
ing molecule for improved neovascularization 
and wound healing process. Many researchers 
have developed various types of oxygen- 
controllable matrices as engineered cellular 
microenvironment or as dynamic acellular matri-
ces for tissue engineering and regenerative medi-
cine. These innovative approaches allow to 
develop advanced therapeutic tools for improved 
wound healing and tissue regeneration. Thus, the 
oxygen-controllable hydrogels hold great poten-
tial either as therapeutic implants or as therapeu-
tic vehicles for the tissue regenerative applications 
as well as other biomedical applications.
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Abstract

Treatment for the osteochondral defects (ODs) 
is more challenging nowadays that needs to be 
addressed by developing alternative bone tissue 
engineering materials. Gellan gum (GG) is a 
widely used natural polysaccharide in the field 
of tissue engineering (TE) and regenerative 
medicine due to its versatile properties. There 
are many reports about the successful applica-
tion of GG in cartilage tissue engineering and 
guiding bone formation. Functional coatings 
and porous composite materials have been 
introduced in next-generation materials for 
treating OD, whereas osteoconductive materi-
als, such as demineralized bone particle (DBP) 
or bone derivatives, are used. However, modifi-

cation of porosity, biocompatibility, cell prolif-
eration, and mechanical properties is needed. 
DBP can activate human mesenchymal stem 
cells to differentiate into osteoblast cells. In this 
chapter, the potential application of GG with 
DBP in different combinations was reviewed, 
and the best suitable combinations were selected 
and further studied in small animal models for 
the soft and hard tissue engineering applica-
tions; also its application in the osteochondral 
integration fields were briefly discussed.

Keywords

Osteochondral defect · Gellan gum · 
Demineralized bone particle · Osteoarthritis · 
Biomaterial · Scaffold · Osteochondral 
defects · Tissue engineering · Hydrogel

6.1  Introduction

Osteochondral defect is a common disease 
caused by natural degradation due to severe trau-
mas, athletic injuries, or physical diseases (osteo-
arthritis), which results in joint pain and 
deformity, as well as functional disability [1, 2]. 
With the aging population, the natural wear of the 
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cartilage tissue and injuries to the joint affected 
by traumas and sports are always developing into 
osteoarthritis (OA) which is a major cause for the 
osteochondral defect (OD) [3]. As of 2008, it was 
assessed that over 39 million people in the 
European Union and 31 million Americans suf-
fered from OA; by 2012, among them, 9.2% had 
OD [4, 5]. As the number of patients affected by 
OA is growing, it is estimated that by 2030, 
approximately 67 million Americans will suffer 
from OA (prevalence of doctor-diagnosed arthri-
tis and arthritis-attributable activity limitation – 
United States, 2007–2009 [6]). Cartilage lesions 
in OA at the early stages are characterized by 
pain and swelling of the articular joints. OD 
includes injury or degeneration in the bone, carti-
lage, and the bone cartilage interface. For treating 
or repairing the OD defects, it is very important 
to consider each of the components in an account. 
In the late 1970s, clinical treatment has been 
studied by which OD could be repaired [7]. 
Treating cartilage lesion is a great challenge in 
clinics. Many different types of treatments were 
attempted for focal, osteochondral lesions. 
Currently available surgical treatment includes 
different forms of abrasion chondroplasty, trans-
plantation of osteochondral plugs, microfracture, 
and autologous cultured chondrocytes [8]. The 
focal treatments for ODs are presently associated 
with a variety of risks and limitations, including 
donor site mobility, poor attachment of the graft 
to the surrounding tissue, inadequate availability, 
delamination of the graft, and inferior mechani-
cal property at the treatment site [9–11]. 
Biochemically, cartilage is a complex tissue that 
comprises water, chondrocytes, and protein net-
work (proteoglycan and type II collagen), 
whereas subchondral bone comprises water, 
hydroxyapatite (HA), and type I collagen [12]. 
Furthermore, cartilage and subchondral bone 
have different physiological properties and natu-
ral structures; hence, osteochondral regeneration 
remains an important task in clinics [13–15].

There are many research studies based on the 
depth of understanding osteochondral structure. In 
spite of the existing clinical strategies for treating 
cartilage OC defects, that include autologous 
chondrocyte implantation, microfracture, auto-/

allograft, and joint replacement and mosaicplasty, 
the long-term bio-functionality of the repaired tis-
sue that cannot be ensured are available for the 
treatment of OD [16–18]. Even though the avail-
able therapies can reduce pain and improve the 
quality of patients’ lives, so far there is no surgical 
therapy available that could facilitate complete 
healing of OD, exclusively for complete cartilage 
regeneration [19–21]. Microfracture treatment can 
be considered as a low cost and minimally invasive 
procedure for cartilage repair [22, 23]. Recent 
studies have shown some positive results after 
marrow stimulation treatment; they are only palli-
ative, not curative. On the other note, allograft use 
presents limitations in terms of immune rejection 
and disease transmission. Hence, there is an urge 
to develop alternative clinical treatments that will 
effectively address the pathology and to develop 
potential alternative therapies for treating OD.

In this chapter, we will be discussing the chal-
lenges in treating osteochondral defects, the 
existing strategies, and the application of GG 
with different combinations of DBP for its poten-
tial application in tissue engineering.

6.2  Challenges in Treating 
Osteochondral Defects 
and Existing Strategies

OD comprises the articular cartilage, subchon-
dral bone, and osteochondral interface, and the 
bioactive properties of these three tissues are sig-
nificantly different [24]. Based on the size and 
depth factors, OD can be classified differently 
based on the available methods. For medical and 
scientific purposes, OD are also classified using a 
number of different systems, the most popular 
one is the outerbridge classification system [25]. 
They are classified as grade 0 (normal cartilage), 
grade II (partial thickness defect), grade III (full- 
thickness defect), and grade IV OD, as shown in 
Fig. 6.1 [26, 27]. Along with the outerbridge clas-
sification, there are many other different methods 
available describing lesion types such as the 
Noyes and Stabler method [28] and the histologi-
cal/histochemical grading system [29], as well as 
the osteoarthritis research society international 
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and the cartilage histopathology assessment sys-
tem for classifying the and assessing osteoarthri-
tis [30]. Histologically, articular cartilage has no 
vascular, nervous and lymphatic systems, while 
the subchondral bone is rich in blood supply, 
lymphatics, and nerve [27]. The subchondral 
bone exchanges nutrients over the blood and 
lymphatic vessels, and aerobic respiration are the 
primary means for the energy intake of the sub-
chondral bone [31]. Along with this, there is an 
interdependent and interactive relationship 
among articular cartilage and subchondral bone. 
Subsequently, the most difficult challenge for 
osteochondral regeneration is to regenerate the 
articular cartilage, subchondral bone, and osteo-
chondral interface simultaneously.

Articular damage can occur at any age, often 
seen in athletic young adults. Whereas the rate of 
injury differ, more than 60% of people who suffer 
from knee arthroscopies are from grade III or 
grade IV type [32]. Among the people between 
the age group of 25 and 75 from the USA, 12.1% 
have OA [33]. In the USA alone, there are 500 
000 cartilage and OD repair treatments that were 
done roughly [34]. This number is increasing day 

by day due to the increasing number of age and 
life expectancy of the population. The approxi-
mate treatment may cost around $1.5 billion in 
the near future [34].

6.3  Gellan Gum (GG) as an Ideal 
Material for OD

More recently, hydrogels are attracting a great 
deal of attention for treating OD.  One among 
them is GG; GG is a linear polysaccharide 
resulting from the fermentation process of 
Sphingomonas elodea bacteria. GG is a linear 
and anionic polysaccharide with repeating units 
consisting of a-L-rhamnose, b-D-glucose, and 
b-D-glucuronate [35, 36], being the major com-
ponent of the extracellular polymeric substance 
(EPS), which can form ionic cross-linked hydro-
gels with thermosensitive behavior suitable as 
injectable formulations that jellify in situ at 
body temperature [37]. GG was discovered by 
Kelco (San Diego, USA) in 1987, during a 
large-scale screening program to identify poly-
saccharides with useful mechanical properties 

Fig. 6.1 Osteochondral 
defect classification. 
Graphical representation 
of the modified 
outerbridge 
classification scheme for 
cartilage injury: (a) 
grade 0, normal 
cartilage; (b) grade II, 
partial thickness defect; 
(c) grade III, full- 
thickness defect; and (d) 
grade IV, osteochondral 
defect
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[38]. Their low-cost production and great avail-
ability have turned GG an industrially relevant 
polymer widely applied in different areas like 
medical, pharmaceutical, and food industries. 
GG was approved by the FDA and EU as E418 
for these reasons, and since then, several com-
mercial products based on this polymer have 
been available in the market. Gelzan™, Gel-
Gro, GELRITE, KELCOGEL®, and Phytagel™ 
are the trade names of the commercial products 
of GG with applications as a gelling agent for 
nonclinical and clinical applications. This can 
present a different degree of acetylation, acety-
lated form (high-acyl gellan gum (HAGG)) in 
its native state and the deacetylated form (low-
acyl gellan gum (LAGG)). These are the types 
of GG commonly used in the commercial prod-
ucts ranging from a molecular weight around 
~500  kDa [39, 40]. Over the past decade, GG 
has been effectively applied in the field of tissue 
engineering and regenerative medicine (TERM) 
approaches [41–49]. GG is isolated from natural 
origin material [50], biocompatible [51], not 
toxic, has highly hydrated polymeric network 
conjugated to their chemical nature altogether 
its ability to mimic the extracellular matrix 
(ECM), making GG as a promising biomaterial 
candidate for tissue engineering (TE) applica-
tions [52–54] [55]. In spite of its attractive prop-
erties, GG has some limitations that hurdle its 
use in a different application. Their disadvan-
tages include high- processing and high-gelling 
temperature (90–100  °C; ~50  °C), weak 
mechanical properties, and lack of specific 
motifs for cell adhesion [37]. However, some of 
these limitations can be overcome, since the 
backbone of the polymer possesses functional 
reactive groups responsive to easy functional-
ization/modification. GG has been proposed for 
engineering cartilage substitute [53, 56–59] and 
has already received a great attention in in vivo 
experiments [58, 60–62]. It has been reported 
that blood vessel ingrowth and reinnervation 
from the subchondral bone into the articular car-
tilage is a major impediment to achieving tissue 
regeneration and form an aging pain [63]. 
Hence, it is beneficial to use non- angiogenic or 
antiangiogenic biomaterials that prevent blood 

vessel ingrowths into the lesion site. Moreover, 
the injectability, cell  encapsulation, and in situ 
gelling abilities of GG hydrogels turned this 
biomaterial an attractive nominee to be used as 
an advanced cell carrier in noninvasive 
approaches [64]. It was also observed that the 
different types of monovalent or divalent cat-
ions impact the viscoelastic behavior of GG 
solutions. Ca2+ was more remarkable than Mg2+ 
and K+ more than Na+ [64]. GG’s beneficial use 
in the biomedical applications includes its lack 
of toxicity, ability to be used as an injectable 
system, processability under mild conditions, 
and structural similarity; in the cartilage, it has 
glycosaminoglycans with glucuronic acid resi-
dues in its repeating unit [65, 66].

The high affinity of GG to Ca2+ prompted its 
application in bone regeneration strategies [67, 
68]. Mostly, Ca deficiencies result in hyperten-
sion, diabetes, neurodegenerative diseases, arte-
riosclerosis, degenerative joint diseases, and 
malignant tumors [69]. The national and interna-
tional guidelines recommend that the daily 
dietary allowance of Ca is 1–1.2 g for osteoporo-
sis patients [70]. Numerous postmenopausal 
women do not obtain the recommended amount 
of Ca from their diet, and they are dependent on 
Ca supplements [71]. Hence there is a need for us 
to search for an Ca supplements or naturally 
occurring ingredient, mainly from animal origins 
that may help us to prevent osteoporosis without 
affecting. Ca stimulates differentiation of osteo-
blast to osteocyte, as observed by increasing the 
expression of runt-related transcription factor 2 
(RUNX2), bone morphogenetic protein-2 (BMP- 
2), thrombospondin-related anonymous protein 
(TRAP), receptor activator of nuclear factor 
kappa B (RANK), cathepsin K, and extracellular 
signal-regulated kinase (ERK).

6.4  Demineralized Bone Particle 
from Gallus gallus var 
domesticus

Gallus gallus var domesticus (GD), also known 
as Yeonsan Ogolgye, is a natural mutant black 
chicken in Korea. It has specific features such as 
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cockscomb of mulberry shape, muscle and inter-
nal organs with black-gray color, a beak with 
blue-white or black color, and flesh, leather, and 
bones with dark blue color. When the melanin 
ingredient is added into the above-mentioned 
parts of Yeonsan Ogolgye alkaline phosphate 
(ALP) activity increases and bones are strength-
ened, causing bone mineralization [72, 73]. It 
also retains unique morphological properties like 
black fluffy head feathers, pupils, earlobes, four 
toes, and feathers. GD was reported to efficiently 
promote red blood cell formation in the bone 
marrow, and also it shows medical effects, such 
as, treating anemia, hypertension, and bleeding; 
having antioxidant and anti-inflammatory prop-
erties; and being used as substitute to analgesics 
[72]. Oligopeptide particle formed from GD has 
beneficial antioxidant effects [74]; the water 
extract of GD enhances ALP activity, inhibits 
bone resorption, and promote mineralization of 
the bone. Their incorporation to the DBP was 
used in many tissue engineering applications 
[75–78]. The incorporation of DBP is similar to 
that of autogenous graft, where the growth factor 
triggers an endochondral ossification cascade and 
helps in the new bone formation at the site of the 
implantation [79].

6.5  Gellan Gum 
in Osteochondral Tissue 
Regeneration

GG, a new biomaterial in the recent times, is pro-
jected for tissue engineering applications mainly 
for the cartilage regeneration [80, 81]. According 
to the recent studies of Oliveira et al. 2010, GG 
were used as an encapsulating agent in the tissue 
engineering support for human articular chondro-
cytes [58]; their study reported that the GG gel 
exhibited low-viscosity, which is between 42 °C 
and 41  °C, enabling an efficient and homoge-
neous mixture of the cells, forming a stable gel 
that will entrap cells when reaching body tem-
perature. The in vitro study showed that after 56 
days of culturing, the human articular chondro-
cytes encapsulated in GG were observed to pro-
duce hyaline-like ECM along with the significant 

increase in collagen II. GG was used and com-
bined with many other biomaterials for cartilage 
regeneration applications by several researchers. 
In our previous studies, we used saponin (Sa)-
loaded GG hydrogel scaffold for the cartilage 
regeneration; we observed that the scaffold pos-
sesses antiinflammatory, antioxidant, and anti-
cancer properties. The chondrocyte cells seeded 
on the Sa-loaded GG hydrogels were evaluated 
for cell adhesion, viability, and proliferation abil-
ity. The results revealed that the surface morphol-
ogy using scanning electron microscopy (SEM), 
live images using fluorescence images, and MTT 
assay showed that the cell adhesion and propaga-
tion were maintained at the highest level on the 
0.025  wt% of the Sa-loaded GG hydrogel, and 
the cells were covered with ECM. mRNA expres-
sion was observed to be more, and thereafter, it 
tended to decrease with increasing Sa content. 
Figure  6.2 shows the field emission scanning 
electron microscopy (FESEM) images of the 
Sa-loaded GG hydrogels cultured with 
 chondrocytes for 3  weeks, showing the adher-
ence and proliferation of the cells on the hydrogel 
scaffold.

In another study, GG was blended with agar 
for the cartilage regeneration application, where 
the different concentrations of GG solutions (0.2, 
0.4, 0.6, and 0.8  wt% of agar) were prepared; 
they were characterized in an in-vitro model. The 
results showed that the materials morphology has 
a suitable porous microstructure with a porosity 
ranging from 70 to 180  μm that allows water 
uptake and increased mechanical properties with 
optimal nutrients, oxygen diffusion, and cells 
ingrowth. Figure 6.3 shows the surface morphol-
ogy of the pristine hydrogel and the GG with dif-
ferent ratios of agar and the SEM images showing 
the adhered cells on the scaffold cultured for a 
period of 14 days. From all the scaffold concen-
trations studied, the 0.8 wt% of GG–A was found 
to be more suitable for cartilage regeneration 
[56].

Pereira et al. 2018 have studied the GG with 
hydroxyapatite-based bilayered hydrogel com-
posite for osteochondral tissue regeneration and 
reported that, based on the architectural observa-
tions through stereomicroscope and micro- 
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computed tomography (μ-CT), it demonstrated a 
connected stratified morphology with good 
ceramic dispersion within the bone-like layer. 
The swelling, degradation, as well as the 
mechanical analysis data revealed a stable visco-
elastic constrict under dynamic forces. The scaf-
fold was biomimetic toward the bone formation 

and was observed to be biocompatible and non-
toxic. Their in  vivo study 4  weeks after the 
implantation in the orthopedic knee model 
showed good integration with the surrounding 
tissue demonstrating that the bilayer scaffold 
with unique features can be used for OC regen-
eration [82].

Fig. 6.2 FESEM images of 1 week and 3 weeks saponin–gellan gum (Sa-loaded GG) hydrogels (with a magnifica-
tion of 500, scale bar represents 50 μm, and arrow denotes the 3-week formation of ECM from chondrocytes) [57]

Fig. 6.3 SEM images showing the surface morphology of the pristine hydrogel and the chondrocytes cultured on the 
GG and GG–A hydrogel for 7 and 14 days [56]
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6.6  Demineralized Bone Particle 
with GG for Bone Tissue 
Regeneration

DBP, an effective bone regeneration material, has 
a trace quantity of ions and bone mineral ele-
ment. Especially, GD (Gallus gallus var domesti-
cus) derived DBP has a unique property, which 
has melanin, for strengthening bones, improving 
ALP activity and bone mineralization, compared 
to other available biomaterials. A recent study on 
the effect of different concentrations of the 
demineralized bone particles with GG porous 
scaffold for the application of bone tissue regen-
eration was reported [83]. The prepared scaffolds 
were characterized by their physicochemical 
properties, and further, they were studied for 
their biocompatibility and toxicity in vitro using 
BMSCs cells and in vivo in the rat as an animal 
model. The biocompatibility study showed that 
the rate of cell growth was higher by 2% in the 
GD with DBP–GG scaffold than 2% of the GG 
scaffold. Figure  6.4 shows the biocompatibility 
study results of the OD in different days. Initially, 
2% samples showed higher BMSCs growth rate; 
later it was changed on day 14, where the 1% GD 

DBP–GG samples showed significantly higher 
cell growth. The same pattern of cell growth was 
observed in days 4 and 7 and on the 1% and 2% 
of the GD with DBP–GG scaffolds. Reposts say 
the native bone tissue collagen plays a significant 
role in maintaining the structural integrity of the 
ECM [84]. The collagen and other ECM proteins 
using the adhesive transmembrane molecules 
will increase cell adhesion properties [85].

This was further confirmed by the LIVE/DEAD® 
viability assay results using confocal images, where 
live cells are stained green and the dead cells are 
stained red. Figure 6.5 shows the presence of live 
dead cells on the surface of the scaffold captured 
using confocal laser microscopy stained after 1, 7, 
and 14  days. Histological analysis was also pre-
sented for use in the in vitro analysis.

Hematoxylin and eosin and von Kossa stain-
ing shows the proliferation of BMSCs on the 
scaffold after 7 and 14 days of culture the images 
were shown in Fig. 6.6 The image clearly shows 
the proliferation and mineralization of BMSCs 
into scaffolds in all the groups. The BMSCs in 
the 1% sample were observed to be significantly 
proliferated after 14 days, and the rate of miner-
alization was also higher. The expression of ECM 

Fig. 6.4 Cell viability 
of BMSCs on GD with 
DBP–GG scaffolds of 
different concentrations 
1, 4, 7, and 14 days after 
cell culture analyzed by 
MTT (p∗<0.05, 
p∗∗<0.01, and 
p∗∗∗<0.001) [83]
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was stained using H&E, and it showed that the 
osteoblast was embedded in ECM.  The von 
Kossa staining verified the phosphate group used 
in the study to recognize the mineralized bone 
matrix present inside the scaffolds.

The in vivo experimental results showed that 
the 1% samples were highly suitable for bone 
regeneration; they were supported by the animal 
studies using μ-CT and histology results. The 
regeneration properties of implanted graft were 
studied at the defeated site of the rat’s skull using 
μ-CT analysis data of the 3D reconstruction of 
calvarial bone after in vivo experimental period 
on 2 and 4 weeks shown in Fig. 6.7 along with 
the (b) bone mineral density (BMD), (c) bone 
surface (BS), (d) bone volume (BV), (e) percent 
of bone volume (PBV), (f) trabecular number 
(Tb.N), and (g) trabecular separation.

The μ-CT analysis data clearly shows that the 
new bone formation in the control groups was 
less and was wide open, whereas in the treated 
groups on 4th week showed bone tissue filling 

along with the mineralization. They are evident 
from the quantitative analysis data that play an 
important role in measuring the bone regenera-
tion and strength of the bone. Increased bone 
mineralization density at 4th week was reported. 
One percent of the scaffold-treated groups 
showed significant increase in the bone volume 
over a period of 4 weeks. Study results clearly 
represent the density of the bone was signifi-
cantly higher in treated groups. They were further 
supported by the histological analysis data using 
the H&E, von Kossa, Masson’s trichrome, and 
ED-1 staining and is shown in Fig. 6.8. The H&E 
images showed one irregular regeneration on the 
2nd and 4th week in the blank groups. The von 
Kossa staining showed that a large amount of 
phosphate group showed brownish-black color in 
4 weeks of all the treated groups. Compared with 
2nd week, where the cytoplasm and nuclei are 
dyed pink and red, the bone matrix in the scaffold 
was observed to be well mineralized [86]. MTS 
results are similar to that of the H&E results: at 

Fig. 6.5 Confocal microscopy images showing LIVE/
DEAD® viability assay of BMSCs cultured for 1, 4, 7, 
and 14 days. Live cells are indicated by green, while dead 

cells are indicated by red color (1 × 105 BMSCs into the 
scaffolds were seeded initially)
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2 weeks the collagen content was less, whereas at 
4 weeks the collagen content was observed to be 
increased in the 1% treated group compared with 
control and the other groups [87]. The microglia 
and invading macrophages were positively 
stained with ED1 (CD68) antibody, and the gly-
cosylated antigen expressed activation of phago-
cytes [88]. Only a few macrophages were 
reported in the 1% treated groups that are 
expressed as dark brown color.

6.7  Conclusions

Different combinations of biomaterials are stud-
ied by the scientific community as a promising 
material for osteochondral tissue regeneration. 
Among the many materials successfully applied 
in the biomedical and clinical applications, the 
GG and DBP have received considerable  attention 
separately due to their incredible flexibility. The 
nature of the GG and DBP, such as biological 

Fig. 6.6 Showing the histology staining of H&E (a), von 
Kossa (b), and the staining 4, 7, and 14  days after the 
cryosection of the 2% GG and 0.25% GD with DBP, 2% 

GG and 0.5% GD with DBP, 2% GG and 1% GD with 
DBP, 2% GG and 2% GD with DBP and 2% GG respec-
tively [83]
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Fig. 6.7 (a) Micro-CT images after in vivo samples of 
the second- and fourth-week implantation of blank: 2% 
GG and 1% GD with DBP and 2% GG samples. (b) Bone 
mineral density (BMD), (c) bone surface (BS), (d) bone 

volume (BV), (e) percent of bone volume (PBV), (f) tra-
becular number (Tb.N), and (g) trabecular separation (Tb.
Sp). (∗p < 0.05, ∗∗p < 0.01,∗∗∗p < 0.001)
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Fig. 6.8 The H&E (a), von Kossa (b), and Masson’s trichrome (c) staining (d) reported results in the 1% treated group 
after in vivo at 2 and 4 weeks
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performance, and their application in osteochon-
dral tissue regeneration field were discussed in 
this chapter. Different concentration of DBP with 
GG were used to prepare biomaterial scaffold 
that has biocompatible properties along with con-
siderable preclinical studies have confirmed the 
potential of this scaffold as osteochondral tissue 
regeneration material. They can be constructed 
into scaffold and hydrogels that are injectable 

and printable and encapsulated with other active 
components. However, GG applications as a 
bifunctional incorporated system for bone regen-
eration/repair still remain as a challenging field, 
so only a few studies have reported on the appli-
cation of GG-based hydrogels for cartilage 
regeneration. The combination of GG with DBM 
is observed to be suitable material for the clinical 
implant for bone regeneration.

Fig. 6.8 (continued)
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for Bone Regeneration
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Abstract

The clinical need for effective bone regenera-
tion remains in huge demands. Although 
autologous and allogeneic bone grafts are gen-
erally considered “gold standard” treatments 
for bone defects, these approaches may result 
in various complications. Furthermore, safety 
considerations of gene- and cell-based thera-
pies require further clarification and approval 
from regulatory authorities. Therefore, devel-
oping new therapeutic biomaterials that can 
empower endogenous regenerative properties 
to accelerate bone repair and regeneration is 
of great significance. Extracellular vesicles 
(EVs) comprise a heterogeneous population 
of naturally derived nanoparticles that play a 
critical role in mediating cell–cell communi-
cation. The vast amount of biological pro-
cesses that EVs are involved in, such as 

immune modulation, senescence, and angio-
genesis, and the versatility of manner in which 
they can influence the behavior of recipient 
cells make EVs an interesting source for both 
diagnostic and therapeutic applications. 
Advancement of knowledge in the fields of 
immunology and cell biology has sparked the 
exploration of the potential of EVs in the field 
of regenerative medicine. EVs travel between 
cells and deliver functional cargoes, such as 
proteins and RNAs, thereby regulating the 
recruitment, proliferation, and differentiation 
of recipient cells. Numerous studies have 
demonstrated the pivotal role of EVs in tissue 
regeneration both in vitro and in vivo. In this 
chapter, we will outline current knowledge 
surrounding EVs, summarize their functional 
roles in bone regenerative medicine, and elab-
orate on potential application and challenges 
of EV-integrated biomaterials in bone tissue 
engineering.
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7.1  A Brief History 
of Extracellular Vesicles (EVs)

Extracellular vesicles (EVs) are a heterogeneous 
population of biological particles naturally 
released from most cell types, which play a criti-
cal role in intercellular communication [1]. The 
first observation of EVs was reported as platelet- 
derived particles in normal plasma in 1946 by 
Chargaff and West [2]. The presence of 
phospholipid- rich particulates within the plate-
lets was then acknowledged and referred to as 
“platelet dust” by Wolf in 1960s [3]. It was noted 
that these particulates could be separated by 
ultracentrifugation and displayed procoagulant 
properties [3]. Early observations by Anderson 
[4] and Bonucci [5] in 1967 also included matrix 
vesicles identified during cartilage development 
and calcification. In 1980, Trams and colleagues 
uncovered the essential role that EVs played in 
the intercellular transport of trophic substances 
or nutrients [6], and such vesicles ranging from 
40 to 1 000  nm were initially suggested to be 
referred to as exosomes, although the subcellular 
origin of these vesicles remained unclear. Around 
the same time, the first observations of tumor- 
originating membrane fragments were made [7], 
and they were also shown to be procoagulant [8]. 
Later in the 1980s, the secretory vesicles were 
reported to mediate reticulocyte maturation 
through recycling of transferrin and its receptor 
[9, 10]. Subsequent detailed ultrastructural stud-
ies showed that these nano-sized messengers 
were also released by multivesicular bodies 
(MVBs) fusing with the cell membrane during 
the differentiation of immature red blood cells 
[11, 12]. One decade later, pioneering studies by 
Raposo and colleagues discovered that EVs 
derived from the Epstein-Barr virus-transformed 
B lymphocytes incorporated and transported 
functional antigen-presenting complexes and 
were able to stimulate T cell responses [13]. 
From then on, many studies have further demon-
strated that EVs are derived from professional 
antigen-presenting cells, such as dendritic cells 
(DCs), express class I and class II major histo-
compatibility complex (MHC), adhesion, and 

co- stimulatory molecules that can directly acti-
vate CD4+ and CD8+ T cells [14, 15].

From the late 2000s onward, several key 
works have revealed the role of tumor EVs in 
promoting cancer growth and metastasis [16–18], 
and highlighted their potential utility as biomark-
ers [19]. In 2006–2007, further research discov-
ered that EVs contain RNA, including microRNA, 
which fueled renewed interest in EVs as media-
tors of cell–cell communication [20, 21]. An 
important step in the recent advancement of the 
EV field has been the enthusiastic collaborative 
work since 2011 by the members of the 
International Society for Extracellular Vesicles 
(ISEV). Although a full consensus has yet to be 
achieved regarding specific markers of EV sub-
types, such as endosome-origin exosomes and 
plasma membrane-derived ectosomes, it is sug-
gested by the ISEV that referring to EV subtypes 
can be based on (a) physical characteristics, such 
as size, with ranges of diameter or density 
defined; (b) biochemical composition; or (c) 
descriptions of conditions or cell of origin [22]. 
Based on size, morphology, origin, and other bio-
logical features, EVs are commonly classified 
into exosomes, microvesicles (MVs), and apop-
totic bodies (Table 7.1) [23, 24]. Exosomes are 
40–100  nm cup-shaped vesicles produced by 
endosomal multivesicular bodies (MVBs), which 
are released into the extracellular microenviron-
ment through fusion of the membrane of MVBs 
with the plasma membrane [23, 25]. MVs are 
generally 100–1000 nm in size and released from 
the cell by the outward budding of the plasma 
membrane [25, 26]. Apoptotic bodies can be 
formed during cell death and by blebbing of the 
plasma membrane [27, 28].

7.2  The Functional Role of EVs 
in Bone Regenerative 
Medicine

Regenerative medicine aims at the functional res-
toration of damaged, malfunctioning, or missing 
tissues. Tissue engineering is a promising 
approach for the regeneration of tissues, and this 
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strategy often involves the use of mesenchymal 
stem cells (MSCs) due to their capacity to dif-
ferentiate into multiple lineages and to modulate 
inflammation/immune responses [29]. The pri-
mary strategy has been to transplant MSCs at the 
site of injury [30]. However, accumulating evi-
dence indicates that there is a lack of correlation 
between functional tissue regeneration and the 
differentiation of cell engraftment at the injury 
site [31]. It has become increasingly apparent 
that the secretory products of MSCs are primarily 
responsible for the observed regenerative effects 
[32]. These paracrine factors secreted by MSCs, 
including EVs and their enclosing bioactive mol-
ecules, are of major interest to discover new ther-
apeutics that stimulate tissue regeneration.

EVs were initially regarded as a vehicle to 
transport unwanted compounds of cells to the 
extracellular milieu [10, 33]. It has subsequently 
been appreciated that membrane-bound EVs are 
composed of a lipid bilayer containing trans-
membrane proteins and enclosing cytosolic bio-
active compounds, including proteins, nucleic 
acids, and lipids [34]. The primary role of EVs in 
cell–cell communication is to transfer various 
bioactive signaling molecules between the parent 
and the recipient cells. The precise biological 
function of EVs is a reflection of the parental cell 
from which they were derived and the local 

microenvironment (e.g., inflammatory or 
hypoxic). EVs can transmit biological informa-
tion by directly activating cell surface receptors 
on the recipient cells, fusing with recipient cell 
plasma membranes and delivering their func-
tional cargoes, including proteins and RNAs, into 
the cytoplasm of the recipient cells [35]. As EVs 
can regulate the recipient cells at a posttranscrip-
tional level, they have garnered significant atten-
tion due to the increasing evidence that 
posttranscriptional regulation plays a larger role 
than previously expected [36, 37]. Indeed, the 
regenerative effect of EVs has been validated in 
various tissues and organs, including the heart 
[38], lung [39], kidney [40], and brain [41].

Bone regeneration using cell-based therapies 
and tissue engineering strategies is one of the 
most widely researched fields in regenerative 
medicine. Bone regeneration is a highly orches-
trated biological sequence of events, involving 
dynamic intercellular communication among 
immune cells, MSCs, bone-forming osteoblasts, 
bone-resorbing osteoclasts, osteocytes, and other 
cell types via extracellular factors, adhesion mol-
ecules, and signaling pathways [42, 43]. Much 
evidence has demonstrated the important roles of 
MSC-derived EVs in osteogenesis both in vitro 
and in vivo. MicroRNAs (miRNAs) are thought 
to be important posttranscriptional regulators of 

Table 7.1 Basic features of different extracellular vesicles

Characteristic Exosome Microvesicle Apoptotic body
Size (nm) 40–100 [25] 100–1000 [25] 50–5000 [28]
Morphology Homogeneous (cup-shaped) Heterogeneous Heterogeneous
Parental cell 
condition

Physiology and pathologic 
conditions

Physiologic conditions or in 
response to stimuli

Apoptosis

Origin Multivesicular body (MVB) Plasma membrane Programmed cell death
Formation 
mechanism

Endocytic pathway Plasma membrane Plasma membrane

Release 
pattern

Fusion of the membrane of 
MVBs with the plasma 
membrane; exocytosis of 
MVBs

Outward budding from the plasma 
membrane

Cell shrinkage and death; 
blebbing of the plasma 
membrane

Cargo Lipids, proteins, RNAs, and 
similar to those in the parental 
cells

Lipids, proteins, RNAs Cell organelles, lipids, 
proteins, RNAs, and DNA 
fragments

Markers CD9, CD63, CD83, Alix, 
TSG101, GTPases

CD40 ligand, adenosine 
diphosphate ribosylation factor 6 
(ARF6), several selectins and 
integrins

Thrombospondin, 
complement component 
C3b, histones

7 The Development of Extracellular Vesicle-Integrated Biomaterials for Bone Regeneration
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osteogenesis and bone remodeling [44]. Being 
enclosed in the lipid membranes of EVs, miR-
NAs can avoid the decomposition of immune 
system and, therefore, exert their effects more 
efficiently [45]. Profiling data for the MSC- 
derived EVs have revealed that a series of miR-
NAs, such as miR-let-7a, miR-199b, miR-218, 
miR-148a, miR-135b, miR-203, miR-219, miR- 
299- 5p, and miR-302b, are significantly upregu-
lated during the osteogenic differentiation of 
MSCs [46, 47]. These data all demonstrated that 
MSC-derived EVs could promote bone regenera-
tion by carrying specific miRNAs which have 
significant roles in osteoblast function and activ-
ity, possibly due to the activation of Wnt/β- -
catenin [2] and PI3K/Akt signaling pathways 
[48]. These in vitro findings have led to further 
investigation and application of MSC-derived 
EVs in  vivo [49–51], which proved that MSC- 
derived EVs could stimulate bone growth and 
accelerate fracture healing.

In turn, osteoblasts also secrete EVs and send 
messages back to MSCs, thus establishing a posi-
tive feedback of bone repair and regeneration. It 
has been reported that EVs released by osteo-
blasts at the mid- to late differentiation stage 
remarkably promoted osteogenic differentiation 
of MSCs [52, 53], which might be due to the acti-
vation of Wnt signaling [53]. Other in  vitro 
experiments also demonstrated that EVs derived 
from MSCs at the late differentiation stage have 
the strongest pro-osteogenic ability [29, 46]. 
Consistently, miR-31, miR-221, and miR-144 
that have inhibitory effect on osteogenic differen-
tiation decrease substantially in the EVs derived 
from late differentiation stage of MSCs, whereas 
miR-21, miR-10b, and other miRNAs that con-
tribute to osteogenesis is significantly upregu-
lated. The cross talk between bone-forming 
osteoblasts and bone-resorbing osteoclasts plays 
crucial roles in bone homeostasis and bone 
remodeling. EVs derived from osteoblasts can be 
bound to osteoclasts, leading to osteoblast–osteo-
clast communication [54]. On the other hand, 
osteoclasts also deliver their EVs to osteoblasts 
and regulate osteoblast activity [55].

Osteocytes, the terminally differentiated 
cells, play multifunctional roles in the regulation 
of bone remodeling [56]. Sato and colleagues 

demonstrated that MLO-Y4 cells, a murine 
osteocyte- like immortalized cell line, release 
miRNA-containing EVs [57]. Additionally, 
osteocyte ablation in the dentin matrix protein- 1- 
driven diphtheria toxin receptor transgenic mice 
resulted in a decreased expression of osteocyte- 
derived EVs containing miRNAs [58]. This find-
ing indicates that miRNA-containing EVs 
derived from osteocytes circulate systemically, 
which could allow for cell–cell communication 
between osteocytes and distant target cells.

The close relationship of the immune and 
skeletal systems, which share many of the same 
regulatory pathways, such as cytokines, tran-
scription factors, and signaling cues – a relation-
ship known as osteoimmunology, has attracted 
much attention recently [59]. The reciprocal 
interaction between immune cells and bone cells 
participates actively in the bone remodeling and 
regeneration process. During initial bone healing, 
resting macrophages (key immune regulators) 
are activated into pro-inflammatory M1 pheno-
type, which are found predominantly in the defect 
area [60]. And in addition to removing the 
necrotic cell debris, M1 macrophages secrete a 
repertoire of inflammatory and chemotactic 
mediators, such as IL-1β, TNF-α, and CCL2, 
which initiate the recruitment of MSCs from 
their local niches [61]. Macrophage-derived pro- 
inflammatory cytokines and chemokines, 
together with growth factors such as TGF-β, 
BMPs, and VEGF, subsequently guide the prolif-
eration, differentiation, and extracellular matrix 
production of the recruited MSCs [62] and ulti-
mately lead to bone regeneration [60, 63].

Our recent study has shown that EVs derived 
from BMP2-stimulated macrophages have sig-
nificant pro-osteogenic effect [64]. Other studies 
have also reported that dendritic cell-derived EVs 
are endocytosed by MSCs and promote their 
recruitment and migration [65], and monocyte- 
derived EVs can stimulate the osteogenic differ-
entiation of MSCs [66]. MSCs reciprocally 
modulate the activation and function of macro-
phages in response to an inflammatory microen-
vironment [67–70]. Major findings reveal that 
stem cell-derived EVs can attenuate inflamma-
tion through polarizing macrophages toward the 
anti-inflammatory M2 phenotype [70, 71]. It has 
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been well established that MSCs can regulate the 
mobility and function of macrophages through 
producing various chemokines and other factors 
[72, 73]. When partially differentiated to osteo-
blasts in vitro, MSCs implanted to murine cranial 
defects can improve defect healing by inducing 
macrophage recruitment and activation through 
the secretion of VEGF [73]. Besides the cyto-
kines, miRNAs secreted by MSCs also partici-
pate in the regulation of macrophages [74]. It has 
been demonstrated that miR-223 enriched in 
MSC-derived EVs can reduce levels of TNF-α, 
IL-1β, and IL-6 secreted from macrophages in an 
inflammatory microenvironment [74].

Apart from the miRNAs mentioned above, 
other key proteins contained in EVs also actively 
mediate a series of signaling pathways and regu-
late bone regeneration, such as Ephrin A2 [75], 
Semaphorin 4D (Sema4D) [55], receptor activa-
tor of nuclear factor kappa-Β ligand (RANKL) 
[54], transforming growth factor beta receptor II 
interacting protein 1 (TRIP-1) [76], and matrix 
metallopeptidase 9 (MMP9) [65].

7.3  Therapeutic Biomaterials 
Based on EVs for Bone 
Regeneration

Due to the characteristic of transferring their bio-
active molecules from parent cells to recipient 
cells, EVs have attracted increasing attention as a 
delivery system, particularly as a new alternative 
for delivering protein therapeutics [22]. Taking 
into consideration the critical roles of MSCs and 
their products in tissue regeneration, MSC- 
derived EVs are particularly promising candi-
dates for developing cell-free therapies for bone 
regeneration. Zhang and colleagues generated 
exosomes derived from human-induced pluripo-
tent stem cell-derived mesenchymal stem cells 
(hiPS-MSC-Exos) which then blotted onto 
porous tricalcium phosphate (β-TCP) scaffolds 
[48]. These exosome–β-TCP combination scaf-
folds led to enhanced bone regeneration in a rat 
calvarial defect model compared to pure β-TCP 
scaffolds [48]. Further in  vitro studies showed 
that there was an initial burst release of exosomes 
from the scaffolds which could be internalized by 

human bone marrow-derived mesenchymal stem 
cells (hBMSCs) and could significantly enhance 
the osteogenic differentiation of hBMSCs by 
activating PI3K/Akt signaling pathway [48]. 
Another recent study has also utilized hiPSC- 
MSC- Exos+β-TCP scaffolds to promote bone 
regeneration and angiogenesis in critical-sized 
calvarial defects in ovariectomized rats [77].

To exert the optimal biological efficacy of 
EVs by a slow-release system, poly(lactic-co- 
glycolic acid) (PLGA) scaffolds has been modi-
fied through a mussel-inspired immobilization 
strategy assisted by polydopamine (pDA) [78]. 
The cell-free system is comprised of human 
adipose- derived stem cell (hASC)-derived EVs, 
which could be released slowly and constantly 
from the PLGA/pDA scaffolds. The hASC-
derived exosomes could be internalized by 
human bone marrow-derived mesenchymal stem 
cells (hBMSCs) and further promoted the prolif-
eration, migration, and osteogenic differentiation 
capabilities of hBMSCs in vitro. When implanted 
into critical-sized mouse calvarial defects, the 
hASC- derived EV-integrated PLGA/pDA scaf-
folds significantly enhanced bone formation in 
6  weeks, although the mechanism behind the 
EVs’ effects was not clearly defined and needed 
further exploration [78].

Recently, three-dimensional (3D) printed 
scaffolds have attracted much attention for tissue 
engineering applications, owing to their precise 
design of shapes and sizes as well as abundant 
selection of components [79]. Polycaprolactone 
(PCL) is a biodegradable polyester with a low 
melting point of around 60  °C.  PCL is easy to 
manufacture and has high mechanical strength 
and a low rate of degradation. However, PCL has 
a suboptimal cellular activity as it does not carry 
any biologically active molecules. To address 
these drawbacks, alginate is often used in combi-
nation with PCL due to its extracellular matrix- 
like structure and capability of encapsulating 
various bioactive molecules. By incorporating 
EVs derived from rat bone marrow MSCs into 
alginate–PCL 3D constructs, Xie and colleagues 
have demonstrated an enhanced vessel formation 
and bone regeneration in a nude mouse subcuta-
neous bone formation model both after 1 and 2 
months of implantation [80]. Using combination 
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of poly(lactide) (PLA) 3D printed scaffolds and 
human gingival mesenchyme stem cell-derived 
EVs, Diomede and colleagues were also able to 
demonstrate significantly bone healing in a rat 
calvarial defect model after 6 weeks of implanta-
tion [81].

Apart from using synthetic materials, research-
ers also endeavor in applying natural/endogenous 
materials to deliver EVs for bone repair. Xie and 
colleagues have fabricated decalcified bone 
matrix (DBM) scaffolds from bovine limbs [82]. 
The scaffolds were then loaded with 20  μg of 
EVs derived from rat bone marrow MSCs. The 
EV-modified DBM scaffolds were implanted 
subcutaneously in nude mice and demonstrated 
superior pro-angiogenic and pro-osteogenic 
effects in vivo [82].

In addition, EVs released from immune cells 
like monocytes and macrophages, are implicated 
in several fundamental biological processes, such 
as the recruitment of inflammatory cells, neovas-
cularization, coagulation, and regulation of MSC 
differentiation. Thus, they are also of vital impor-
tance in ensuring the appropriate inflammatory 
reaction after injury, which would boost tissue 
repair and regeneration. Our resent study has 
shown a positive regulatory effect of BMP2- 
stimulated macrophage-derived EVs on the 
osteogenic differentiation of MSCs. We gener-
ated titanium nanotubes by electrochemical 
anodization [83], which were further coated with 
poly(dopamine) [84] for the integration of the 
BMP2/macrophage-stimulated EVs. The encap-
sulation of EVs into titanium nanotubes dramati-
cally increased the expression of early osteoblastic 
differentiation markers via activation of autopha-
gic activity [64]. Table  7.2 below summarizes 
recent studies on EV-integrated biomaterials for 
bone regeneration as noted above.

7.4  Advantages/Limitations 
of EV Therapeutics

Cell-free approaches may be advantageous when 
risk factors associated with the usage of living 
cells, especially stem cells, are considered. These 
can be intrinsic factors relating to cell origin, 

tumorigenic potential, cell differentiation, and 
proliferation capacity or extrinsic factors con-
cerning cell handling, storage, and transport con-
ditions, among others. Furthermore, it is important 
to consider that stem cell yield decreases with 
increased donor age and that age may negatively 
affect cell performance. EVs, on the other hand, 
bypass a series of issues that arise with stem cell 
therapy. EVs are generally easier to be manufac-
tured, stored, and tested for optimal dosage and 
potency, all of which are more cost- efficient com-
pared to stem cell expansion or collection from 
patients. By replacing the administration of living 
cells with their secreted EVs, many of the safety 
concerns and limitations associated with the 
transplantation of viable replicating cells could 
be mitigated. Another important feature of EVs is 
the encapsulation and protection of their contents 
from degradation in vivo, thereby potentially pre-
venting some of the problems associated with 
small soluble molecules such as cytokines, 
growth factors, transcription factors, and RNAs, 
which can degrade rapidly.

While EVs exhibit several attractive features 
as a therapeutic agent, there are also potential 
limitations to be considered. EVs contain a mix-
ture of biologically active molecules such as 
mRNAs, miRNAs, lncRNA, DNA, lipids, pep-
tides, and vast array of proteins (including onco-
proteins, tumor suppressors, transcriptional 
regulators, and splicing factors) [85], some of 
which seem to have beneficial effects, whereas 
others might have negative (e.g., pro- 
inflammatory) effects under certain conditions. 
Whether EVs will turn out to be superior to pro- 
angiogenic and/or pro-osteogenic drugs or puri-
fied recombinant growth factors and other 
peptides within the context of cell-free 
approaches to bone regeneration remains to be 
further investigated. Another major challenge for 
realizing EV-based therapeutics is a generally 
low productivity of EVs. For example, yield of 
exosomes is typically less than 1  μg exosomal 
protein from 1  mL of culture medium [86], 
whereas the useful dose of exosomes is approxi-
mately 10–100 μg exosomal protein/mouse [87, 
88]. Therefore, scalable systems for the produc-
tion of EVs to support large-scale commercially 
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viable manufacturing processes also need to be 
further developed. Although it has recently been 
demonstrated that tissue culture bioreactors can 
enhance exosome production (40-fold greater 
EVs/mL of culture medium) compared to con-
ventional 2D culture conditions [89], it remains 
debatable whether the production of higher EV 
numbers will necessarily yield a higher-efficacy 
final product due to EV diversity and whether 
there is a possibility that only specific EV sub-
types may represent the therapeutic agent [88].

7.5  Future Perspectives

Much excitement and promise has been garnered 
about the use of EVs in bone regenerative medi-
cine, which offers the potential for safer prod-
ucts to cover a wider range of applications. 
Advances in data sharing, such as ExoCarta 
Database which continues to capture the 
genomic and proteomic data of EVs, will facili-
tate to determine which factors are most relevant 
to the functions of EVs. Also key to EV product 
translation will be advances in GMP supply and 
the production of clinical grade products, prod-
uct characterization and potency assays, preclin-
ical proof of efficacy, and the identification of 
target populations. Although some EV prepara-
tions are already being administered in the 
clinic, the regulatory road map for EV-based 
therapeutic product translation to clinical appli-
cation will need to be carefully established. It is 
expected that the safety concerns for cell-free, 
EV-based clinical trials will be arguably milder 
compared to those that involve the direct use of 
stem cells due to the non-mutagenicity and non-
oncogenicity of EVs [88].
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Abstract

Biomaterials are widely used to produce 
devices for regenerative medicine. After its 
implantation, an interaction between the host 
immune system and the implanted biomaterial 
occurs, leading to biomaterial-specific cellular 
and tissue responses. These responses may 
include inflammatory, wound healing 
responses, immunological and foreign-body 
reactions, and even fibrous encapsulation of 
the implanted biomaterial device. In fact, the 
cellular and molecular events that regulate the 
success of the implant and tissue regeneration 
are played at the interface between the foreign 
body and the host inflammation, determined 
by innate and adaptive immune responses. 
This chapter focuses on host responses that 
must be taken into consideration in determin-
ing the biocompatibility of biomaterial devices 
when implanted in vivo of animal models.
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8.1  Introduction

There are a great diversity of biomaterials pro-
posed for regenerative medicine, such as tissue- 
engineered scaffolds that may contain allogeneic, 
autologous, or xenogeneic genetic materials, 
cells, synthetic or modified-natural materials [1]. 
A tissue-engineered implant can be a combina-
tion of biological components and biomaterials 
that creates a device aiming to restore or modify 
a tissue or organ function to its functional state. 
Thus, tissue-engineered devices with a biological 
component(s) require an expanded perspective 
and understanding of biocompatibility and bio-
logical response evaluation.

Biocompatibility is defined by the ability of a 
biomaterial or medical device to perform with an 
appropriate host response in a specific applica-
tion. Its assessment is a measure of the magni-
tude and duration of the adverse alterations in 
homeostatic mechanisms that determine the host 
response and defines if the biomaterial device 
presents potential harm to the patient [1]. In fact, 
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after biomaterial implantation, an interaction 
between the host immune system and implanted 
biomaterial occurs, resulting in a biomaterial- 
specific tissue response during a complex bio-
logical process, which needs to be characterized. 
The three major responses that must be  considered 
for biocompatibility assessment are inflamma-
tion, wound healing, and immunological reac-
tions or immunity. The response to injury may 
depend on numerous factors, including the extent 
of the injury, blood–material interactions, the 
loss of basement membrane structures, the extent 
or degree of cellular necrosis, provisional matrix 
formation, and the extent of the inflammatory 
response [1]. Additionally, the tissue or organ 
undergoing implantation may contribute signifi-
cantly to the response. Thus, all these events, in 
turn, may affect the extent or degree of granula-
tion tissue formation, foreign-body reaction 
(FBR), and fibrosis or fibrous capsule (scar) 
development (Fig. 8.1).

The idea of a passive material designed to 
diminish host response has changed. Currently, 
an ideal biomaterial is the one that triggers the 
desired immunological responses, enabling its 
integration and, consequently, tissue repair [2]. 
Basically, a balanced interplay between the host 
immune system and the biomaterial is desired. 
Invasive implantation methods (e.g., surgery) 
potentiate adverse host responses, which are 
determined by the biomaterial [3].

In vitro models have a limited capacity to rec-
reate the complex in vivo environment, such as, 
the role of angiogenesis in the newly formed tis-
sue, immune reaction to implanted biomaterials, 
and functional properties of the graft. So, in vivo 
models offer the whole picture of the host 
response to a biomaterial and are useful to predict 
the clinical behavior, safety, and biocompatibility 
of medical devices in humans. In vivo assays are 
a midway step between in  vitro studies and 
human clinical trials [4–6].

8.2  The Immune Response

Following in vivo implantation, a host reaction is 
induced, determining the outcome of the integra-
tion and the biological performance of the 
implant. All implants develop cellular and tissue 
responses. Also biodegradable biomaterials and 
its degradation products result in surface changes 
that activate the immune system [7–9].

The human immune system has two different 
mechanisms: the innate immune system and the 
adaptive immune system. So, when a biomaterial 
is implanted in vivo, a nonspecific inflammatory 
response is elicited by the innate immune system. 
After the recognition of the foreign material, the 
adaptive immune system performs highly spe-
cific antigen responses and develops long-term 
memory. The innate immune system is composed 
of polymorphonuclear cells, mononuclear phago-
cyte cells (dendritic cells, monocytes, and macro-
phages), and lymphocytes (natural killer cells, 
gamma–delta T cells, and innate lymphoid cells), 
while the adaptive immune response involves B 
and T lymphocytes [10, 11] (Fig. 8.2).

The typical host reaction to an implant 
involves a mechanism that is similar to the early 
stages of wound healing [12]. However, the pres-
ence of an implanted device significantly alters 
the progression through the subsequent phases of 
repair [13]. Moreover, the extent of the immune 
response to a biomaterial is modulated by the 
characteristics of the material [14].

After the implantation of the biomaterial, an 
acute inflammatory response begins that in some 
circumstances can lead to a chronic inflammatory 
response to a FBR and to the deposition of a col-
lagenous fibrous capsule around the implant 
(Fig. 8.1). Therefore, the efficacy of the biomate-
rial is affected by the extent and duration of the 
inflammatory process [6, 8].

The immune response to biomaterials 
implanted in vivo can be divided into four major 

Fig. 8.1 Sequence of host reactions. (Adapted from Ref. [1])
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phases: (1) implantation, (2) blood–biomaterial 
interaction, (3) inflammation, and (4) tissue 
remodeling, which start at different times but can 
overlap with each other. All these four phases are 
discussed in more detailed below.

8.2.1  Implantation

There are basic responses of the body to implan-
tation even in sham operations. The incision 
made to introduce the device into the body affects 
the vasculature, extracellular matrix, and eventu-
ally the local nerves [15]. The disruption of the 
host tissue homeostasis leads to local inflamma-
tion and wound healing [13, 15]. The response to 
injury associated with implantation of the device 
is essentially dependent on the size, surface area 
of the injury or implant, and anatomical site. 
Following injury, a normal wound healing  
process starts through overlapping phases of 
blood–biomaterial interactions, inflammation, 
proliferation, and tissue remodeling [6, 8, 13, 
16]. Although the inflammatory response is initi-
ated by the injury, it is mediated by the released 
chemicals from the plasma, cells, and injured tis-
sue [8.31]. Normally, during the first several days 
after injury, the predominant cell type is the neu-
trophils, which are then replaced by monocytes 
that will differentiate into macrophages (Fig. 8.3).

8.2.2  Blood–Material Interactions: 
The Formation 
of the Provisional Matrix

Shortly (within minutes to hours) after biomate-
rial implantation, changes in the vascular flow 
and permeability occur [17]. Within a few sec-
onds after the implantation, the blood from the 
damaged vessels surrounds the biomaterial. 
Therefore, the blood–material interactions begin 
spontaneously, and almost immediately, the host 
plasma components adsorption to the biomateri-
al’s surface occur. These components include lip-
ids, sugars, ions, and proteins, such as albumin, 
fibrinogen, fibronectin, vitronectin, immune 
globulins, and a number of coagulation and com-
plement factors [18–20] (Fig. 8.3).

Biomaterial device’s characteristics, such as 
surface energy, chemistry, topography, and 
roughness, are decisive determinants of the tis-
sue reaction to the implants. It was demonstrated 
that those implants’ characteristics influenced 
the type, the amount, the composition, and the 
conformation changes of the adsorbed mole-
cules [18, 21, 22]. Moreover, the composition of 
the layer of the adsorbed proteins (type of pro-
teins, concentration, and conformation upon 
adsorption) is associated with the initiation of 
the coagulation cascade and the complement 
system, leading to the onset of inflammatory 
responses [19, 23–25]. From a wound-healing 

Fig. 8.2 The two 
components of the 
human immune system 
that are involved in the 
reaction to a biomaterial 
implant
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perspective, blood molecule deposition on a bio-
material surface is described as provisional 
matrix formation [1, 25, 26] (Fig. 8.3). However, 
the clot formation also defines the provisional 
matrix around the biomaterial implant [27, 28]. 
Blood coagulation associated with biomaterial 
implantation is a combination of contact activa-
tion, platelet adhesion and activation, and pres-
ence of leucocytes [29].

There are two pathways for contact activation 
of the coagulation cascade: the intrinsic 
(Hageman factor: factor XII or FXII as initiators) 
and the extrinsic pathway (tissue factor as initia-
tor). For biomaterials, it has been described an 
activation of the intrinsic pathway after adsorp-
tion of FXII, kallikrein (KK), and high- molecular- 
weight kininogen (HMWK) as a cofactor [30]. In 
accordance, complement proteins activated upon 
contact with the biomaterial, synergistically sup-
port platelet adhesion, activation and recruitment 
of immune cells [7, 31–36]. Regarding the com-
plement system, there are three different path-
ways that activate this system: the classical 
pathway, the alternative pathway, and the lectin 
(mannan-binding) pathway [37]. In biomaterials, 
it has been described that the complement system 
is mainly activated by the alternative pathway 
[36, 38]. However, this activation is related to 
biomaterials’ surface properties, since it is asso-
ciated with the adsorbed protein layer on bioma-
terials [31]. Moreover, it was shown that 
biomaterial surfaces with available OH and NH2 
groups had a greater activation of the comple-

ment system than biomaterial surfaces with avail-
able COOH [39]. Furthermore, the activation of 
the complement system leads to the activation of 
complement factors C3 and C5 that are frag-
mented into anaphylatoxins C3a and C5a, attract-
ing leucocytes to the site of inflammation, 
increasing vascular flow and vascular permeabil-
ity, extravasation of leucocytes, and chemotaxis. 
Additionally, some complement factors that 
opsonize bacteria that are also adsorbed to the 
biomaterial lead to the activation of monocytes 
and macrophages [7, 40].

In summary, due to the implantation of the 
biomaterial, there is development of the provi-
sional matrix at the implant site. This provisional 
matrix is mainly composed of fibrin (produced 
by activation of the coagulative and thrombosis 
systems), activated platelets, inflammatory prod-
ucts, and cells, being also rich in cytokines, 
growth factors, and chemoattractants that are 
capable of recruiting cells of the innate immune 
system to the injury site [8, 25] (Fig. 8.3).

8.2.3  Inflammation

The inflammation process acts to contain, neu-
tralize, dilute, or avoid contact with injurious 
agents or processes. It is defined as the reaction 
of vascularized living tissue to local injury. These 
processes initiate a cascade of several events to 
heal and regenerate the injured site [8].

Fig. 8.3 Innate immune response to biomaterial implants: representation of the main cellular players in the interaction 
biomaterial–immune system. The main events from provisional matrix formation to formation of granulation tissue are 
represented

L. P. Frazão et al.



113

Biomaterial device is a foreign object and, by 
definition, elicits an immune response. After the 
formation of the provisional matrix, an acute 
inflammatory response occurs followed by a 
chronic inflammatory response [8, 11, 16] 
(Fig.  8.3). The intensity and duration of these 
inflammatory responses are related not only to 
the extent of tissue damaged but also with the 
characteristics of the biomaterial device (compo-
sition, size, shape, topography, and chemical and 
physical properties) [1, 8, 16]. Moreover, some 
proteins that composed the provisional matrix, 
such as fibronectin and vitronectin, are important 
in the modulation of the inflammatory response 
to the biomaterial implant by enhancing cell 
adhesion. On the other hand, the fibrinogen and 
complement system are associated with the 
recruitment of the cellular components of the 
inflammatory system [41–43].

8.2.3.1  Acute Inflammation
Acute inflammation is the first line of defense of 
the immune system and a normal and necessary 
function of the innate immune system. This pro-
cess is initiated by the presence of pathogens or 
by tissue damage, for example, through implan-
tation of a biomaterial device [6, 8]. The acute 
inflammatory response is of relatively short dura-
tion, lasting from minutes to a few days. 
Persistence of the acute inflammation for more 
than 3 weeks usually indicates the presence of an 
infection. This response is mainly characterized 
by an exudation of fluid and plasma proteins 
(edema) and by the recruitment of polymorpho-
nuclear leucocytes (PMNs), predominantly neu-
trophils. These cells migrate to the site of injury 
due to the increase of blood vessels permeability 
(associated with the activation of the complement 
system) and also due to the release of chemo- 
attractants associated with the activation of com-
plement factors C3 and C5, activated platelets, 
and fibrinopeptides (released after blood clotting) 
[3, 8, 44]. After recruitment, PMNs undergo acti-
vation through the release of danger signals by 
the injured cells at the implant site, such as 
“alarmins” (which include heat shock proteins, 
high-mobility group box 1, adenosine triphos-
phate (ATP), and uric acid) that are an endoge-

nous equivalent of pathogen-associated molecular 
patterns (PAMPs). Alarmins are recognized by 
pattern recognition receptors (PRRs), such as 
toll-like receptors (TLRs), scavenger receptors, 
and purinergic receptors [3, 45–49].

The main role of neutrophils in acute inflam-
mation is to respond as the first line of cells to 
defend against invading pathogens (e.g., bacteria 
and fungi). They initiate a phagocytic response 
with the secretion of proteolytic enzymes and 
reactive oxygen species (ROS). PMNs adhere to 
the biomaterial surface by means of β2 integrins 
in an attempt to destroy it. However, due to size 
disparity, phagocytosis does not occur, although, 
the destructive agents released by neutrophils 
may corrode the material surface [3, 44, 50–53]. 
Moreover, neutrophils release neutrophil extra-
cellular traps (NETs) that have, as main func-
tions, to trap pathogens and prevent the spread of 
infection. These networks are composed of gran-
ular proteins, neutrophil elastase, chromatin 
DNA, and histones. The altered release of NETs 
restrains the integration between the tissue and 
the biomaterial, since it leads to excessive pro-
duction of a dense fibrotic matrix. In addition, it 
also degrades neutrophil-produced cytokines 
and chemokines that regulate the healing pro-
cess. Furthermore, NETs released from neutro-
phils, unable to phagocytose a harmful stimulus, 
may be considered similar to the formation of 
foreign- body giant cells (FBGCs) (see subchapter 
8.2.3.2) [54, 55].

PMNs have very short life spans (of hours to 
days) and rapidly disappear from the inflamma-
tion site. Usually, PMNs disappear from the 
implant site in the first 2 days after the biomate-
rial device implantation [3, 44, 50, 51]. When 
activated, PMNs secrete several immune- 
regulatory signals, such as, CX chemokine ligand 
8 (CXCL 8) (the most prominent chemokine that 
primary target neutrophils), monocyte chemoat-
tractant protein (MCP-1/CCL2), and macrophage 
inflammatory protein (MIP-1β/CCL4), that will 
activate monocytes, macrophages, immature 
dendritic cells (DCs), and lymphocytes [3, 44, 
56]. The progressive increase of these chemo-
kines leads to monocyte infiltration at the implant 
site. Moreover, due to the lack of activating signals, 
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there is a suppression of neutrophils that undergo 
apoptosis and gradually disappear from the 
implantation site [8]. So, circulating monocytes 
that were attracted to the site of injury bind the 
fibrinogen deposited at the biomaterial provi-
sional matrix. Thus, monocytes differentiate into 
the classical activated “M1” macrophages. These 
cells promote the inflammatory response by 
secreting various inflammatory cytokines and 
chemokines, such as, interleukin (IL) – 1β, IL-6, 
tumor necrosis factor (TNF-α), IL-8/CXCL8, 
and also MCP-1/CCL2 and MIP-1/CCL4, that 
will promote the invasion of additional inflam-
matory cells. In an attempt to degrade the bioma-
terial and in accordance with what happened with 
leucocytes, macrophages also undergo frustrated 
phagocytosis by releasing potent oxygen and 
nitrogen radicals, as well as proteolytic enzymes. 
This may affect the surrounding tissue since the 
adjacent healthy cells are also getting damaged 
and destroyed, which can result in necrosis and 
present as a threat to patients. However, unlike 
PMNs, macrophages have longer life spans (from 
days to months), being the predominant cell type 
in both acute and chronic inflammation [1, 7, 43, 
57–61].

8.2.3.2  Chronic Inflammation
Continuous inflammatory stimulus leads to 
chronic inflammation that generally does not last 
more than 2  weeks, and it is confined to the 
implantation site [6, 7, 59, 62]. This may be asso-
ciated with the physiochemical characteristics of 
the biomaterial that leads to continuous opso-
nization and release of toxic degradation prod-
ucts. Moreover, it can also be associated with 
insufficient mechanical compliance or movement 
of the biomaterial at the implantation site [6].

Macrophages are one of the central cell types 
of the chronic inflammatory response [59, 62, 
63]. Due to their large range of plasma membrane 
receptors, macrophages have a great plasticity 
and can change their physiology in response to 
environmental cues, inducing distinct cell popu-
lations with different functions [59, 62, 64]. 
Macrophages are divided into two major pheno-
types: M1 and M2. While the M1 phenotype pro-
motes pathogen killing and is related to the 
classical signs of active inflammation, M2 phe-

notype supports immunoregulation, tissue repair, 
and remodeling. These cells secrete anti- 
inflammatory cytokines, such as IL-10, and 
induce the migration and proliferation of fibro-
blasts [59, 62]. So, the adherent macrophages 
will eventually shift to the M2 phenotype. The 
overlapping events of the phenotypic M1 to M2 
switch, together with the mechanisms of frus-
trated phagocytosis, result in macrophage mem-
brane fusion to form a foreign-body giant cell 
(FBGC) [65].

FBGC formation (Fig.  8.3) represents and 
attempts to increase the cells’ phagocytic or deg-
radative capacities. It is also the hallmark of 
chronic inflammation [6, 65]. As previously 
described, the M1 macrophages secrete various 
inflammatory cytokines and chemokines that 
promote the invasion and activation of additional 
inflammatory cells, such as mast cells, basophils, 
and T-helper (Th) cells. These cells secrete IL-4 
and IL-13 that have been considered as the main 
inducers of FBGC on implanted biomaterials, by 
upregulating mannose receptor on fusing macro-
phages [8, 65, 66]. Moreover, although the mech-
anism of macrophage fusion into FBGCs on the 
biomaterials is not fully understood, it has been 
proposed that it may depend on adhesion density 
and migration motility of the cells. Enough cells 
are needed for fusion to take place, and the 
attached macrophages have to migrate to meet 
each other and fuse [67]. So, it has been shown 
that the adsorbed proteins on the provisional 
matrix may influence FBGC formation. While all 
adsorbed proteins support initial monocyte adhe-
sion, only vitronectin strongly promotes macro-
phage development and FBGC formation. 
Moreover, fibrinogen, plasma fibronectin, lam-
inin, and collagens (associated with the adhesion 
of other cell types) do not support IL-4-induced 
FBGC formation. Additionally, β1 integrins are 
dominant during monocyte activation to macro-
phages and during FBGC formation, while β2 
integrins are associated with initial monocyte 
adhesion [41]. Thus, FBGCs adhere to the sur-
face of the biomaterial implant for a long time, 
forming a barrier between the tissue and the bio-
material. Due to its phagocytic activity, FBGCs 
secrete reactive oxygen species and other chemi-
cal agents, which may result in biomaterial dete-
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rioration and eventually in the failure of the 
implanted devices [7].

Regarding lymphocytes and plasma cells, they 
are principally involved in immune reactions and 
are important mediators of antibody production 
and delayed hypersensitivity responses. Although 
it is known that T cells attached to the biomaterial 
surface and become activated through noncanon-
ical pathways, little is known regarding immune 
responses and cell-mediated immunity directed 
to biomaterial implants [66]. During chronic 
inflammation, T lymphocytes, mainly CD4 
helper T cells and their subsets (Th1 and Th2), 
modulate the pro- and/or anti-inflammatory 
responses, respectively, by producing the major-
ity of cytokines [66]. The change in cytokine 
expression profile from Th1 to Th2 lymphocytes 
suggests that T lymphocytes are pivotal (together 
with the shift from M1 to M2 macrophage pheno-
type) in promoting the resolution of inflamma-
tion leading to tissue regeneration [11].

8.2.4  Tissue Remodulation

The formation of granulation tissue (Fig. 8.3) is 
the hallmark of healing inflammation, and it is 
initiated within 1  day after implantation of the 
biomaterial device. Its name was derived from 
the pink soft granular appearance on the surface 
of healing wounds. The granulation tissue is 
composed of macrophages, fibroblasts, and capil-
laries. So, the main histological feature of the 
granulation tissue is the proliferation of new 
small blood vessels and fibroblasts at the implant 
site. Depending on the extent of the injury, granu-
lation tissue may be observed from day 3 to 5, 
after device implantation [1]. During this stage of 
healing, macrophages polarize toward M2 phe-
notype through a cross talk with a subpopulation 
of T cells defined as regulatory (Tregs). Tregs 
play an important role in tissue immune homeo-
stasis and are able to switch the local immune 
response from inflammation to a pro-regenerative 
tissue repair cascade by the secretion of anti-
inflammatory cytokines, such as, IL-10 [68].

M2 macrophages and FBGCs produce growth 
factors, such as, platelet-derived growth factor 
(PDGF), fibroblast growth factor, transforming 

growth factor (TGF)-β1, and vascular endothelial 
growth factor (VEGF), that stimulate fibroblasts, 
blood vessels formation, and regeneration of epi-
thelial cells. Although there is a lack of informa-
tion regarding the interaction and synergy 
between cytokines and growth factors released 
by activated cells, they are associated with the 
production of a wide variety of cells, with cell 
migration, differentiation, and tissue remodeling 
[1, 11, 43].

Through proliferation, maturation, and orga-
nization of endothelial cells into capillary tubes, 
small blood vessels are formed by budding or 
sprouting from preexisting vessels (neovascular-
ization) [69]. Moreover, in an attempt to repair 
the damaged tissue, activated fibroblasts synthe-
size and deposit collagens and proteoglycans. In 
the early stages of granulation tissue, there is a 
predominance of proteoglycans. However, in the 
later stages, there is a prevalence of collagens 
(types I and III, being the type I the most abun-
dant) around the biomaterial [1, 13, 70]. However, 
excessive collagen secretion (due to continuous 
stimulation form a pro-inflammatory environ-
ment) may lead to the formation of a fibrotic cap-
sule around the biomaterial (greater ratio of 
collagen I/III is associated with a greater fibrotic 
tissue formation). This fibrous capsule isolates 
the biomaterial from the host tissues, leading to 
the failure of many implants, particularly the 
ones associated with drug release and sensors 
[71, 72]. Some activated fibroblasts can be dif-
ferentiated into myofibroblasts, associated with 
an abundant expression of α-smooth muscle actin 
(α-SMA). These cells are responsible for wound 
contraction, promoting wound healing and scar 
formation [1, 73] (Fig. 8.3).

8.3  Animal Host Response 
Models and Implantation 
Site Characterization

Laboratory animal protection legislation assumes 
that, in specific conditions, it is morally accept-
able to use animals for scientific purposes. 
However, most regulatory systems have the fol-
lowing general objectives: to keep the number of 
animals used to a minimum, to define legitimate 
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purposes for which laboratory animals may be 
used, to ensure the ability of all laboratory per-
sonnel and researchers, to avoid animal use when 
there are practicably available alternatives, to 
avoid unnecessary pain or distress to animals, to 
provide for the inspection of facilities and proce-
dures, and to ensure public responsibility [74].

The choice of an appropriate animal model is 
intrinsically related to the specific goals of the 
experiment. Moreover, when choosing an animal 
model, it is important to take into account various 
aspects, such as the cost (e.g., the maintenance of 
smaller animal models is less costly than the 
maintenance of larger animals), the number of 
variables (e.g., a well-defined and well-described 
model may reduce random effects), the method-
ologies used to assess the sample collection and 
characterization, and the controls that should 
contain the clinical standard (or a material already 
in clinical use), an empty defect (to prove that the 
obtained results are related with the implantation 
of biomaterial), and if using cells, the material 
without cells [5].

Regardless of the effort of researchers to use 
the most adequate models for their experiments, 
it is difficult to draw valuable information due to 
the differences in model and reaction mecha-
nisms in the implanted material surface proper-
ties. Thus, it is important to take into account the 
different types of host reactions that can be elic-
ited after the implantation of biomaterials. After 
the initial primary acute inflammatory reaction, 
different scenarios can happen: (1) the implanted 
biomaterial does not degrade in the course of the 
inflammatory reaction and is surrounded by a 
fibrotic capsule and a foreign-body reaction is 
observed; (2) the biomaterial degrades in a rela-
tively short time frame (while the inflammatory 
response is still being observed), and the degra-
dation products are metabolically excreted by the 
host or may cause inflammation themselves; (3) 
the host does not surround the biomaterial with 
the fibrotic capsule, but is not able to degrade it, 
and thus two situations may occur: (i) the host 
immune system is activated into setting up a 
chronic reaction or (ii) the acute inflammation 
persists and a nonhealing wound appears at the 
implantation site [5].

The first approach to test a biomaterial in vivo 
is the ectopic model in small animals, commonly 
mice or rats. Ectopic models refer to studies 
where the implantation is done out of the intended 
final tissue. In contrast, orthotopic models refer 
to the implantations done in the tissue of interest. 
In the early phases of the research, ectopic mod-
els are preferred to orthotopic models due to the 
easier identification of the response and also of 
the effects, the technical abilities needed to per-
form them, and also because it is easier to com-
pare results between a wealth of experiments 
reported in the literature. The most common 
ectopic models are the implantation in the subcu-
taneous, intramuscular and intraperitoneal sites. 
These locations are able to provide information 
about chronic or persistent acute inflammatory 
responses, particularly the chronic inflammatory 
response and regarding the integration of the bio-
material within the host tissue after long periods 
of implantation. Subcutaneous implantation is 
normally done in the dorsum of animals to pre-
vent them from having access to the sutures, in 
order to maintain the biomaterials or cells in 
place. Intramuscular implantation, in small ani-
mals, is normally done in the hind limb, and the 
intraperitoneal implantation is performed in peri-
toneum (a body cavity) [4, 5]. Despite the 
intended final application of the biomaterials, the 
subcutaneous and intramuscular implantation 
models offer information about the direct effect 
of the biomaterial at the implant site, while intra-
peritoneal implantation provides data on the 
effect in the abdominal organs of the host, such as 
liver, kidney, spleen, mesenteric lymph nodes, 
and related adipose tissue [75–77], as an indica-
tion of the systemic influence of the biomaterials 
on the host. Moreover, intraperitoneal models are 
the most suitable for evaluating cell recruitment 
and activation status [77, 78] at short [19, 77, 79, 
80] and long periods [77, 81] of reaction.

There are some differences in foreign-body 
response (FBR) related with the implantation 
site. For example, it was shown that the 
 intraperitoneal site had higher levels of proan-
giogenic factors and lower levels of pro-inflam-
matory cytokines during the initial stage of the 
FBR, when compared with the subcutaneous 
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site. However, both sites led to fibrous encapsu-
lation. This is associated with faster healing 
response that occurs in the peritoneal cavity 
compared to the dermis [82–84]. Moreover, the 
mouse strain also affects the FBR. It was shown 
that C57BL/6 strain is associated with a more 
robust FBR and with a fibrous encapsulation 
more similar to that of humans, when compared 
to BABL/c strain [85].

To study cell types and/or pathways that medi-
ate FBR, genetically modified mouse models are 
frequently used. For example, it was shown that 
after biomaterial implantation in mice deficient 
in T cells [86], natural killer cells [87], or mast 
cells [87, 88], there was a normal formation of 
FBGCs and/or fibrous capsule formation, sug-
gesting that those inflammatory cells are not 
essential for FBR [85]. Additionally, genetically 
modified mice/rats to not develop thymus must 
be used when it is necessary to conduct studies 
with allogeneic and xenogeneic cells with or 
without biomaterials. These immunocompro-
mised animals are unable to produce mature T 
lymphocytes, key immune cells in graft or 
implant rejection [5].

Large animal models are generally used in 
orthotopic models due to easier comparison to 
man implantation. For example, sheep are usually 
used for the evaluation of heart valves. This is 
based on the rapid growth of these animals and 
also on the accelerated calcification, which has its 
clinical correlation in young and adolescent 
humans [6]. Moreover, pigs may be used to mimic 
pediatric and neonatal conditions due to its fast-
growing ability [89, 90]. And due to its size and 
similar biological complexity with humans, pigs 
are largely used in wound healing studies, 
decreasing the number of animals needed [91].

Additionally, models as air pouches [92–94], 
cage implants [95, 96], or dorsal skinfold cham-
bers [97] have also demonstrated consistent 
results concerning the interplay between direct 
and indirect material surface reactions. In fact, in 
the dorsal skinfold chamber, recruitment and 
accumulation of leukocytes were observed using 
intra-vital fluorescence and avoiding the killing 
of animals at different timepoints [97]. Moreover, 
the cage implant models are demonstrated to be 

useful for identifying recruited and adherent cell 
types [96], macrophage fusion into FBGCs [95], 
and cytokine release [98] in response to implanted 
materials either in mice [98] or rats [95, 96]. On 
the contrary, host reaction evaluation should not 
be limited to the assessment of inflammatory 
reaction, particularly if the biomaterial is aimed 
to remain in the host for long periods and/or if it 
degrades during the implantation time. Therefore, 
the evaluation of the immune response should 
also be done before the implantation. An ade-
quate method to assess in vivo immune stimula-
tion by biomaterials is to do repetitive implants 
(rat subcutaneous [69] or intraperitoneal [54] 
model) and analyze the host–tissue response, 
immune cells, and antibody production [54, 69].

After the in  vivo implantation of a biomate-
rial, it is important to characterize not only the 
associated biological processes, such as the 
adsorption of plasma proteins and immune cells, 
but also the mechanical, physical, and chemical 
properties of the device that may change over-
time [15].

Generally, the characterization of biological 
processes associated with in  vivo implantation 
starts with a histological analysis in order to visu-
alize and/or differentiate microscopic structures. 
This analysis is enhanced by the use of different 
staining that dye specific tissue components, such 
as connective tissue, elastic fibers, blood cells, 
and basement membrane. However, when the 
biological material is collected, it is necessary to 
assess some histopathological outcomes, such as 
herniations and/or adhesions.

The preparation of samples for histological 
analysis comprises five steps. The first step is the 
fixation of samples using chemical fixatives (the 
most used is 10% neutral buffered formalin). 
Sample fixation will avoid tissue degradation and 
maintain cellular structures and subcellular com-
ponents. In the second step, the sample must be 
dehydrated, normally using a sequence of 
increasing concentrations of ethanol. The aim of 
this step is to remove the water from the tissue, 
replacing it with a hard matrix (generally molten 
paraffin wax), allowing the cut of thin sections 
(typically of 5 μm). So, xylene is used to remove 
ethanol from the sample, and then molten paraffin 
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wax infiltrates in the tissue to replace xylene. The 
third step consists in the external embedding of 
the material. Samples are placed in molds with an 
embedding liquid, such as agar, gelatin, or wax. 
These liquids are then hardened. The most com-
mon method used for biological tissues is the 
formalin-fixed paraffin-embedded (PPFE) tissues 
because it allows samples to be stored indefi-
nitely at room temperature and also because of 
the recovery of nucleic acids (DNA and RNA) in 
the samples. Sample sectioning and mounting on 
a glass microscope slide is the fourth step. Sample 
sections can be cut in different directions, such as 
vertical (longitudinal sections, by cutting perpen-
dicularly to the surface of the tissue), horizontal 
(transverse sections), or transversely. The last 
step deals with section staining, since biological 
tissues have little inherent contrast in light or 
electron microscope [99].

Eosin and hematoxylin (E&H) is the most fre-
quently used histological staining. Eosin is an 
acid dye that stains the cytoplasm pink, and 
hematoxylin is a basic dye that stains the nuclei 
dark blue/black due to the affinity to nucleic 
acids. Moreover, muscle fibers appear in deep 
red, red blood cells (RBCs) in orange red, and 
fibrin in deep pink. This staining is widely used 
to analyze foreign-body response, allowing the 
identification of capsule formation, FBGCs, and 
macrophages [13]. Additionally, it can also be 
used to identify the formation of new tissue. 
Other histological stainings may be used depend-
ing on the goals of the study. For example, 
Masson’s trichrome staining is commonly used 
for connective tissue: staining cartilage and col-
lagen fibers in blue or green, muscle fibers in red, 
nuclei in black, cytoplasm in red or pink, and 
RBCs in red [100].

In accordance with the purpose of the study, 
immunostaining may be necessary to be per-
formed. Immunostaining is an antibody-based 
method enabling to detect a specific protein in a 
sample and may be performed in fresh tissue or 
in histological sections mounted in glass micro-
scope slides after antigen retrieval. In each histol-
ogy section, different parameters must be 
evaluated, such as the number (expression) of 
inflammatory cells (neutrophils, plasma cells, 
lymphocytes, and macrophages), FBGCs, the 

severity of necrosis, the extent of neovasculariza-
tion, fibrosis, and fatty infiltration [101–103].

8.4  Humanized Mouse Models

Currently, there are no set standards that recapit-
ulate the human immune response for preclinical 
evaluations, often leading to poor or unexpected 
outcomes in human recipients. One major chal-
lenge is that the commonly used animal models 
in these preclinical studies, such as the wild-type 
or immunodeficient murine models, provide a 
limited representation of the human immune 
response. In fact, it is known that human immune 
cells have several unique characteristics and 
interactions that are not observed in murine cells 
[104–106]. One method that is used to address 
this challenge is the use of humanized immune 
system mouse model. Humanized mouse model 
are created by the implantation of human tissue 
(e.g., cells or genes) into mouse, which will allow 
these animals to produce functional human cells 
and gene products in vivo. These types of mice 
have been advantageous in the studies of human 
diseases involving human–immune cell interac-
tions, such as, infectious diseases [107], oncol-
ogy [108], testing for potential graft rejection 
[109], and therapeutic toxicity [110]. Regarding 
the biomaterial field, the humanized mice can be 
a powerful tool that provides a potential platform 
for improving our understanding and tailoring 
our biomaterials for safer and more effective 
interactions with the human immune response. 
Humanized mice are classified as chimeric mice 
that were transgenically or surgically modified 
by the integration of human cells, tissue, and/or 
genes to generate models of human biological 
responses. The generation of humanized mice 
producing human immune cells stems from the 
discovery of genetic mutations creating immuno-
deficient mouse lines that allow for the 
 engraftment of multiple human-derived tissues 
and cells. In fact, particular practices and selec-
tions have a greater reconstitution of the human 
immune response, which leads to the numerous 
versions of humanized mice [111].

The first model of humanized mice involved 
the engraftment of human peripheral blood  
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lymphocyte in SCID mice (Hu-PBL-SCID)  
by the injection of mature human peripheral  
lymphocytes [112]. Additionally, a human  
SCID- repopulating cell NOD-SCID (Hu-SRC-
NOD-SCID) mice was also developed by intrave-
nous injection of human CD34+ cells derived 
from fetal liver, cord blood, bone marrow, or 
G-CSF cytokine-mobilized peripheral blood 
mononuclear cells [113]. In order to overcome 
some limitations observed in the first model, 
including (1) the engrafted human T and B cells, 
which are present only for a limited period of 
time; (2) the human T cells that interacted with 
the host MHC molecules, inducing a xenogeneic 
graft-versus-host disease response; and (3) the 
development of T cell, which is limited due to the 
lack of human thymic tissue in the host animal 
[114], the SCID-Human (SCID-Hu) model was 
developed. In this humanized mice model, there 
is a co-implantation of human fetal thymus and 
liver under the kidney capsule of SCID mice 
[115]. These mice developed autologous thymic 
educated and human leukocyte antigen- (HLA-) 
restricted T cells in vivo, making it an excellent 
model for HIV studies [116]. However, the level 
of hematopoietic lineage cells was low, and the 
functionality of the human immune system was 
poor [117]. Thus, the bone marrow, liver, thymus 
(BLT) humanized mouse was developed being a 
modification of the SCID-Hu model. This model 
is generated by the co-implantation of human 
fetal liver and thymus under the kidney capsule 
along with the intravenous injection of the autol-
ogous human CD34+ cells, with the maturation 
occurring in the implanted autologous thymic tis-
sues, resulting in a long-term and systematic 
repopulation of multiple lineages of hematopoi-
etic cells in the mouse [118]. Additionally, human 
T cells are developed with a human HLA-
restricted T cell. However, it was demonstrated in 
the long-term studies that BLT humanized mice 
are susceptible to thymic lymphoma, giving them 
a short life span and limiting long-term studies 
[119]. Thus, issues with thymic lymphoma devel-
opment can be mitigated by the use of NOD-SCID 
IL2Rgamma(null) (NSG) host mouse [120].

Regarding in vivo biomaterial assessment, the 
humanized mouse model generated by human 

thymus implantation and intravenous transfusion 
of human CD34+ fetal liver cells were used to 
evaluate the immune response of decellularized 
cardiac extracellular matrix (ECM) hydrogels 
[121]. Humanized mice have also been used for 
the biocompatibility assessment of cellular grafts 
(human embryonic stem cell allografts) that can 
also be useful for biomaterial assessment as a 
delivery vehicle for cellular therapies [122]. In 
addition, recent studies have demonstrated the 
power of humanized mice in evaluating the 
immunogenicity of cells derived from human- 
induced pluripotent stem cells [123]. Thus, the 
humanized mouse model could be further used to 
assess the potential benefits or complications that 
can occur when stem cells are used in synergy 
with the biomaterials; therefore, additional modi-
fications to the standard models can also provide 
insight into specific patient populations of inter-
est. In fact, these mice models allow for more 
personalized immune assessments and therapy 
developments to be validated in patient popula-
tions susceptible to unexpected immune 
responses.

In summary, although humanized mouse mod-
els do provide an improved representation of the 
human immune response, there are some limita-
tions that should be considered, demonstrating 
that further research is needed to improve and 
expand the capabilities of humanized mice as 
representative models of the human immune 
response. Nevertheless, humanized mice models 
can provide a critical tool for a more effective and 
safe translation of novel therapies in the rapidly 
developing biomaterial field.

8.5  Conclusions and Future 
Perspectives

Tissue-engineered devices are combinations of 
biological–biomaterial in which some compo-
nents of tissue have been combined with a bio-
material to create a device for the regeneration of 
tissue or organ function. The development of new 
biomaterials requires an in-depth understanding 
of the biological responses to implanted 
biomaterials.
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The inflammatory response is the first step of 
wound healing but is also the underlying reason 
for the failure of many implanted scaffolds. 
However, the immune system remains the most 
significant critical issue for the development of 
tissue engineering. Once a biomaterial device is 
implanted, a sequence of events takes place lead-
ing to the formation of FBGCs at the biomaterial–
tissue interface. However, the type of cellular and 
tissue response to the implant is dependent on the 
nature of the implanted biomaterials. It is known 
that several immune cell subpopulations and 
immune-modulating factors are involved in the 
different phases of healing; however, the impact 
of material properties on immune activation and 
through which mechanisms this activation occurs 
still need to be fully elucidated. In fact, it is of 
great importance to understand the process of the 
innate immune inflammation by which neutro-
phils and monocytes or macrophages can be acti-
vated by biomaterials devices. Additionally, it is 
important to clarify why some macrophages shift 
from an inflammatory to an anti-inflammatory 
phenotype in certain types of tissues, while a dis-
tinct population of anti- inflammatory macro-
phages is mobilized in others.

The increasing knowledge and awareness 
deriving from biological systems and new struc-
tural, chemical, and physical understandings of 
human-derived biomaterials, together with 
advances in the synthesis of new biomaterials, 
will open the way to a new and more sophisti-
cated device designs and scaffolding technology. 
The future of this field will continue to grow and 
evolve with the collaborative development of 
tissue- engineered products that offer simple 
solutions to complex problems. Nevertheless, we 
should also be interested in knowing what the 
safety of immune-engineered biomaterials and 
their long-term efficacy will be.
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Abstract

In the tissue engineering research field, nanobio-
materials highlight the impact of novel bioactive 
materials in both current applications and their 
potentials in future progress for tissue engineer-
ing and regenerative medicine. Tissue engineer-
ing is a well-investigated and challenging 
biomedical field, with promising perspectives to 
improve and support quality of life for the 
patient. To assess the response of those extracel-
lular matrices (ECMs), induced by biomedical 
materials, this review will focus on cell response 
to natural biomaterials for biocompatibility.
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9.1  Introduction

A biomaterial has been formally defined as a sys-
temically and pharmacologically inert substance 
designed to be implanted in or associated with 
life systems by the Clemson University Advisory 
Board for Biomaterials [1]. Other definitions 
include “non-living materials for medical devices 
that are designed to interact with the biological 
systems” [2], “synthetic and natural source mate-
rials in contact with tissues, blood and biological 
fluids, and intended for use in prosthetics, diag-
nosis, treatment or storage applications without 
adversely affecting the organisms and their com-
ponents” [3], as well as “any combination of sub-
stances, drugs or substances of synthetic or 
natural in origin, which may be used at any time, 
as a whole or as a part of a system of treating, 
enhancing or replacing any tissue, organ or func-
tion of the body” [4].

Biomedical materials can be roughly classi-
fied into several types by the tissue response. 
One is a bioinert biomaterial which once placed 
in the human body has minimal interaction with 
its surrounding tissue. Another is a bioactive 
biomaterial that interacts with the surrounding 
bones when placed in a human body and, in 
some cases, even with soft tissues. The other is 
a bio-absorbable biomaterial that starts to dis-
solve when placed in a human body and is 
slowly replaced by propelling tissue such as 
bone. Since more substances are treated as bio-
materials, it becomes important to distinguish 
suitable ones from unfit products or materials 
which have not been thoroughly evaluated. 
Materials which can be used as a biomaterial 
need to meet several strict restrictions. First, a 
biological material must be biocompatible. It 
should not cause any adverse reaction in the 
body, and vice versa. In addition, it should be 
nontoxic and non-carcinogenic. Also, the bio-
material should have sufficient physical and 
mechanical properties to be used as an enhance-
ment or replacement for a designated part or 
function in the human body.

When the material is placed into the human 
body, the tissue reacts to the implant in a variety 

of ways dependent upon the type of material. The 
composition of the material and the surrounding 
environment determines the properties to be 
considered.

As the medical devices/medical materials are 
implanted into the organism, they may induce 
nontoxic reactions or severe inflammation. If the 
surrounding tissues grow normally and the 
implanted organism survives, biocompatibility 
has been achieved.

The biggest problem in the development of bio-
medical materials is the cell/tissue reactions such 
as blood coagulation, immune response, carcinoge-
nicity caused by long-term material contact to the 
human body, as well as the decrease of mechanical 
strength and cytotoxic substances released by deg-
radation and abrasion. Thus, the primary part in the 
development of biomedical materials is evaluation 
to minimize the host reaction.

9.2  Biocompatibility Assessment 
Test Planning

Biocompatibility of biomaterials is a term 
widely used in science, but there still exists a 
lot of uncertainty about what it practically 
means and the mechanisms of the phenomena 
that collectively constitute biocompatibility. By 
definition, it is a measurement of the compati-
bility of the device with the biological system. 
The aim of conducting biocompatibility tests is 
to determine the suitability of the device for 
human use and to check if the use of the device 
may induce any potentially harmful physiologi-
cal effects.

The biocompatibility assessment is mainly to 
determine potential toxins. When the materials 
are used for medical equipment, these toxins may 
be released after exposure to the human body and 
may cause damage or disease. In addition to the 
beneficial tissue responses and the clinically rel-
evant properties of the biological materials, cyto-
toxicity, stimulatory response, allergic test, 
implantation effects, genotoxicity, carcinogenic-
ity, and biodegradability are considered to be the 
components of biocompatibility.
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9.2.1  Cytotoxicity

The cytotoxicity tests are in vitro tests in mam-
malian cells which are a useful initial step in 
determining the potential toxicity of biomateri-
als. Those biomaterials are used to contact test 
cells in vitro with different contact methods, and 
then the biological parameters of the cells are 
tested for the biological response of the medical 
devices, materials, or their extracts. Thus, the 
cellular toxicity studies play an important role in 
the successful development of the minimal to no 
toxicity biomaterial preparation. The definition 
of cytotoxicity may contain a wide and vague 
interpretation. Sometimes acute toxicity is also 
considered for inclusion [5]. For an in vitro cell 
culture system where the substance is interfered 
with cell attachment, it may significantly alter 
morphology, adversely affect cell growth rate, or 
cause cell death. Thus, it is considered to be 
cytotoxic [6]. Examples of basic metabolic func-
tions shared by all cells include maintenance of 
cell mitochondrial activity, membrane integrity, 
and protein synthesis [7]. Due to the metabolic 
rate, different organs may contain different lev-
els of activity. It is speculated that in some cases, 
mammalian target organ toxicity reflects the 
underlying cytotoxicity of chemicals assigned to 
affected organs [7].

9.2.2  Stimulatory Response

The stimulatory response tests are assessed for 
the biomaterials, medical devices, and their 
extracts at appropriate implant sites (skin, eye, 
mucosa, etc.) to evaluate the irritation. Those test 
methods were selected for the special signal 
pathways to determine the irritation after expo-
sure or contact to medical equipment, materials, 
and their extracts. The stimulatory response is a 
dose (or concentration)-response relationship in 
which low concentrations of other toxic sub-
stances result in an increase in one or more bio-
logical responses.

Recent research in the field of biomaterials 
has shown that the functional porous biomateri-

als in regenerative medicine have the ability to 
activate the immune system, even in the absence 
of other immune stimuli, or the potential to 
reduce the need for the replacement of damaged 
tissue. Some research results suggest that these 
reactions may be influenced by the physico-
chemical properties of the material [8]. Although 
it has been repeatedly suggested that stimula-
tory effects should be included in the default 
model of toxicology, they are not even used as 
secondary models in risk assessment [9].

9.2.3  Allergic Test

Allergic contact inflammation is acquired 
through previous sensitization with a foreign 
substance. Allergic tests are used in appropriate 
experimental models to assess contact allergies 
or allergenic reactions caused by biomaterials, 
medical devices, and/or their extracts. Any 
exposure to trace amount of potential eluate 
may cause allergic or sensitizing reactions. 
Exposures may induce allergic reactions, which 
are caused by the complex cellular activation 
and the humoral immune mechanisms. If the 
biomaterial is suitable for intradermal injection, 
it is recommended to maximize the test. The 
closed-patch test is the non-extractable selec-
tion test, or when the extract or material may be 
applied topically [10].

9.2.4  Implantation Effects

Biomaterial implantation may induce edema for-
mation and focal hemorrhage that cause the 
enrichment of protein interstitial fluid. Within a 
few seconds of implantation, the protein interacts 
with the surface of biomaterial and over time 
forms as a proteinaceous coating. The evaluation 
of the host response to implanted biomaterials is 
usually focused on the tissue response at the site 
of implantation. A broader perspective reveals 
various possible and actual systemic effects of 
carcinogenic, metabolic, immunological, and 
bacterial properties [11].
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For the implantation effect, the acute systemic 
toxicity evaluation and systemic effects are 
required for all devices which have direct or indi-
rect contact with blood. Also, the hemocompati-
bility needs to be considered for biomaterials. 
For medical devices that are exposed to blood 
(regardless of exposure time), it is recommended 
to consider hemolytic, immunological (comple-
mentary activity), and thrombogenicity tests. 
Indirect blood contact with medical equipment is 
generally not required for complement activity 
and in vivo thrombogenicity testing.

9.2.5  Genotoxicity

If the biomaterials are indicated by the chemistry 
and/or composition or if in vitro test results indi-
cate potential genotoxicity, the in vivo genotoxic-
ity tests are required. If the result of the injury is 
a substance that causes a sudden change in the 
cytogenetic gene or a chromosomal abnormality, 
the concentration of a mutagenic substance 
(mutagenic substance or mutagen) may need to 
be increased for carcinogenicity. For the geno-
toxicity tests, at least three in vitro assays should 
be required and two of them should be done in 
mammalian cells. For the initial in vitro assays, it 
should include the three kinds of genotoxic 
effects: DNA destruction, gene mutations, and 
chromosomal aberrations [12].

9.2.6  Carcinogenicity

Reproductive and developmental toxicity testing 
uses rodents and rabbits as test animals to assess 
such toxicity before, during, and after lactation to 
provide an understanding of the product’s fertil-
ity, embryo toxicity, and neonatal and maternal 
lactation and the possibility of the malformations 
of causing teratogenesis. Usually, the carcinoge-
nicity tests should be considered when the data 
from other experiment suggest a tendency of 
tumor formation. The conventional tests for car-
cinogenicity and chronic toxicity should be 
planned in a single experimental design in which 

the long-term rodent carcinogenicity bioassay 
requires 2 years [13].

9.2.7  Biodegradability

The degradation of biomaterials is always a seri-
ous issue for the medical device whether it is to 
prevent the degradation of implantable devices or 
to predict the amount of degradation of tissue 
engineering scaffolds or drug-releasing elements. 
In recent years, polymer science has been devel-
oped tremendously. Researchers have made some 
major discoveries and advances in this research 
field. It resulted in a new era of polymer science, 
especially biodegradable polymers. The suitabil-
ity of polymers for biomedical applications 
depends on its biocompatibility, degradation pro-
cess, and non-immunogenicity. Biodegradable 
polymers play an important role in therapeutics 
and drug delivery, which is advantageous in the 
tissue engineering [14].

Biodegradation tests are used to determine the 
biodegradability of a product in a given or 
intended use environment. Biodegradation testing 
of plastics is usually carried out under the condi-
tions close to commercial composting; liquid bio-
degradation tests are carried out in representative 
aquatic systems. The US Food and Drug 
Administration recommends that when biode-
gradable designs are used, live biodegradability 
tests are performed on applicable animal models.

9.3  Traditional Biomaterials

Metal is the most diffusely used biomaterial for 
load-bearing implants. While many metals and 
their alloys are used in medical device applica-
tions, the most widely used are stainless steel, 
commercial pure titanium and titanium alloys, 
and cobalt-based alloys. The biocompatibility of 
the metal implant is very worrying because these 
implants may corrode when exposed to the 
in  vivo environment [15]. The consequence of 
corrosion is the disintegration of the implant 
material itself, which may weaken the implant 
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and cause harmful effects of corrosion products 
on surrounding tissues and organs [16].

The motivations for using ceramics are (1) 
their inertness in the living body, (2) their ability 
to be shaped into various shapes and pores, (3) 
their high compressive strength, and (4) their 
excellent wear characteristics in some cases. 
Ceramics have traditionally been widely used as 
dental restorative materials. However, the poor 
fracture toughness of ceramics has severely lim-
ited their application in load-bearing uses. Thus, 
compared to metals and polymers, ceramic use in 
other fields of biomedicine is not so extensive.

There are a large number of polymeric mate-
rials that have been used as part of an implant or 
implant system. The main advantages of poly-
mer biomaterials compared to metal or ceramic 
materials are their ease of manufacture to pro-
duce various shapes (latex, film, sheet, fiber, 
etc.), ease of secondary processing, reasonable 
cost, and the availability of required physical 
and mechanical properties. Their applications 
include facial prosthesis, artificial blood vessels 
and heart valves, catheters, tracheal tubes, hip 
and knee joint replacement, and artificial liver, 
heart, bladder, kidney, and pancreas.

The biologically derived materials are pro-
teins and polysaccharides extracted from the 
extracellular matrix of an organism or human 
source. These materials also may be characteris-
tically bioactive and biodegradable, which can be 
induced to improve human compatibility with 
contact tissue regeneration. Those materials can 
also be used as cosmetic medicine fillers or artifi-
cial skin. However, most of those materials also 
lack mechanical strength. These types of biomed-
ical materials can also be combined with other 
composite materials to increase compatibility 
with the human body.

The term “composite” in composite biomate-
rials generally retains several materials in which 
the different phases are separated at a level 
greater than the atomic scale, wherein properties 
such as elastic modulus are significantly different 
compared to the properties of the homogeneous 
material. Composite materials have unique prop-
erties and are generally stronger than any single 
materials from which they are made. Moreover, 

composite materials are widely used in artificial 
joints, where their combination of low density/
weight and high strength makes them ideal mate-
rials for those clinical applications.

9.4  Natural Materials

At present, biomedical materials are generally 
divided into four categories, which included met-
als, ceramics, polymer materials, and biological 
materials. However, the biodegradable materials, 
another class of advance materials, are receiving 
increasing attention. For example, the absorbable 
suture materials are used to hold the wound 
together but resorb in the body and make the 
wound heal and gain strength with natural 
growth. Certain wound dressings and ceramic 
bone reinforcements promote tissue growth by 
providing a stent. The scaffold material can be or 
not absorbed over a period of time, but in each 
case, the native tissue has grown into space and 
then restored to natural function. Another appli-
cation of biodegradable materials is used for drug 
delivery. When these materials are placed in the 
body and the drug is released upon degradation 
of the material, certain drugs can be chemically 
bonded to the biodegradable material to provide 
the local persistence of the drug during a predict-
able period of time.

Except the synthetic materials mentioned 
above, several natural biomaterials derived 
from animals or plants are being considered for 
use as biomaterials that deserve discussion. 
Natural biomaterials do not usually cause the 
toxic problems, which are often induced by 
synthetic materials. Besides, they can carry 
specific protein binding sites and induce other 
biochemical signal pathways that may contrib-
ute to the tissue healing or integration. The 
natural materials include collagen, coral, chitin 
(from insects and crustaceans), keratin (from 
hair), organism, hyaluronic acid, alginic acid, 
and cellulose. In the following article, we will 
focus on several polymer biomaterials that 
more and more researchers have investigated in 
recent years such as hyaluronic acid (HA), chi-
tosan (CS), silk fibroin (SF), collagen, alginate, 
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and some polymeric micelles. The advantages 
and disadvantages of the natural materials are 
listed in Table 9.1.

The schematic representation of some possi-
ble signaling pathways activated by HA, CS, and 
SF which may regulate metabolism of proliferat-
ing cells is shown in Fig. 9.1. The cell-biomate-
rial interaction may activate PI3K/AKT1/mTOR 
pathway, which is responsible for cell prolifera-
tion and is required for cell survival. When 
GSK3B binds to APP and SPARC, the PI3K/
AKT1/mTOR pathway can also be stimulated by 
GSK3B. The hypothesis of the mTOR pathway is 
that it acts as the primary switch for cell catabo-

lism and anabolism, thereby determining cell 
growth and proliferation. For most cells, the 
PI3K/AKT/mTOR signal is activated by muta-
tions in the pathway components and the activa-
tion of upstream signaling molecules, resulting in 
deregulation of proliferation, resistance to apop-
tosis, and alteration of metabolic properties of 
transformed cells [17].

9.4.1  Hyaluronic Acid

HA polymers, the poly-disaccharides composed 
of D-glucuronic acid and D-N-acetylglucosamine, 
can range from 5000 to 20,000,000 daltons and are 
one of the major components of extracellular 
matrix in connective tissues [18, 19]. HA appears 
relatively late in the evolution because its presence 
in organisms is usually observed after the appear-
ance of chordate [20]. HA is in nearly all human 
tissues and also in other vertebrates; however, it is 
not found in fungi, plants, and insects [21].

HA interacts with extracellular molecules to 
form a complex extracellular matrix (ECM) and is 
involved in regulating of cell growth, differentia-
tion, and migration. It is recognized by cell sur-
face receptors, which include CD44, receptor for 
hyaluronic acid-mediated motility (RHAMM), 
and some Toll-like receptors. Binding of HA to 
these cell membrane receptors may result in acti-
vation of intracellular signaling pathways or cell 
uptake of cellular HA.  Recently, HA has been 
shown to be one of the key regulators of various 
human tumors influencing cell proliferation rates, 
altering cell motility, controlling malignancy, and 
mediating angiogenesis [22, 23]. In many differ-
ent types of tumors, the HA receptors, such as 
CD44 and RHAMM, are highly expressed and 
activated, which may promote cell infiltration and 
tumor malignancy [24, 25].

HA has been reported as a significant factor in 
a wide range of medical and biological material 
fields, such as reactive oxygen species, angiogen-
esis, cancer, lung injury, liver injury, kidney 
injury, brain injury, diabetes, leukocyte traffick-
ing, and immune regulation [26, 27]. It also plays 
important roles in neural proliferation, differen-
tiation, migration, survival, and cell signaling 

Table 9.1 The advantages and disadvantages of the natu-
ral materials

Advantages Disadvantages
Hyaluronic 
acid

Highly flexible
Non-allergenic and 
non-inflammatory 
properties
Viscoelastic, 
muco-adhesive, and 
hydrophilic

Skin dependent
Extremely drying
Stomach 
discomfort

Chitosan Nontoxic, 
biocompatible, and 
biodegradable 
properties
Chemo-attraction 
characteristic

Insoluble in 
organic solvents
Lacking 
thermoplastic 
properties

Silk fibroin Low 
immunogenicity
Non-
thrombogenicity
Anti-inflammatory 
properties

Fragility after 
insolubilization

Polymeric 
micelles

Longer half-life
Lower adverse 
toxicity

Dissociate very 
slowly
High cost of 
preparation
Deformation and 
disassembly

Collagen Resorbable
Nontoxic with 
minimal immune 
response

Possibly cause 
alteration of cell 
behavior
Possibly undergo 
contraction

Alginate Biodegradable
Nontoxic and 
non-inflammatory 
properties
Controllable 
porosity

Weakness
Poor cell 
adhesion
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[28]. HA is highly flexible and therefore has dif-
ferent shapes and configurations which may 
affect its mechanical and molecular signaling 
functions and makes it as an ideal choice for a 
variety of biomedical applications [29–31]. For 
medical applications, HA is exploited for several 
products, including viscoelastic supplementa-
tion, drug delivery, ophthalmic surgery, tissue 
regeneration, and embryo protection. Several dif-
ferent levels of HA biomaterial products have 
been created with properties including durability 
and controlled therapeutic properties. Unlike 
other materials (such as CS derivatives), there are 
several advantages for the biomaterials and scaf-
folds made by HA, particularly the non-aller-
genic and non-inflammatory properties. Thus, 
HA has become the most adaptive biopolymer, 
which is mainly involved in tissue regeneration 
and medicine, including ophthalmology, derma-
tology, and orthopedics [32–34].

HA is an important raw material in the research 
of biomaterials. It is widely used as a filler, hydro-
gel material, cell carrier, and drug delivery system 
in surgical applications. The ease of separation 
and production and extensive biological activity 
make HA as a very attractive target for the system 
development of therapeutic biomaterial.

The excellent viscoelasticity, muco-adhe-
siveness, and hydrophilicity of HA make it use-
ful in a variety of drug delivery applications. It 
can be used for topical and parenteral adminis-
tration. For topical use, HA forms as a film on 
the surface of the skin or on the cornea that pro-
tects the drug carried by the HA and forms a 
reservoir for slow release of the drug, which 
can increase drug retention and efficiency. 
Since HA is essentially a polyanion under 
physiological conditions, it is widely used in 
coatings using polymeric charging properties. 
Typically, the coating is designed to induce a 

Fig. 9.1 Schematic representation of some possible signaling pathways activated by HA, CS, and SF which may regu-
late metabolism of proliferating cells
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favorable response from cells introduced onto 
the surrounding tissue of the implant [35]. For 
example, growth factors are important for regu-
lating cellular processes, such as angiogenesis 
[36]. For tissue regeneration, ideal growth fac-
tor delivery should be continuous.

HA is critical for brain development, especially 
for the postnatal brain in areas near the lateral ven-
tricle where stem cells are located [37, 38]. It is 
reported to be an important factor in a wide range 
of medical and biological fields such as reactive 
oxygen species; angiogenesis; cancer, lung, liver, 
kidney, and brain damage; diabetes and leukocyte 
trafficking; and immune regulation [39, 40]. It also 
plays an important role in neural proliferation, dif-
ferentiation, migration, and survival and cell sig-
naling [41]. HA-induced signal transduction is 
dependent on cell surface receptor interactions, and 
upon intravenous injection, HA targets specific 
receptors, including cluster determinant 44 (CD44) 
and Toll-like receptor 4 (TLR4) [42]. Thus, HA 
selectively delivers the drug to areas where these 
receptors are elevated [30, 43–45]. The non-immu-
nogenic properties of HA are beneficial in paren-
teral/pulmonary drug delivery systems to achieve 
stable release or prolonged maintenance of various 
agents. The direct binding of HA to cytotoxic drugs 
such as paclitaxel, doxorubicin, and butyric acid 
can be internalized by cancer cells through recep-
tor-mediated endocytosis, releasing active drugs 
and restoring their natural cytotoxicity [46]. In the 
central nervous system, the level of HA expression 
is elevated at the site of injury. High molecular 
weight HA is digested by hyaluronidase into 
smaller fragments; these products activate down-
stream signal transduction, regulate progenitor cell 
differentiation and proliferation, and promote 
nerve repair [44]. It also has the advantage of being 
a scaffolding material and can be combined with a 
binder peptide or other ECM component to provide 
cell attachment. Previous studies have shown that a 
combination scaffold consisting of fibrin with HA 
and laminin provides biomaterial properties to 
enable cells to polymerize. This mimics the natural 
tissues of the brain and supports the differentiation 
of human neural stem/progenitor cells (hNSPC) 
function [47]. Currently, HA-based biomaterials 
are used to regulate cell differentiation and bind 

growth factors or ECM components for tissue engi-
neering purposes for tissue repair [48]. In the 
future, there is reason to expect development of 
more HA derivatives for regenerative medicine, 
especially immunomodulation, angiogenesis, 
nerve regeneration and HA-containing hybrid 
materials.

9.4.2  Chitosan

Chitosan (CS), a biocompatible and biodegradable 
polymer, is the most abundant ingredient in the 
shell of krill, lobster, crawfish, shrimp, and crab. It 
is a modified natural carbohydrate polymer pre-
pared by the partial N-deacetylation of chitin com-
posed of β-(1➔4)-linked D-glucosamine residues, 
obtained by partial N-deacetylation of chitin (pri-
mary unit: 2-deoxy-2-(acetylamino) glucose). 
Thus, chitosan is usually not a homopolymer of 
D-glucosamine but a copolymer containing less 
than 40% N-acetyl-D-glucosamine residues. This 
polyaminosaccharide polymer and its derivatives 
have polycationic properties, due to the presence 
of large numerous amino groupings [49, 50], 
excellent chemical and biological properties, and 
nontoxicity and biocompatibility, making them 
very attractive for applications in many areas such 
as biology, chemistry, pharmaceuticals, medicine, 
agriculture, food, and environment (water and 
waste treatment) [51, 52]. CS has amino/acet-
amido groups along with both primary and sec-
ondary hydroxyl functional reactive groups at C-2, 
C-3, and C-6 positions, respectively. The arrange-
ment and distribution of these functional groups 
are the major factors affecting to the structural, 
physical, and chemical properties of CS [53, 54]. 
Due to its unique biological effect, CS has received 
extensive attention as a biomedical material for 
anti-obesity [55], anti-hypertensive [56], 
anti-bacterial [57], anti-tumor [58], anti-inflam-
matory [59], and anti-oxidant [60] properties.

CS has been proposed for the development of 
hemodialysis and blood oxygenators, membranes 
and fibers for skin substitutes, wound dressings, 
and suture materials, for immobilization of 
enzymes and cells for binding to bile and fatty 
acids, and as a carrier for drug or gene delivery 
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[61, 62]. CS has a chemo-attraction characteristic 
that promotes the wound healing process or a 
high capacity that forms a complex with inor-
ganic and biochemical substances for tissue engi-
neering in bone regeneration [54, 63]. It also has 
the ability to activate complement and coagula-
tion systems in blood [64], although it is suitable 
for applications involving blood contact such as 
hemodialysis membranes. CS-based biomaterials 
show great potential in a variety of biotechno-
logical applications. Although chitosan is suit-
able for medical applications and involves blood 
contact, such as hemodialysis membranes, chito-
san promotes surface-induced thrombosis and 
embolism; it is also a bioactive carbohydrate 
polymer that may be used for tissue engineering 
and gene or drug delivery. However, none of 
them are totally free of shortcomings. For exam-
ple, CS is water-insoluble, which is the most 
important limiting factor for its use in biological 
systems. CS also prevents the absorption of the 
required vitamins and minerals. People who are 
allergic to shellfish may also be at risk.

Due to its low water solubility, being insoluble 
in organic solvents, and lacking thermoplastic 
properties, CS has limited use in some areas. 
Chemical modification may be useful to solve 
these problems. Grafting is a modification tech-
nique in which a polymer is covalently bonded to 
the backbone of the parent polymer (matrix). 
This method changes the surface characteristics, 
while the modified product retains the overall 
properties of the parent polymer. Due to its cova-
lent nature, the grafting can reduce the absorption 
and delivers long-term chemical stability. In 
recent years, the chemical modification of poly-
saccharides has received more and more atten-
tion, opening up prospects for the application of 
these modified macromolecules in different fields 
[65, 66]. In the modification process, graft 
polymerization is a promising strategy for intro-
ducing various functional groups into polymers 
[67]. Chung et al. have also reported that grafting 
of CS as a scaffold onto polycaprolactone (PCL) 
can increase the growth rate of fibroblasts or 
PC12 cells in the biomaterials of a neurocatheter 
[68, 69]. With the rapid development of nano-
technology in medical research, various polymer-

based multifunctional nanoparticles (NPs) have 
been developed and are generally used to simul-
taneously diagnose and treat serious diseases 
such as cancer or malignant tumors [70–72]. 
Carbohydrate-based biodegradable polymers are 
often used to prepare nano-formulations. They 
are more favored than synthetic polymers, due to 
the biocompatibility, negligible toxicity, adequate 
stability, and high potential for functionalization 
and modification [73–75]. CS nanoparticles pre-
pared by ion gel technology were first reported 
[76]. The positive charge of CS makes it possible 
to target negatively charged cell surfaces and 
receptors expressed by various cancer cells and 
cancer stem cell-like cells such as CD44. High 
uptake of CS-coated NPs by cancer cells has 
been reported to have induced the cytotoxicity 
six times higher than free doxorubicin [77]. 
Recent development in CS-based nano-systems 
multi-functionalized with agent has demon-
strated that CS is a versatile polymer for targeted 
imaging and therapy.

9.4.3  Silk Fibroin

Silk fibroin (SF) is an insoluble fibrous polymer 
protein with a large hydrophobic domain, which is 
composed of anti-parallel β-sheets that can be eas-
ily purified into silk-based biomaterials without 
sericin. It can be from the larvae of Bombyx man-
darina and Bombyx mori, the moths such as 
Antheraea, Cricula, Samia, and Gonometa, silk-
worm cocoons (such as Nephila clavipes) or spi-
ders. SF is the essential component of the fabric 
mesh [78]. The primary structure of SF is charac-
terized by a natural block copolymer comprising a 
hydrophobic block of a short side chain amino 
acid which has a repeat sequence, such as glycine 
and alanine, and mainly by a repeating amino acid 
sequence (Gly-Ser-Gly-Ala-Gly-Ala)n composi-
tion. The original state consists of two major pro-
teins, sericin and fibroin, which are coated with 
two layers of silk fibroin, called brins [79]. SF is a 
highly biocompatible material due to its low 
immunity, non-thrombogenic or anti-inflamma-
tory response, cell adhesion, cellular response and 
regeneration characteristics, and favorable bio-
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reactive properties [79–81]. SF-based biomaterials 
have been studied in the form of foams, fibers, 
hydrogels, granules, and scaffolds, as well as the 
application of vascular, neurological, cutaneous, 
bone, and cartilage tissue regeneration [82–87]. 
There are several additional properties of SF that 
have been mentioned. Falini et  al. reported its 
strong affinity to polysaccharides [88]. Altman 
et  al. reported its mechanical properties which 
include high strength with flexibility [89]. Yeo 
et  al. reported its swelling properties which are 
dependent on solution pH [90]. These dynamic 
properties of the SF microstructure make it as a 
unique candidate for controlled and sustained gene 
or drug delivery [80, 81]. Due to its new under-
standing of processing and mechanical strength, 
elasticity, biocompatibility, and controllable bio-
degradability, SF has been used in several other 
fields of biomedical science [80]. Previously, in 
vivo and in vitro studies indicated that the serine-
coated natural silk fibers could up-regulate inflam-
matory cytokines with increasing concentrations 
of sericin [91]. However, when the sericin coating 
was removed, the thrombogenic and inflammatory 
response of SF was eliminated [79]. Thus, SF pro-
tein polymers with sericin removed have better 
biomedical applications. These characteristics of 
SF are particularly useful for tissue engineering.

The nanoparticle is small enough to penetrate 
small capillaries, allowing enhanced cells to 
uptake the encapsulated drug or therapeutic mol-
ecule. The biocompatibility and controlled degra-
dation of SF make it as an ideal candidate for 
nanoscale drug delivery carriers. The SF nanopar-
ticle delivery platform allows for the preparation 
of therapeutic agents for the delivery of nutraceu-
ticals, drugs, genes, siRNAs, peptides, antigens, 
and other agents, such as vaccines for prophylac-
tic care, cancer, AIDS, mad cow disease, and 
Alzheimer’s disease. The SF biopolymer 
nanoparticle may also induce and activate CD44 
to enhance cell adhesion and proliferation [92].

Another application of SF is to improve the 
biocompatibility of quantum dots (QDs). The 
synthesis, characterization, and application of 
SF-coated semiconductor nanocrystals (also 
known as QD) in cell systems were reported [93, 
94]. Coating QD with SF provides a biological 

and biocompatible alternative to traditional fluo-
rescent labels for in vitro and in vivo cell imaging 
applications. Cell and tissue imaging of SF-QD 
nanoparticles reveals cell surface markers, intra-
cellular tracking, and tumor markers.

9.4.4  Collagen

Collagen, a protein which consists of various 
amino acids, plays an important role on strength of 
tissues and is widely found in mammals. Because 
collagen is also one of the structural proteins 
which is very important in extracellular matrices 
of animals, the applications associated with a vari-
ety of biomaterials are designed to create tempo-
rary scaffolding to support new tissue formations 
[95, 96]. A classic collagen molecule consists of 
three intertwined peptide chains forming a helical 
structure similar to a typical staircase. These pep-
tide molecules are brought together to form colla-
gen fibers of different length, thickness, and 
interlacing pattern. Some collagen molecules are 
formed as a rope-like structure, while other colla-
gen molecules will form a mesh or network [96–
99]. It is reported that purified collagen in the form 
of powder or solution may increase the ratio reac-
tions of insoluble matter by additive or photo-
cross-linking reactions.

Collagen can be absorbed into the body which 
produces minimal immune response, excellent 
cell attachment and biological interactions. 
Collagen can also be processed into a variety of 
forms, including porous sponges, gels, and flakes, 
and can be chemically cross-linked with many 
reagents to enhance its strength or alternatively 
change its rate of degradation. The biomedical 
applications of collagen include various types of 
surgery, cosmetic and drug delivery, and also tis-
sue engineering of multiple tissues to replicate 
the function and healing of natural tissues.

Crosslinking low cytotoxic collagen in solution 
using different methods, such as the presence of 
vitamin E [96], melanin [97], glutaraldehyde, or 
methylene sulfonate [99–101], showed useful 
information to overcome aging and complex degra-
dation of collagen. In fact, there are at least 15 dif-
ferent types of collagen with different structure, 
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function, and other characteristics. The main form 
used in biomedical applications is type I collagen, 
a rope-forming collagen that can be found almost 
anywhere in the body, including bone and skin.

However, there are some disadvantages of 
using collagen as a cellular substrate. Depending 
on how the collagen is processed, collagen may 
cause changes in cell behaviors (e.g., changes in 
growth or movement), inappropriate mechanical 
properties, or contraction (shrinkage). Since the 
interaction of cells with collagen is easy, cells can 
be actually pulled and recombined with collagen 
fibers. Interestingly, collagen can easily be com-
bined with other organisms or synthetic materials 
to improve its mechanical properties or to change 
the ways of cell behaviors.

9.4.5  Alginate

Alginate is a linear natural anionic hetero-poly-
saccharide that is extracted from natural brown 
algae, seaweed, the bacterial genera Pseudomonas 
and Azotobacter, and marine algae, which is 
composed of β-(1–4) linked D-mannuronic acid 
and α-L-guluronic acid units and has useful prop-
erties for the chemical, food, medical, and agri-
cultural industries. Degradation of alginate with 
alginate lyase is the key process for the produc-
tion of unsaturated oligo-alginate and monosac-
charide 4-deoxy-l-erythro-5-hexoseulose uronic 
acid [102]. Alginate lyases belonging to the poly-
saccharide lyase family have been found and iso-
lated in organisms thriving in various 
environments.

The most common usage of alginate in bio-
medicine is for a cell-compatible hydrogel. 
Alginate may form as the strong hydrogels in the 
presence of divalent cations (such as Ca2+) that 
interact with the carboxylic groups present in the 
alginate backbone to form ionic cross-links 
[103]. Similar to chitosan, alginate is easily pro-
cessed in water and indicated as fairly nontoxic 
and non-inflammatory.

In some countries, alginate has been approved 
for use in wound dressing and food. It is biode-
gradable, has a controlled porosity, and can be 
attached to other bioactive molecules. Alginate is 

not a preferred biological material because it lacks 
cell binding motif and exhibits poor cell adherence 
[103]. To overcome these limitations, mixing with 
other materials including the natural polymers 
such as agarose and chitosan can enhance the 
strength and cell behavior of alginate.

9.4.6  Polymeric Micelles

Polyesters are synthetic polymers with repeating 
ester linkages in the main polymer chain. A num-
ber of types of polyesters have been developed 
for biomedical applications in tissue engineering 
and drug delivery systems, such as poly(lactic 
acid) (PLA), poly(glycolic acid) (PGA), and 
poly(ε-caprolactone) (PCL), etc. Therapeutic 
effects for cancer drugs are complicated, but tra-
ditional drug delivery strategies still need 
improvement. Recently, polymeric micelles are 
having attention because their structural and 
functional aspects are similar to those of biologi-
cal transport systems [104–106]. Micelles are 
self-assembled from aqueous amphiphilic block 
copolymers, which contain a hydrophobic core 
and a hydrophilic shell. Hydrophobic nuclei are 
typically spherical in nanoscales (10–100  nm) 
and can be used as nano-containers for the effec-
tive loading of hydrophobic drugs or agents [104, 
105, 107]. Polyester micelles can be loaded with 
more than one type of bioactive compounds in a 
hydrophobic core; they are usually shielded with 
poly(ethylene glycol) (PEG) to amplify the 
effects of biocompatibility, stability, and stealth. 
Advantages of polyester micelles are longer half-
life of the biologically active compound during 
circulation, lower adverse toxicity, and, most 
importantly, elevated amount of drug delivered 
specifically for the disease site (a.k.a. increasing 
the targeting ability).

Delivery systems are the main applications of 
polyester in drugs [108]. It has been reported that 
due to impaired lymphatic drainage of the tumor, 
polyester micelles may use such distinguishing 
characteristic to be accumulated in the tumor 
[108], and this procedure is generally considered 
as “passive targeting” [109]. Some polyester 
micelles have been modified to specifically inter-
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act with highly expressed cancer cell surface 
receptors to enhance the targeting ability [109].

In addition, polyester micelles are also 
designed to have stimuli-responsive functions, 
such as pH and enzyme response, to control the 
release of cargo in tumors and to improve the 
specificity of drug delivery [110]. With advances 
in nanobiotechnology and molecular imaging 
technology, some probes and contrast agents are 
modified to the polyester micelles for tumor 
diagnosis, image-guided therapy, and therapeutic 
diagnosis [111]. However, since no functional 
groups can directly interact with the growth fac-
tors, nor can the growth factor can be easily 
attached to the surface of synthetic polymers, it 
has been proposed to modify the PLGA surface 
by a multilayer polyelectrolyte system formed by 
HA and CS [112]. The biochemical properties of 
natural materials provide a means to interact with 
growth factors and cytokines and propose more 
use of natural materials in various drug delivery 
systems.

9.5  Conclusions

Cell and tissue engineering includes the func-
tional studies of cell mechanics and cell signaling; 
mechanical transduction; biosystems engineering 
and computational biology; nanotechnology, 
microfluidics, bioMEMS, and gene chips; func-
tional tissue engineering and biomaterials; tissue 
structure functions; and cell-matrix interactions. 
Biomaterials interfaced with biological systems 
are used to deliver drugs safely and efficiently; to 
prevent, detect, and treat diseases; to help the 
body heal; and to design the functional tissues 
outside of the body to replace organs. Biomedical 
materials, in addition to being a filling material, 
have become important topics in regenerative 
medicine in recent years. The transition has been 
from permissive to promotion of biomaterials that 
are no longer bioinert but bioactive.

Tissue engineering has become a key therapeu-
tic tool for the treatment of damaged or diseased 
organs. Despite this, there is still a need to over-
come major challenges, particularly to construct 
tissues with high cell densities and to prevent post-

transplant inflammation. Understanding the inter-
actions between cells and materials is important 
for developing new materials for biological appli-
cations. Recognizing micro-environmental cues 
which affect cell phenotype and function will help 
the general understanding of cell interaction and 
provide a direct method of engineering artificial 
tissue for medical applications.

Biomaterials play an important role in regen-
erative medicine, tissue engineering, and drug 
delivery. Polymer-based biomaterials have been 
developed from natural and synthetic sources. 
Polysaccharides and proteins are recognized as 
natural polymeric biomaterials that have found 
many applications in tissue regeneration. CS is 
one of the best polysaccharides with excellent 
biocompatibility and biodegradability. It con-
sists of multifunctional groups, making it a 
potential candidate for future biomaterial devel-
opment for cell function and differentiation into 
tissue engineering. Poly-disaccharide-based bio-
materials, such as HA, have been obtained from 
animal sources and explored in tissue regenera-
tion. Although proteins are highly biocompati-
ble, SF may degrade rapidly and have low 
mechanical strength, resulting in a lack of struc-
tural support during tissue development. 
Polymeric biomaterials are also formed by 
homo-polymerization or copolymer reaction 
polymerization of one or more monomers to 
form non-biodegradable [113, 114] and biode-
gradable materials [115]. Structure, molecular 
chain length, and stereochemistry can be tailored 
by changing chemical and physical parameters 
during synthesis. There is a need to continually 
work in this area to design more potential bioma-
terials in the future.

The most common problem in the implanta-
tion of biomedical materials is that the body can-
not successfully repair itself. This condition 
causes a foreign matter reaction over a long 
period of time and drives the formation of a cap-
sule coating. Several studies have indicated that 
the surface of biomedical materials has been 
modified mainly by polymer coating and biologi-
cally derived materials which may reduce the ini-
tiation of cellular immune responses in vitro and 
promote tissue regeneration.
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A modification method utilizing bio-sourced 
materials can enhance cell differentiation and pro-
liferation in cell experiments. In past experiments, 
it has been confirmed that modification of the sur-
face by bio-derived material can easily induce cell 
activation of multiple signaling pathways to cause 
cell differentiation and proliferation.

Due to the difference in external biomaterials, 
it may affect the signal transmission mediated by 
cell surface integrin and cause different results of 
cell growth, DNA synthesis, and cell migration 
and differentiation. In this way, by changing the 
surface of the biomedical material attached to the 
cell and then changing the signal transmission by 
the integrin in the cell to affect the cell behavior, 
it will be a good application and operation of the 
cell for biomedical materials and biomedical 
engineering.
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Regulation of Stem Cell Functions 
by Micro-Patterned Structures
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Abstract

Micro-patterned surfaces have been broadly 
used to control the morphology of stem cells 
for investigation of the influence of physio-
chemical and biological cues on stem cell 
functions. Different structures of micro- 
patterned surfaces can be prepared by photoli-
thography through designing the photomask 
features. Cell spreading area, geometry, aspect 
ratio, and alignment can be regulated by the 
micro-patterned structures. Their influences 
on adipogenic, osteogenic, and smooth mus-
cle differentiation of the human bone marrow- 
derived mesenchymal stem cells are compared 
and investigated in details. Variation of cell 
morphology can trigger rearrangement of 
cytoskeleton, generating cytoskeletal mechan-
ical stimulation and consequently inducing 
differentiation of mesenchymal stem cells into 
different lineages. This chapter summarizes 
the latest development of regulation of mesen-
chymal stem cell morphology by micro- 
patterns and the influence on the behaviors 
and differentiation of the mesenchymal stem 
cells.

Keywords

Micro-patterned surface · Mesenchymal stem 
cell · Cell morphology · Cell function · 
Differentiation

10.1  Introduction

Manipulation of stem cell functions is important 
for tissue engineering and regenerative medicine. 
Various types of stem cells, such as, embryonic 
stem cells, induced pluripotent stem cells, and 
mesenchymal stem cells, have been established 
and isolated for tissue engineering and regenera-
tive medicine. In particular, mesenchymal stem 
cells (MSCs) have attracted plenty of interest due 
to their easy availability and high potential for 
regeneration of bone, cartilage, and many other 
tissues [1]. They can be harvested in many tis-
sues, such as, bone marrow, adipose tissue, and 
dental pulp, and are capable to differentiate into 
osteoblasts, adipocytes, chondrocytes, myo-
blasts, and tenocytes [2]. They have been even 
reported to differentiate into cell types other than 
mesenchymal tissues [3]. Controlling of the dif-
ferentiation of stem cells to an expected lineage 
is pivotal for the regeneration of functional tis-
sues or organs. The cells exist in their respective 
in vivo microenvironments that are important for 
the maintenance of cell functions and metabo-
lism. The microenvironments include biological 

G. Chen (*) · N. Kawazoe 
Research Center for Functional Materials, National 
Institute for Materials Science,  
Tsukuba, Ibaraki, Japan
e-mail: Guoping.CHEN@nims.go.jp

10

http://crossmark.crossref.org/dialog/?doi=10.1007/978-981-15-3262-7_10&domain=pdf
https://doi.org/10.1007/978-981-15-3262-7_10#ESM
mailto:Guoping.CHEN@nims.go.jp


142

and physicochemical cues to dictate cell migra-
tion, adhesion, proliferation, differentiation, and 
secretion of extracellular matrix secretion. 
Biological cues, such as, cell–cell interaction and 
cell–ECM interaction, and physicochemical 
cues, such as, chemical moiety, electrostatic 
properties, size, shape, stiffness, roughness, and 
topography, have been widely studied to eluci-
date their influence on cell behaviors, especially 
on the differentiation of stem cells [4, 5].

In the recent years, the importance of cell 
morphology in the regulation of MSC functions 
and behavior has been revealed through various 
micro structured micro-structured and nano-
structured substrates [6, 7]. By seeding the cells 
on micro-structured and nano-structured sur-
faces, the morphology of the cells is easily reg-
ulated and the influence of cell morphology on 
the MSC functions and behavior is evaluated 
[8]. A number of micro- and nano-patterning 
methods have been developed to control the 
surface structures of the cell culture biomateri-
als and scaffolds to explore the influence of the 
cell microenvironments on cell migration, pro-
liferation, polarization, and differentiation [5, 
9–12]. The micro- and nano- patterned surface 
can not only regulate cell morphology but also 
separate each of the parameters to allow analy-
sis of the independent influence of individual 
parameter.

We have used a photolithographic method by 
using a photoreactive polymer polyvinyl alcohol 
(PVA) to prepare a few types of micro-patterns 
and nano–micro hybrid patterns to control physi-
cochemical cues and cell–cell interaction during 
the cell culture. PVA is a cell adhesion- repellent 
polymer. The PVA-micro- patterned surfaces are 
stable and useful for long-term culture. The PVA-
micro-patterned surfaces have been used for 
investigating the influence of cell spreading area 
(size), cell geometry, aspect ratio, surface charge, 
cell density, cell–cell interaction, and cell protru-
sion on the adipogenic, chondrogenic, osteo-
genic, and myogenic differentiation of the human 
bone marrow-derived MSCs [13–25]. The latest 
results are summarized and discussed in this 
chapter by focusing on the parameter of cell 
spreading area, geometry, aspect ratio, and align-

ment and their influences on adipogenic, osteo-
genic, and smooth muscle differentiation of the 
human bone marrow- derived MSCs.

10.2  Design and Preparation 
and of Micro-Patterned 
Surfaces

Ultraviolet photolithography is used for prepara-
tion of PVA-micro-patterned surfaces. The pho-
toreactive PVA is firstly synthesized by 
introducing azidophenyl groups in the hydroxyl 
side groups of the PVA [13]. The photoreactive 
PVA is subsequently coated on cell-culture poly-
styrene plates that are cut from cell-culture flasks 
or dishes, which support cell adhesion. After 
drying off the coated photoreactive PVA layer in 
the dark, the surfaces are covered with a photo-
mask and irradiated with UV light. UV light can 
pass through the transparent areas on the photo-
mask, and the azidophenyl groups in the photo-
reactive PVA under the transparent areas are 
activated to generate azido radicals. The azido 
radicals react with the surrounding molecules to 
make the PVA molecules under the transparent 
areas to be intermolecularly and intramolecu-
larly cross-linked and grafted on the polystyrene 
surfaces. The black areas on the photomask are 
nontransparent for the UV light and the photore-
active PVA molecules under the nontransparent 
areas remain unreactive, which can be removed 
by washing. Finally, the UV irradiated polysty-
rene plates are washed with water to remove the 
unreacted PVA, and the micro-patterned surfaces 
are generated.

The micro-patterns can be controlled by 
designing the photomasks. A few types of photo-
masks having size difference micro-pattern 
(Fig.  10.1a), shape difference micro-pattern 
(Fig.  10.1b), and aspect ratio micropattern 
(Fig.  10.1c) are used to prepare the micro- 
patterned surfaces [19]. The prepared micro- 
patterns have a feature of polystyrene microdots 
surrounded with the PVA.  The polystyrene 
microdot regions can support cell adhesion simi-
lar to that of the cell-culture polystyrene plate. 
The surrounding PVA can inhibit protein adsorp-
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tion and cell adhesion. To facilitate the cell 
 adhesion on the polystyrene regions, the micro-
patterned surfaces can be coated with cell adhe-
sion proteins, such as, fibronectin, laminin, 
collagen, and vitronectin. The thickness of the 
PVA-grafted layer can be controlled by the 
amount of the coated photoreactive PVA. Usually, 
a thickness of 40–70 nm of the PVA is grafted, 
which is thick enough to inhibit protein adsorp-
tion and cell adhesion. When cells are cultured on 
the micro-patterned surfaces, they only adhere on 
the polystyrene regions forming micro-patterned 
cells according to the underlying micro-patterns.

Micro–nano hybrid patterns of nanogrooves 
and microstripes are designed and prepared to 
control cell alignment and elongation [23]. The 
hybrid patterns are prepared by introducing the 
PVA microstripes on the PS nanogrooves through 
UV lithography and nanoimprinting method 
(Fig. 10.2). The PVA microstripes are controlled 
to be parallely or orthogonally oriented to the PS 
nanogrooves. At first, PS nanogrooved substrates 
are fabricated by a nanoimprinting method. A 
nano-textured polydimethylsiloxane (PDMS) 
mold having nanogrooves with a ridge depth of 
400 nm, a ridge width of 800 nm, and a spacing 
distance of 800 nm is prepared after casting on a 
prefabricated silicon master and cured at 
60 °C. One drop of a 3 (w/v) % PS toluene solu-
tion is dropped on polyethylene terephthalate 

(PET) substrate (1 × 1 cm2) and directly pressed 
by the nanostructured PDMS mold at constant 
pressure (10 kPa). PDMS mold is peeled off after 
air-drying for 12  hours to prepare the nano-
grooved PS substrate (PS nanogrooves). The PS 
nanogrooves are treated with oxygen plasma to 
improve the cell adhesion property of the 
PS.  Subsequently, the photoreactive PVA is 
coated on the PS nanogrooves and dried over-
night at room temperature in the dark. A photo-
mask containing microstripes with various equal 
width and spacing (50/50 μm, 100/100 μm, and 
200/200  μm) is covered on the photoreactive 
PVA-coated PS nanogrooves during UV irradia-
tion. The microstripes of photomask are paral-
leled or orthogonally oriented along the PS 
nanogrooves to obtain the different micro–nano 
hybrid pattern surfaces. The PVA microstripes on 
the PS nanogrooves are obtained after washing 
with water. Finally, to promote cell adhesion dur-
ing the cell culture experiments, the micro–nano 
hybrid pattern surfaces are coated with 
fibronectin.

Stripe micro-patterns with different stripe 
widths are prepared to control cell alignment 
[18]. The photoreactive PVA is coated on poly-
styrene plates (5.5  ×  2.5  cm) and air-dried at 
room temperature in the dark. The plates are 
covered with a predesigned photomask and 
 irradiated with UV light. After irradiation, the 

(a) Size

(b) Geometry

(c) Aspect ratio

Fig. 10.1 Illustration of PVA-micro-patterned polysty-
rene surfaces. The micro-patterns have different sizes (a), 
geometries (b), and aspect ratios (c). The diameters of 
circle micro-patterns in (a) are 20, 40, 60, and 80 μm. 
The circle, triangle, square, pentagon, and hexagon 

micro- patterns in (b) have the same surface area of 
1134 μm2. The ellipse micro-patterns in (c) have the same 
surface area of 706 μm2 but different aspect ratios of 1.0, 
1.5, 4.0, and 8.0.
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plates are washed with water. The photomask 
consists of UV-nontransparent dark stripe areas 
and UV-transparent light stripe areas with differ-
ent widths of 5, 10, 20, 40, 60, 80, 100, 200, 400, 
600, 800, and 1000 μm (Fig. 10.3).

10.3  Regulation of Single Stem 
Cell Morphology and Its 
Influence on Stemness 
of Stem Cells

The most attractive properties of stem cells are 
multi-potency and self-renewal. These properties 
make them versatile and promising cell source 

Fig. 10.2 Preparation scheme of micro–nano hybrid patterns through nanoimprinting and UV lithography. (Reproduced 
from Ref. [23] with permission),

Fig. 10.3 Phase-contrast micrograph of stripe micro-pattern photomask. The designed width is 5, 10, 20, 40, 60, 80, 
100, 200, 400, 600, 800, and 1000 μm, in order. (Reproduced from Ref. [18] with permission)
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for regenerative medicine and tissue engineering. 
In vivo, stem cells are generally quiescent under 
homeostasis but capable to undergo activation 
upon stimulation. The quiescent state contributes 
to stem cell maintenance. Stem cells may lose 
their pluripotency during in vitro expansion cul-
ture, which limits their application in clinical use. 
Stem cells change their morphology during 
in  vitro cell expansion culture. Investigation of 
cell morphology variation on the stemness main-
tenance of stem cells is important to disclose 
details of the interaction between stem cells and 
biomaterials. The micro-patterns shown in 
Fig. 10.1 are used for culture of the MSCs to reg-
ulate their cell size (spreading area), geometry, 
and aspect ratio at single cell level. The influence 
of cell size, geometry, and aspect ratio on stem-
ness maintenance of the MSCs is compared [19].

At first, the human bone marrow-derived 
MSCs are purified by using clonal culture to 
obtain homogeneous cell mass. The initial state 
of the purified MSCs is checked by immunofluo-
rescence staining. The MSCs express the surface 
markers of CD73, CD105, CD44, CD106, and 
STRO-1, while do not express CD11b, CD19, 
CD34, and CD45 [26–28]. These surface markers 
are used for the MSCs characterization. And 
then, the purified homogeneous MSCs are used 
for culture on the micro-patterns in the low- 
glucose DMEM medium supplemented with 
10% FBS. Before seeding on the micro-patterns, 
the MSCs are treated with serum-free low- 
glucose DMEM medium (starvation) for 24 hours 
to obtain the cells at G0/G1-enriched state. The 
starved MSCs are seeded and cultured on the 
micro-patterns. The MSCs attach onto the  
micro-patterned surfaces, and their morphologies 
are controlled by the underlying micro-patterns. 
Single MSC arrays with different spreading areas 
(size), geometries, and aspect ratios are formed.

The staining of F-actin filaments and nuclei 
shows that MSCs occupy the microdots of the 
micro-patterns and have different spreading 
areas, geometries, and aspect ratios (Fig. 10.4). 
The F-actin structure of single MSCs is influ-
enced by the spreading area (Fig. 10.4a). The cir-
cular cells with large spreading area assemble 
their actin filaments in both radial and concentric 

directions of the circle. With the decrease of the 
spreading area, the radial filaments gradually dis-
appear and the concentric filaments only assem-
ble at the cell periphery. The MSCs having 
different geometries show similar actin organiza-
tion (Fig.  10.4b). These cells predominately 
assemble their actin filaments at the periphery of 
the cells, and the formed stress fibers stretch 
along the edges of the micro-patterns, while no 
ordered filament structure is found at the central 
region of cells. Aspect ratio also shows obvious 
influence on the F-actin structures. Unlike in the 
circular cells, actin filaments in the elongated 
cells are paralleled along the long axis of the cell 
and span over the nucleus (Fig. 10.4c). Not only 
the cytoskeleton, the nuclear geometry is also 
elongated dramatically with the increase of the 
aspect ratio and orient toward the direction of 
long cell axis.

After the MSCs are cultured on the micro- 
patterns for 2  weeks, the stemness of MSCs is 
analyzed by the expression of surface markers of 
CD44, CD73, CD105, CD106, and STRO-1. The 
expression of CD44, CD73, CD105, CD106, and 
STRO-1 gradually decreases with the increase of 
the spreading area [19]. The MSCs cultured on 
the micro-patterns having different geometries 
expressed in similar levels of CD44, CD73, 
CD105, CD106, and STRO-1. The expression of 
CD44, CD73, CD105, CD106, and STRO-1 
slightly declines with the increase of the aspect 
ratio. Round cells exhibit significantly higher 
expression of CD44, CD73, CD105, and CD106 
compared to the cells with the aspect ratio of 
eight or four. The results indicate that the size and 
aspect ratio of a single cell can affect the stem-
ness of the MSCs, while shape shows no influ-
ence on stemness of the MSCs when cell 
spreading area and aspect ratio are the same. 
Small size and low aspect ratio are good for the 
maintenance of MSCs stemness.

Cell nuclear activity and cell mechanics are 
considered to be related with the stemness main-
tenance of the MSCs. The cell nuclear activity 
analysis experiment shows that the spreading 
area has a significant influence on the nuclear 
activity. With the increase of spreading area, 
more active nuclei are detected on the 
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 micro- patterns. However, the cells having differ-
ent geometries but the same spreading area and 
aspect ratio do not show significant difference of 
nuclear activity. The elongation of the cells with 
the same spreading area resulted in gradual 
enhancement of nuclear activity. Cell mechanics 
measured by atomic force microscopy (AFM) 
nanoindentation indicates that Young’s modulus 
of the MSCs increase with the increase of the 
spreading area and aspect ratio, while the MSCs 
having different geometries show similar Young’s 
modulus [19].

These results indicate that the influence of 
spreading area, geometry, and aspect ratio of 
MSCs on their expression level of stem cell sur-
face markers is accompanied with different 
nuclear activities, cytoskeletal structures, and 
nanomechanics. The micro-patterns should 

directly affect cytoskeletal structures. The result-
ing cytoskeletal structure can determine cellular 
nanomechanics, nuclear activity, and stemness of 
MSCs. Large spreading area and high aspect 
ratio lead cells to a stressed state with active 
nuclear synthesis and, therefore, result in low 
expression of stem cell surface markers. When 
spreading area is limited, changes in cell geome-
tries do not influence cell elasticity and nuclear 
activity. Ordered cytoskeletal structure results in 
high cell elasticity and nuclear activity and 
decreases the expression of surface markers indi-
cating partial loss of multi-potency. The MSCs 
with disrupted cytoskeletal structure exhibit low 
nanomechanical properties and remain in a qui-
escent state which promotes stem cell 
phenotype.

Fig. 10.4 F-actin staining of MSCs cultured on micro- 
patterns with various spreading areas (a), geometries (b), 
and aspect ratios (c). The diameters of circle micro- 
patterns in (a) are 20, 40, 60, and 80 μm. The circle, tri-
angle, square, pentagon, and hexagon micro-patterns in 

(b) have the same surface area of 1134 μm2. The ellipse 
micro-patterns in (c) have the same surface area of 
706 μm2 but different aspect ratios of 1.0, 1.5, 4.0, and 8.0. 
(Reproduced from Ref. [19] with permission)
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10.4  Influence of Cell Size, 
Geometry, and Aspect Ratio 
on Adipogenic 
and Osteogenic 
Differentiation of MSCs

Cells encounter many topographical features of 
extracellular matrices from protein folding to 
collagen banding in  vivo, so interactions exist 
between cells and nanoscale or microscale fea-
tures. Traditionally, the expansion and differenti-
ation of stem cells are mainly conducted in 
biological medium consisting of growth factors 
and cytokines. Except the influence of biological 
cues on stem cell functions, the influence of 
physical cues, such as, cell spreading area (cell 
size), geometry, and aspect ratio, needs to be con-
sidered because spreading area has been reported 
to affect cell behaviors and functions [29, 30]. 
During traditional cell culture, the process of cell 
spreading is often accompanied by a change in 
cell shape and aspect ratio. The area of cell 
spreading, cell shape, and aspect ratio are diverse 
among cells, and the heterogeneity within a cell 
population is complex. It has been difficult to dis-
criminate the influence of cell spreading area, 
geometry, and aspect ratio on cell functions by 
traditional cell culture method. Therefore, chang-
ing of one of the three parameters (cell spreading 
area, geometry, and aspect ratio) of a large num-
ber of individual cells, while keeping another two 
parameters unchanged, is extremely important to 
investigate the independent influence of cell 
spreading area, geometry, and aspect ratio on cell 
functions.

Micro-patterns are useful to separate the cell 
spreading area, geometry, and aspect ratio. The 
cell spreading area, geometry, and aspect ratio 
can be well controlled by the PVA micro-patterns 
as shown in Fig. 10.3. To investigate the influence 
of cell spreading area on adipogenic and osteo-
genic differentiation of MSCs, PVA circle micro- 
patterns having a diameter of 40, 60, and 80 μm 
are used for culture of MSCs [14]. After 6 hours 
of culture, the MSCs adhere on the cell-adhesive 
circular polystyrene micro-patterns, and the 
MSCs on nonadhesive PVA regions are removed 
by a medium change. The MSCs are cultured on 

the micro-patterns in adipogenic induction 
medium for 7 days. Lipid vacuoles are observed 
in some MSCs on the micro-patterns. The lipid 
vacuoles are stained with Oil Red O.  The cells 
with positive Oil Red O staining are counted, and 
the probability of adipogenesis is calculated. The 
results show the probability of MSC adipogene-
sis being dependent on the degree of cell spread-
ing area. The percentage of MSCs undergoing 
adipogenic differentiation is 45.3  ±  3.4%, 
26.3  ±  3.4%, and 14.7  ±  4.2% for 40, 60, and 
80 μm circles, respectively and 12.4 ± 2.0% for 
the bare polystyrene surface (non-patterned). The 
probability of adipogenic differentiation of MSCs 
decreases as the degree of cell spreading 
increases.

Osteogenic differentiation of MSCs on the 
micro-patterns is evaluated by culturing MSCs 
on the micro-patterns in the osteogenic induction 
medium for 7 and 21 days [14]. Osteogenic dif-
ferentiation is evaluated by ALP staining. The 
percentage of MSCs undergoing osteogenic dif-
ferentiation is 13.0  ±  2.2%, 28.3  ±  3.0%, and 
41.2 ± 1.9% on micro-patterns with 40, 60, and 
80 μm circles, respectively and 54.6 ± 4.2% on 
the bare polystyrene surface (non-patterned) after 
7 days of osteogenic induction culture. The prob-
ability of osteogenic differentiation of MSCs 
increases as the degree of cell spreading is 
enhanced. After the osteogenic induction culture 
for 21 days, the percentage of MSCs undergoing 
osteogenic differentiation are 17.5  ±  3.5%, 
40.2  ±  3.8%, and 53.9  ±  5.4% on the micro- 
patterns with 40, 60, and 80 μm circles, respec-
tively and 86.0 ± 3.0% on the bare polystyrene 
surface (non-patterned). Although the trend of 
the probability of osteogenic differentiation at 
21 days is similar to that at 7 days, more MSCs 
undergo osteogenic differentiation after long- 
term culture. These results indicate that cell 
spreading facilitates osteogenic differentiation of 
MSCs.

To investigate the influence of cell geometry 
on adipogenic differentiation of MSCs, PVA 
micro-patterns of regular triangle, pentagon, 
hexagon, square, and circle having the same sur-
face area of 1134 μm2 are used for the culture of 
MSCs [13]. After culture in adipogenic induction 
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medium for 7  days, Oil Red O staining shows  
the percentage of adipogenic differentiation of 
MSCs is 35.7 ± 1.4%, 33.9 ± 5.5%, 35.8 ± 4.7%, 
43.0 ± 2.5%, and 42.9 ± 6.3% on the triangular, 
square, pentagonal, hexagonal, and circular 
micro-patterns, respectively. Although the MSCs 
with hexagonal and circular shapes shows  
slightly higher potential for adipogenesis, there is 
no significant difference among the different cel-
lular shapes. However, the percentage of adipo-
genic differentiation of MSCs on a non-patterned 
surface is significantly lower than that on the 
micro-patterns.

The five types of geometric micro-patterns 
(triangle, square, pentagon, hexagon, and circle) 
have varying degrees of roundness, but all are 
symmetrical and small for cell spreading. Based 
on the formation of lipid vacuole, no significant 
difference in the adipogenic differentiation of 
MSCs is detected among these five geometric 
micro-patterns. However, MSCs show signifi-
cantly higher potential for adipogenic differentia-
tion on these micro-patterns than on the 
non-patterned polystyrene surface.

It has been reported that cytoskeletal organi-
zation in the cells is important to the commitment 
of MSCs [31]. Generally, the assembly of cyto-
skeleton correlates with intracellular contractil-
ity. Large cell spreading and increased 
contractility favor osteogenic differentiation, 
while small cell spreading and low contractility 
favor adipogenic differentiation. The MSCs cul-
tured on the triangular, square, pentagonal, hex-
agonal, and circular micro-patterns in the control 
medium show similar patterns of actin filaments. 
Although actin filaments are thicker and denser at 
the edges than in the interior regions of the micro- 
patterns, asymmetrical concentrations of actin 
filaments are not shown in either edge of the 
geometries, and no predominated alignment of 
the actin filaments emerges inside the micro- 
pattern geometry. After culture in the adipogenic 
induction medium for 1 week, the actin cytoskel-
eton undergo remodeling and the differentiated 
cells show faint actin filaments. The similarity 
and symmetry of cytoskeletal structures may 
implicate the similar low level of intracellular 
contractility in the cells cultured on the five 

micro-patterns and may partially cause the paral-
lel potential of adipogenic differentiation of the 
MSCs on the micro-patterns.

10.5  Discrimination of Cell 
Elongation and Aspect Ratio 
and Their Influence 
on Adipogenic 
and Osteogenic 
Differentiation of MSCs

Cell elongation has been demonstrated to be criti-
cal in regulating cell proliferation, reprogram-
ming, stemness, and differentiation [6, 7, 19, 32]. 
Additionally, unified cell alignment is effective in 
muscle, liver, and blood vessel generation [33–
36]. However, manipulation of cell alignment has 
always been accompanied with change of cell 
elongation in the previous works [37, 38]. It is 
still not clear whether cell alignment and elonga-
tion have different roles in regulation of cell 
functions. To investigate the influence of cell 
alignment and elongation on cell functions, 
micro- and nano-patterned surfaces have been 
widely used. However, by using micro-patterns 
or nano-structured surfaces, cell elongation is 
always positively correlated with the state of cell 
alignment. Cell alignment and elongation cannot 
be separately controlled. Therefore, to discrimi-
nate the influence of cell alignment and elonga-
tion, micro–nano hybrid patterns of different 
structures as shown in Fig. 10.2 are designed and 
prepared to control cell alignment and elongation 
independently [23].

Two types of micro–nano hybrid patterns are 
prepared: one is the PVA microstripese parallely 
oriented to the PS nanogrooves (micro-p-nano), 
and the other one is the PVA microstripes orthog-
onally oriented to the PS nanogrooves (micro-o- 
nano). MSCs are cultured on the micro-p-nano 
and micro-o-nano hybrid patterns. Staining of 
actin filaments and nuclei of the MSCs after 
1  day culture show the cells spread and have  
different morphology on the hybrid patterns 
(Fig.  10.5a). The cells adhere on the PS nano-
grooves and are constrained within the PVA 
microstripe spacing. The cells align more 
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 regularly on the narrow and parallel hybrid pat-
terns than on the wide and orthogonal hybrid 
patterns.

The cell alignment and elongation on the 
hybrid patterns are compared (Fig.  10.5b–d). 
Both the PVA microstripe spacing and PS nano-
groove orientation affect the cell alignment 

Fig. 10.5  Morphological characterization of hMSCs 
after 1  day culture on micro–nano hybrid patterns. (a) 
Representative fluorescence images of actin (red) and 
nuclei (blue) stained MSCs (a). Percentage of aligned 

MSCs to the total cells (b, c). Aspect ratio (elongation) of 
MSCs (d, e). Data are presented as means ± SDs (n = 3). 
∗p < 0.05, ∗∗p < 0.01, ∗∗∗p < 0.001. Scale bar: 25 μm. 
(Reproduced from Ref. [23] with permission)
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(Fig. 10.5b, c). When the PS nanogroove orienta-
tion was fixed at parallel or orthogonal direction, 
the PVA microstripe spacing shows significant 
effect on the cell alignment (Fig.  10.5b). The 
cells show the highest alignment percentage 
when the PVA microstripe spacing is 50  μm, 
while the lowest when the PVA microstripe spac-
ing is 200 μm. The cell alignment percentage on 
the micro-o-nano hybrid patterns increases sig-
nificantly with the decrease of the PVA 
microstripe spacing. The cell alignment percent-
age on the micro-p-nano hybrid patterns having 
the PVA microstripe spacing of 50 and 100 μm is 
almost the same. When the PVA microstripe 
spacing is fixed (Fig.  10.5c), the influence of 
nanogroove orientation on the cell alignment 
was relies on the PVA microstripe spacing. At a 
spacing of 50 μm, cell alignment is almost the 
same regardless of the oriention of the nano- 
grooves. When the PVA microstripe spacing is 
100 or 200 μm, the aligned cell percentage on the 
micro-p-nano hybrid patterns is significantly 
higher than that on the micro-o-nano hybrid 
patterns.

The cell elongation on the micro–nano hybrid 
patterns having PVA microstripe spacing of 
50  μm is higher than that on the micro-nano 
hybrid patterns having PVA microstripe spacing 
of 100 or 200 μm (Fig. 10.5d). The cell elonga-
tion on the micro–nano hybrid patterns having 
PVA microstripe spacing of 100 or 200  μm is 
almost the same. When PVA microstripe spacing 
is fixed at 50 or 200 μm, the cell elongation on 
the micro-p-nano hybrid patterns and micro-o- 
nano hybrid patterns has no significant difference 
(Fig. 10.5e). When the PVA microstripe spacing 
is 100 μm, the cell elongation on the micro-p- 
nano hybrid patterns is significantly higher than 
that on the micro-o-nano hybrid patterns.

The cell alignment and aspect ratio results 
indicate that both cell alignment percentage and 
elongation are dominantly controlled by the PVA 
micro-pattern spacing when the PVA microstripe 
spacing is narrow (50 μm). The cell alignment 
becomes more random and the cell elongation 
decreases as the spacing of PVA stripes  
increases, and the effects from PS nanogroove 
orientation come into play. When the PVA 

microstripe spacing is 50 μm, the cells on both 
the micro-p-nano hybrid patterns and micro-o-
nano hybrid patterns have the same level of high 
alignment and high aspect ratio. At the PVA 
microstripe spacing of 100 μm, the cells on the 
micro-p-nano hybrid patterns have significantly 
higher alignment and higher aspect ratio than 
those on the micro-o- nano hybrid patterns. When 
the PVA microstripe spacing increases to 
200  μm, the cells on the micro-p-nano hybrid 
pattern and micro-o-nano hybrid pattern have 
significantly different alignments but the same 
level of elongation. Cell alignment and elonga-
tion can be separately controlled by the spacing 
of the PVA micro-stripes and orientation of the 
PS nano-grooves.

After the MSCs are cultured on the micro–
nano hybrid patterns in adipogenic induction 
medium for 2 weeks, the cells are stained with 
Oil Red O to evaluate adipogenic differentiation 
potential. When the micro–nano hydrid patterns 
having the same parallel or orthogonal orienta-
tion but different PVA micro-stripe spacing are 
compared, adipogenic differentiation potential of 
MSCs is dependent on both the PVA microstripe 
spacing and PS nanogroove orientation. On the 
parallely oriented micro-p-nano hybrid patterns, 
the adipogenic differentiation level of the MSCs 
on the PVA microstripe spacing of 50 μm is the 
lowest. On the orthogonally orientated micro-o- 
nano hybrid patterns, the MSCs have similar 
level of adipogenic differentiation level regard-
less of the PVA microstripe spacing. On the other 
hand, when the PVA microstripe spacing is fixed 
at 50 or 100 μm, adipogenic differentiation level 
on the micro-p-nano hybrid pattern is signifi-
cantly lower than that on the micro-o-nano hybrid 
pattern. When the PVA microstripe spacing is 
fixed at 200  μm, the adipogenic differentiation 
level had no significant difference. The results 
indicate that the orthogonal orientation of the PS 
nanogrooves and the wide PVA microstripe spac-
ing are beneficial to adipogenic differentiation, 
while the narrow PVA microstripe spacing and 
parallel orientation of the PS nanogrooves have 
inhibitory effect on the adipogenic differentia-
tion. The adipogenic differentiation level of the 
hMSCs on the micro–nano hybrid patterns has  
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no evident relationship with either the cell 
 alignment or cell aspect ratio, although high cell 
alignment and high aspect ratio inhibit the  
adipogenic differentiation of the hMSCs on the 
parallely oriented micro-p-nano hybrid patterns 
having PVA microstripes of 50 μm.

After the MSCs are cultured in the osteogenic 
induction medium for 2 weeks, ALP staining is 
conducted and used to evaluate osteogenic dif-
ferentiation. By comparing micro–nano hybrid 
patterns having the same parallel or orthogonal 
orientation but with different PVA microstripe 
spacings, the MSCs show the highest osteogenic 
differentiation level when the PVA microstripe 
spacing is 50 μm. The osteogenic differentiation 
level decreases when the PVA microstripe spac-
ing increases. The osteogenic differentiation 
level of the hMSCs on the micro–nano hybrid 
patterns having PVA microstripe spacing of 100 
and 200  μm has no significant difference. 
However, when the PVA microstripe spacing is 
fixed at 50 or 200 μm, the osteogenic differentia-
tion level of the hMSCs on the micro- o- nano and 
micro-p-nano hybrid patterns has no significant 
difference. The orientation of the PS nanogrooves 
shows no influence on the osteogenic differentia-
tion of the hMSCs. On the micro–nano hybrid 
pattern having PVA microstripe spacing of 
100 μm, the parallely oriented PS nano-grooves 
show significantly higher promotive effect on the 
osteogenic differentiation than the orthogonally 
oriented PS nanogrooves. These results indicate 
that both the PVA microstripe spacing and PS 
nanogroove orientation can influence osteogenic 
differentiation. The narrow PVA microstripe 
spacing and parallel orientation of the PS nano-
grooves have promotive effect, while wide PVA 
microstripe spacing and orthogonal orientation 
of the PS nano-grooves have inhibitory effect on 
the osteogenic differentiation of the hMSCs. 
When the cell alignment and aspect ratio param-
eters and osteogenic differentiation data are com-
pared, it is clear that osteogenic differentiation 
level of hMSCs on micronano hybrid patterns 
has the same trend as that of cell aspect ratio. 
However, the changing trend of cell alignment is 
different from that of osteogenic differentiation 
level. In particular, when cell alignment is low, 

difference between the changing trends of cell 
alignment and osteogenic differentiation 
becomes evident. The cell alignment on the 
micronano hybrid patterns having the same ori-
entation of the PS nanogrooves but with different 
PVA microstripe spacings of 100 and 200 μm or 
the same PVA micro-stripe spacing of 200 μm 
but with different orientations of PS nanogrooves 
is significantly different; osteogenic differentia-
tion level has no significant difference. It can be 
concluded that osteogenic differentiation of the 
hMSCs is dominantly regulated by the cell elon-
gation, although cell alignment has some influ-
ence. High elongation promotes osteogenic 
differentiation.

Preparation of PS and PVA micro–nano hybrid 
patterns through nanoimprinting and photoli-
thography provides a useful method to control 
cell alignment and elongation and to investigate 
their influence on osteogenic and adipogenic dif-
ferentiation of hMSCs. Cell alignment and elon-
gation are simultaneously regulated by changing 
the PVA microstripe spacing and orientation of 
PS nanogrooves of micro–nano hybrid patterns. 
On micro–nano hybrid patterns, the cell align-
ment and elongation show different influences on 
the hMSCs differentiation. The osteogenic differ-
entiation of the MSCs is dominantly regulated by 
cell elongation. The adipogenic differentiation 
level of the hMSCs on the micro–nano hybrid 
patterns has no evident relationship with either 
cell alignment or cell elongation.

10.6  Influence of Micro-Pattern 
Width on MSCs 
Differentiation to Vascular 
Smooth Muscle Cells

Vascular smooth muscle cells (SMCs) perform a 
crucial function in angiogenesis, mechanical 
support of vessels, and blood pressure control 
[39]. To successfully construct tissue-engineered 
blood vessels, regeneration of functional SMC 
layer is required. Smooth muscle cells can dif-
ferentiate into a variety of cell types including 
myocytes [2]. Biological cues, such as transform-
ing growth factor beta-1 (TGF-β1), are generally 
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used for differentiation of MSC into SMC 
 phenotype [40, 41]. Except biological cues, 
physical cues and their combination have been 
widely investigated for smooth muscle cell dif-
ferentiation of the MSCs [42]. Usage of micro-
patterning technique to regulate cell alignment is 
considered an effective way for SMC differentia-
tion [43–45].

The stripe micro-patterns prepared with photo-
mask shown in Fig. 10.3 are used for culture of 
MSCs to investigate the micro-pattern width on 
smooth muscle cell differentiation of MSCs [18]. 
The width of cell-adhesive polystyrene stripes is 
5, 10, 20, 40, 60, 80, 100, 200, 400, 600, 800, and 
1000 μm. The alternate PVA stripes have the same 
width as that of polystyrene stripes. The MSCs 
are cultured on the micro-patterns in DMED-
supplemented 10% fetal bovine serum for 1 day. 
To induce smooth muscle cell differentiation, the 
medium is changed to myogenic differentiation 
medium consisting of MesenPRO RS™ medium 
supplemented with TGFβ1. After culture for 
7  days in the differentiation medium, the cells 
proliferate and occupy the spaces in the stripes 
areas (Fig. 10.6). The cells show better orienta-
tion along the narrow stripes than cells on the the 
wide stripes. The cell distribution and alignment 
are quantified using phase- contrast images of the 
MSCs on the micro-patterns. The cell alignment 
on the stripes having widths of 5 and 10 μm is not 
measured because the cell number on these stripes 

is few. The degree of alignment is defined as the 
angle formed with the axis of the stripes. The cell 
alignment angle is calculated, and the cell orienta-
tion on different widths of the stripes is quantified 
after the 7days of culture in the differentiation 
medium. For the cells on the non-patterned 
region, the orientation is randomly distributed 
from 0° to 90°. On the other hand, the cell orienta-
tion on the micro-patterns shows a well- 
restricted way. The MSCs show much higher 
degree of alignment on the small width stripes 
(20, 40, and 60 μm) than on the big width stripes 
(80,100, 200,400, 600, 800, and 1000 μm) after 
the 7days of culture. The results indicate that 
micro-patterns can guide MSCs to spread in the 
direction of the micro-pattern stripes and restrict 
cell spreading in the perpendicular direction. The 
cell alignment analysis reveals that the cells orient 
in parallel to the narrow micro-pattern stripes, 
suggesting that the cells are able to sense the sur-
face topography. The width of micro-pattern 
stripes is shown to be important for all align-
ments. Narrow micro-pattern stripes have a stron-
ger effect on cell alignment than the wide 
micro-pattern stripes.

Differentiation of MSCs to SMC is evaluated 
by immunofluorescence staining of SMA and cal-
ponin, which are early and mid-SMC markers, 
respectively [46]. After 7  days of culture in the 
differentiation medium, most of the MSCs are 
stained positively for SMA and calponin on all the 

Fig. 10.6 Phase-contrast photographs of MSCs cultured 
on micro-pattern stripes having different widths of 
1000 μm (a), 800 μm (b), 600 μm (c), 400 μm (d), 200 μm 

(e), 100/80 μm (f), 60/40 μm (g), and 40/20/10/5 μm (h) 
in differentiation medium for 1  day. (Reproduced from 
Ref. [18] with permission)
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micro-pattern stripes. Compared to  non- patterned 
region, a higher expression of calponin and SMA 
in cells on the narrow micro-patterns with a stripe 
width ranging from 200 μm to 20 μm is observed. 
However, there is no significant difference of cal-
ponin and SMA expression in cells on the wide 
micro-pattern stripes (400, 600, 800, and 
1000  μm) and the non-patterned surface. The 
influence of micro-pattern width on the SMC dif-
ferentiation of the hMSCs is compared by calcu-
lating the percentage of cells positively stained for 
calponin and SMA on the different micro- pattern 
stripes. Eighty five to ninety seven percent of 
MSCs cultured on the narrow micro-patterns with 
a stripe width ranging from 200  μm to 20  μm 
undergo SMC differentiation, which is signifi-
cantly higher than that of MSCs cultured on the 
wide micro-patterns with a stripe width ranging 
from 400 to 1000 μm. The narrow stripe micro-
patterns promote cell alignment and facilitate 
SMC differentiation of hMSCs.

The results indicate that micro-pattern stripe 
width has an obvious effect on the orientation and 
SMC differentiation of MSCs. Narrow stripes 
limit cell spreading in perpendicular direction 
and allow cells to spread in the direction of 
stripes. As a result, small alignment angles are 
observed among the narrow micro-pattern stripes. 
Compared with the cells on the non-pattern 
region, the MSCs cultured on the narrow stripes 
ranging from 200 μm to 20 μm show a signifi-
cantly higher expression of the SMC marker pro-
teins, SMA, and calponin after the 7  days of 
culture in differentiation medium. The influence 
of stripe width on the VSMC differentiation of 
hMSCs is correlated with the cell alignment.

10.7  Summary

Various micro-patterns having different sizes, 
geometries, aspect ratios, nano–micro hybrid 
structures, and stripe widths are prepared by 
using photoreactive PVA through UV photolitho-
graph. The micro-patterns are used for culture of 
MSCs to investigate the influence of cell mor-
phology on stemness maintenance, adipogenic, 
osteogenic, and muscle smooth differentiation of 

the MSCs. Single cell and multiple cell arrays 
having controlled cell morphology are realized 
by using the micro-patterns. Comparison of the 
behaviors and differentiation of MSCs on these 
single and multiple cell arrays discloses some 
useful information of the influences of these 
physiochemical cues on the commitment of 
MSCs. MSCs with small spreading area and low 
aspect ratio are more quiescent and softer than 
their large and elongated counterpart, and they 
show higher potential to maintain the multi- 
potency of stem cells. Large cell spreading and 
increased contractility favor osteogenic differen-
tiation, while small cell spreading and low con-
tractility favor adipogenic differentiation. MSCs 
cultured on triangular, square, pentagonal, hex-
agonal, and circular micro-patterns show similar 
level of differentiation potential. Culture of 
MSCs on the nano–micro hybrid patterns shows 
that osteogenic differentiation is dominated by 
cell elongation, while adipogenic differentiation 
is influenced by neither cell alignment nor cell 
elongation. The width of micro-pattern stripes 
has obvious effect on cell orientation, morphol-
ogy, and smooth muscle differentiation of MSCs. 
MSCs have high degree of orientation when 
being cultured on narrow micro-pattern stripes. 
Higher expression of calponin and smooth mus-
cle actin is observed among the narrow micro-
patterns ranging from 200 μm to 20 μm, compared 
to the non-patterned area and wide micro-pattern 
areas, which show similar levels of expression. 
The results should provide very useful informa-
tion for stem cell research and regenerative 
medicine.
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Abstract

Diabetes mellitus type 2 (type-2 diabetes) is a 
metabolic disorder characterized by the 
increased blood glucose concentration and 
insulin resistance in peripheral tissues (e.g., 
muscles and adipose tissue). The initiation of 
the pathological cascade of events that lead to 
type-2 diabetes has been subject of debate; 
however, it has been commonly accepted that 
the oversecretion of human islet amyloid 
polypeptide (hIAPP, a hormone co- secreted 
with insulin) by the pancreatic 𝛽-cells is the 
main trigger of type-2 diabetes. In fact, 90% 
of the type-2 diabetes patients present hIAPP 
deposits in the extracellular space of the 
𝛽-cells. These hIAPP supramolecular arrange-
ments (both fibrillar and oligomeric) have 
been reported to be the origin of cytotoxicity, 
which leads to 𝛽-cell dysfunction through a 

series of different mechanisms, including the 
interaction of hIAPP oligomers with the cell 
membrane that leads to the influx of Ca2+ and 
increase in the cellular oxidative stress, among 
others. This overview shows the importance of 
developing type-2 diabetes treatment strate-
gies able to (1) remodel of the secondary 
structure of cytotoxic hIAPP oligomers 
entrapping them into off-pathway nontoxic 
species and (2) reestablish physiological lev-
els of oxidative stress. Natural polyphenols 
are a class of antioxidant compounds that are 
able to perform both functions. Herein we 
review the published literature of the most 
studied polyphenols, in particular for their 
ability to remodel the hIAPP aggregation 
pathway, to rescue the in  vitro pancreatic 
𝛽-cell viability and function, as well as to per-
form under a complex biological environment, 
i.e., in vivo animal models and clinical trials. 
Overall, natural polyphenols are able to con-
trol the cytotoxic hIAPP aggregation and min-
imize hIAPP-mediated cellular dysfunction 
and can be considered as important lead com-
pounds for the treatment of type-2 diabetes.
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11.1  Introduction

Diabetes mellitus type 2 (type-2 diabetes) is a 
metabolic condition associated with the deficient 
release of insulin into the bloodstream after a glu-
cose intake stimulus, as well as peripheral insulin 
resistance, where the muscles, liver, and adipose 
tissue present an impaired response to insulin [1]. 
Its prevalence is increasing due to lifestyle and 
eating habits, namely, sedentary behaviors and 
the increasing prevalence of high-calorie diets 
[2]. For several years, that type-2 diabetes has 
been considered a major public health concern. 
The complications associated with type-2 diabe-
tes start to appear at the prediabetic stage, 
described as a “metabolic condition character-
ized by insulin resistance and primary or second-
ary beta cell dysfunction which increases the risk 
of development type 2 diabetes” [3]. Even at this 
stage, there is an increased risk of developing 
cardiovascular diseases [3], renal failure [4], 
among other clinical complications.

Considering the European population above 
25 years old, it is accounted that 60 million people 
have diabetes. This incidence corresponds to 
approximately 10% of men and approximately 9% 
of women [2]. Moreover, about 40% of the popu-
lation above 40 years old is at a prediabetic condi-
tion [3], while the most recent estimations indicate 
that approximately 50% of the European popula-
tion will suffer from hyperglycemia or type-2 dia-
betes during their lifetime [5]. It is also relevant to 
note that, worldwide, every year, there are 3.4 mil-
lion deaths related to diabetes, while the World 
Health Organization (WHO) estimates that this 
number can double by 2030 [2] and that the type-2 
diabetes cases can reach 600  million by 2035. 
These estimations are at the basis of the urgency to 
control type-2 diabetes and its incidence in the 
population, as well as to study its causes and 
develop efficient treatment strategies [6].

Type-2 diabetes is associated with the defi-
cient ability of the body to maintain normoglyce-
mia. In general, healthy individuals process 
carbohydrates through the digestive system lead-
ing to the formation of glucose, which is trans-
ferred into the bloodstream through different 
glucose transporters. The increased concentra-

tion of glucose in the blood induces the secretion 
of insulin by the pancreatic 𝛽-cells. The systemic 
release of insulin leads to the lowering of the con-
centration of glucose in the blood through two 
main mechanisms, namely: (1) it induces the 
uptake of glucose by the liver, as well as its trans-
formation into glycogen  – which acts as a glu-
cose reservoir; (2) it stimulates the peripheral 
tissues, e.g., muscle cells and adipocytes, to 
uptake and store glucose which can be latter used 
as a locally available energy source (in the case 
of the muscles) or as a long-term energy storage 
(in the case of the adipocytes) [4].

The secretion of insulin by the 𝛽-cells is 
accompanied by the release of a hormone desig-
nated by islet amyloid polypeptide (hIAPP) or 
amylin, under a ratio of 50:1 (insulin/hIAPP). 
Both insulin and hIAPP are co-stored in the 
secretory granules and are released into the 
bloodstream at the same time [7]. While the 
activity and physiological relevance of insulin 
are known, the biological relevance of hIAPP is 
still under debate. However, it has been reported 
that hIAPP bioactivity is exerted in a number of 
interrelated ways, namely: (1) the reduction of 
gastric emptying [4, 8] that leads to the increased 
feeling of satiety and the subsequent reduction of 
food intake; (2) the inhibition of the release of 
glucose from the liver by suppressing the produc-
tion of glucagon [8], contributing to the achieve-
ment of normoglycemia; (3) the modulation of 
the activity of neuropeptide Y [9] a strong feed-
ing stimulant; and (4) the counterbalancing of 
insulin activity, as well as glycogen synthesis 
[10]. In general, all these bioactivities are impor-
tant mechanisms used by the body to control the 
intake of carbohydrates or to maintain normogly-
cemia, acting in the digestive system, in the 
blood, and in the brain [4].

Despite its important physiological role, 
hIAPP is a peptide that is highly prone to aggre-
gate and form extracellular deposits in the pan-
creas of both diabetic and nondiabetic individuals. 
However, while nondiabetic patients present 
immunoreactivity toward non-aggregated forms 
of hIAPP, this is not the case for type-2 diabetes 
patients. In this latter case, immunoreactivity 
toward non-aggregated forms of hIAPP is lower 
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[1], and hIAPP deposits are observed in approxi-
mately 90% of the cases [11, 12]. These observa-
tions support the pivotal role of hIAPP in the 
pathophysiology of type-2 diabetes.

11.2  The Role of hIAPP 
in Diabetes Mellitus Type 2

It is clear the importance of hIAPP in controlling 
food intake by triggering the feeling of satiety. 
When physiological levels of hIAPP are not 
enough to reduce the ingestion of carbohydrates 
during meals, the pancreas increased the secre-
tion of insulin and hIAPP to levels that may lead 
to pathological consequences. In fact, hIAPP 
deposits in the pancreas of type-2 diabetes 
patients were initially identified by Opie [13] 
more than 100 years ago. The presence of these 
deposits (of hIAPP in a fibrillar form) in more 
than 90% of the type-2 diabetes cases led to the 
initial assumption that the fibrillar hIAPP was 
one of the triggers of this condition [11, 12, 14]. 
This was based on a series of studies, reporting 
the toxicity of hIAPP fibers toward the pancreatic 
𝛽-cells [11, 15], which leads to their reduced 
activity and lower capacity to secrete insulin, 
compromising the ability of the body to reduce 
the glucose levels in the bloodstream after the 
ingestion and processing of carbohydrates by the 
digestive system. Further evolution of this condi-
tion leads to the death of 𝛽-cells, which may lead 
to the significantly lower capacity of the pancreas 
to release suitable levels of insulin into the blood-
stream. As a consequence, the body is not able to 
maintain normoglycemia, leading to long-term 
high levels of glucose in the blood.

This general overview is still valid; however, 
the reason behind hIAPP cytotoxicity toward 
𝛽-cells has been extensively studied during the 
last years, leading to significant updates on its 
mechanisms. In fact, several studies indicate that 
the fibrillar forms of hIAPP are less cytotoxic, 
while its oligomeric forms have been reported as 
the most cytotoxic for several reasons, such as 
the following: (1) they are highly mobile and able 
to diffuse through the cellular environment, both 
extra- and intracellularly [16, 17]; (2) they pres-

ent a dynamic secondary structure, allowing the 
formation of cytotoxic supramolecular confor-
mations [18]; (3) they are able to interact with 
membrane lipids and generate pores that increase 
ionic fluxes that compromise intracellular ionic 
homeostasis [11, 12, 19–21]; and (4) higher- 
order hIAPP assemblies are able to interact 
strongly with the cell membrane, leading to its 
disruption and compromising cellular integrity 
[11, 12, 20]. In addition, ongoing studies report 
the interaction of hIAPP on its different supramo-
lecular arrangements with proteins [22] and cell 
receptors [23] perturbing a series of cellular cas-
cades. As an example, we can refer the known 
interaction between oligomeric hIAPP and 
NLRP3 inflammasome [22], which leads to the 
expression of IL1𝛽, an inflammatory mediator, 
known to be activated in type-2 diabetes. It is also 
relevant to note that there is an increasing body of 
evidences that link type-2 diabetes and 
Alzheimer’s disease (AD) [17, 24], more specifi-
cally: (1) hIAPP has been detected in the brain of 
AD patients, which, occasionally are detected 
mixed with the A𝛽42 deposits characteristic of 
AD [25], and (2) it is known that oligomeric 
hIAPP interacts with AMYR and TRPV4 recep-
tors leading to calcium imbalance and membrane 
disruption, although under mechanisms that are 
still not completely clear [6].

11.3  Mechanism of hIAPP 
Aggregation and Its 
Cytotoxicity

Protein/peptide aggregation has been associated 
with the pathophysiology of a series of amyloid- 
based diseases, including neurodegenerative dis-
orders [26], retinal amyloidosis [27], and type-2 
diabetes [13], among others. Observations of 
cytotoxicity when fibrils and aggregates were 
present in the cellular environment led research-
ers to believe that the main drivers of toxicity 
were mature fibrils [11, 15]; however, this view 
has not been confirmed by experimental evi-
dence. In fact, nowadays, it is commonly accepted 
that the intermediate oligomeric structures are 
the ones that are at the basis of cytotoxicity and 
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trigger pathological pathways in the cellular 
environment [28]. This view increases the impor-
tance of a clear understanding of the mechanisms 
at the basis of fibril/aggregate formation, includ-
ing the supramolecular organization of oligo-
mers, their stability, and the way they interact 
with the cellular components.

In general, the fibrillogenesis of amyloids 
present common features that are independent of 
the peptide/protein, and hIAPP is not an excep-
tion. Usually the fibril formation process is 
divided into three main stages: (1) lag phase, (2) 
exponential growth, and (3) saturation phase [7, 
20]. During the lag phase, monomeric peptide/
protein units interact between themselves form-
ing low-order unstructured assemblies (i.e., 
oligomeric and protofibrillar structures). In the 
second phase (exponential growth), these pep-
tide/protein oligomers/protofibrils are converted 
into 𝛽-sheet-rich structures, and they grow into 
higher-order fibrils through self-assembling 
mechanisms; in the last saturation phase, the 
assembled fibers reach thermodynamic stability, 
and their disruption is more difficult.

As previously described, hIAPP has been 
linked to the onset of type-2 diabetes, where it is 
believed to contribute to 𝛽-cell dysfunction, 
through different pathways (Scheme 11.1) [7], 
such as the generation of membrane pores (a), 
partial membrane disruption (b and d), induction 
of oxidative stress (c, e, and f), promotion of 
apoptosis (g and h), etc. hIAPP is a 37 amino acid 
peptide, which presents three potential β-strand 
regions [18–23, 24–29, 32–37], suggesting that 
intramolecular β sheets can be easily formed 
[29]. It has been recently reported that hIAPP 
loses its biofunctional character due to thermody-
namic instability. In general, this transformation 
is linked with perturbations of the peptide micro-
environment, i.e., temperature, metal ions, pH, 
nucleation-independent pathway, and ionic 
strength [30]. Under these conditions, the peptide 
suffers high structural reorganization, exposing 
hydrophobic groups and their chain amides to its 
outer surface, promoting new intermolecular 
interactions generating oligomeric structures. 
The conformational change of the peptide sec-
ondary structure is concentration-dependent and 

driven by hydrogen bonding and hydrophobic 
effects. Since this process is dynamic, and the 
fact that there is a continuous flux of newly syn-
thesized hIAPP, the aggregation of a variety of 
thermodynamically unstable structures increases 
in a time-dependent manner (lag phase of aggre-
gation). At this stage, these oligomers are able to 
interact with cellular organelles and biomole-
cules perturbing normal cellular function. These 
toxic oligomeric species, if not completely 
cleared by the cellular machinery, induce deficits 
in the activity of different biomolecules/path-
ways, such as molecular chaperones, ubiquitin- 
proteasome, and heat shock proteins, which are 
able to control the formation and modulate the 
elimination of pathological pre-fibrillar and 
fibrillar assemblies. These supramolecular forms 
of hIAPP lead to the reduction of β-cell mass due 
to their cytotoxicity. These hIAPP oligomers, as 
well as pre-formed fibrils [31, 32], are the ones 
described to promote disruption of cellular mem-
branes (plasma and organelles) by uptake of the 
lipid molecules during fibrillogenesis into proto-
fibril units or by acting as nonselective ion chan-
nels that disrupt membrane permeability and 
promote a misregulation of the metal ion homeo-
stasis (see Scheme 11.1). These mechanisms 
compromise the integrity of the cell and its nor-
mal function, leading to the dysfunction of the 
cellular machinery and cell death [33].

The subsequent hIAPP fibrillization occurs at 
the exponential growth phase and is characterized 
by the remodeling of the oligomers’ secondary 
structure into cross-𝛽-sheet organization and con-
tinuous aggregation of the oligomers/monomers 
into unidirectionally ordered fibrillar structures 
maintained together by hydrogen bonding [31, 
34]. These mature fibers are believed to be less 
toxic because they reached a thermodynamically 
stable aggregated state (saturation phase) [35].

An assessment of the supramolecular organi-
zation of the initial hIAPP’s monomeric/oligo-
meric states (described above as highly toxic and 
that trigger fibril formation) has been performed 
by several groups, using NMR, CD, and diffusion 
measurements [36, 37]. The reported results 
showed that hIAPP in a monomeric form adopts 
a highly dynamic metastable state which presents 
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a predominant unfolded random coil globular 
form [38]. This metastable form is less compact 
than an unfolded protein, lacking the well-packed 
core, which is at the basis of their high propensity 
to aggregate and form higher-order assemblies, 
i.e., oligomers rich in 𝛽-sheets [36]. The 𝛽-sheet 
formation mechanism is controlled by nucleation 
through the buildup of a small population of 
energetically unfavorable oligomers that initiate 
the supramolecular assembly and subsequent 
nanofiber formation. This initial formation of 
oligomers is followed by secondary nucleation 
which accelerates fiber growth. Each generated 
hIAPP nanofiber is used as a new substrate for 
secondary nucleation and elongation. This pro-
cess can be boosted by the presence of hIAPP 
micelles, since aggregation appears to nucleate 

within the micelle from the central region of the 
peptide (residues 20–29, which are considered to 
be the fibrillating core sequence of hIAPP at 
physiological conditions) [39]. The mature fibers, 
formed during these events, present twisted, left- 
handed chirality and constant periodicity. Atomic 
force microscopy (AFM) evaluation of hIAPP 
nanofibers has been used to perform quantitative 
nanomechanical measurements, showing that the 
twisted conformation represents a decrease 
in local stiffness compared to the multi-stranded 
ribbon (a helical hollow structure is the final 
stage of a fibrillation process characterized by a 
stable thermodynamic state). As shown here, the 
aggregation pathway of IAPP has been 
 extensively studied leading to a better under-
standing of the supramolecular organization of 

Scheme 11.1 Schematic illustration of some of the dif-
ferent mechanisms reported in the literature by which 
extracellular hIAPP supramolecular species interfere with 
pancreatic β-cell functions: (a) insulin/hIAPP synthesized 
in the endoplasmic reticulum (ER) and further transported 
by the secretory granules onto the surface of the cell’s 
basement membrane; (b) formation of nonspecific mem-
brane pores mediated by hIAPP oligomers leading to the 

(c) intracellular accumulation of ions (i.e., Ca2+); (d) lipid 
membrane disruption promoted by hIAPP toxic species, 
(e, f) leading to an increased oxidative stress, ATP imbal-
ance, and uncontrolled generation of ROS, which trigger 
the activation of inflammatory response through the (g 
and h) NLRP3 inflammasome, which ultimately leads to 
pyroptosis and cell death
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its monomers, oligomers, and nanofibers. Their 
correlation with cytotoxicity is currently under 
investigation, and it is expected new insights on 
the biophysical interactions responsible for the 
cytotoxic mechanisms that lead to cell death, e.g., 
membrane disruption, etc.

11.4  Modulation of hIAPP 
Aggregation by Natural 
Compounds

Pathological hIAPP aggregation into cytotoxic 
soluble oligomers and/or fibrillar deposits has 
been considered a hallmark of type-2 diabetes. 
The remolding of these misfolded states has been 
targeted as a treatment approach or a way to con-
trol the evolution of type-2 diabetes, in a similar 
fashion as for other amyloidogenic peptides/pro-
teins responsible for several other disorders [40–
43]. In general, peptide/protein misfolding 
(including hIAPP) has been linked to increased 
oxidative stress, imbalance of Ca2+ homeostasis, 
mitochondria dysfunction, and transcriptional 
deregulation. These phenomena can occur inde-
pendently or concurrently, and it is still under 
debate if they are the cause or the consequence of 
the presence of thermodynamically unstable pep-
tide/protein species [44, 45].

The progression of type-2 diabetes is com-
plex, involving different mechanisms that lead to 
difficulties in identifying effective disease tar-
gets. However, different natural compounds are 
known to inhibit protein aggregation while also 
presenting antioxidant and anti-inflammatory 
activities, a multifunctionality relevant for type-2 
diabetes [41, 46–49]. In fact, results obtained 
using several cohorts highlight the benefit of a 
diet rich in vegetables and fruits in reducing the 
risk of age-associated amyloid-based disorders 
[49, 50]. In addition, the ingestion of a wider 
variety of these compounds improves glucose 
tolerance and decreases the risk of type-2 diabe-
tes [51]. Thus, the daily ingestions of fruits and 
red wine (due to the presence of resveratrol), 
olive oil (rich in oleuropein), spices and herbs 
(especially the ones that include curcumin, caf-
feic acid, rosmarinic acid), and tea (that present 
epigallocatechin gallate (EGCG) and myricetin 
in their composition) are examples of dietary 
components that are rich in bioactive species and 
that have been reported to have a positive impact 
on type-2 diabetes [52–55].

There is a wide range of natural compounds 
[56, 57] (including flavonoids, anthraquinones, 
phenolic acids, stilbenes; see Scheme 11.2) 
reported in the literature to be able to remodel the 
hIAPP secondary structure into nontoxic species 

Scheme 11.2 Classification of the most studied natural polyphenols that are able to inhibit or remodel the hIAPP 
supramolecular organization
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[47, 52, 58–61] and to contribute to control several 
hallmarks of type-2 diabetes, namely, reduction of 
the cellular oxidative stress and inflammatory cas-
cade, and to contribute to maintain Ca2+ homeosta-
sis, among others [43, 52, 62, 63].

11.4.1  Chemical Inhibition 
of the hIAPP Aggregation 
and Modulation of Its 
Secondary Structure

The exact mechanisms by which natural com-
pounds interact with the different amyloidogenic 
peptides/proteins are not fully understood and are 
still a subject of intense research. However, it is 
known that polyphenols interfere with the aggre-
gation pathway contributing to the reduction of the 
concentration of toxic oligomers; inhibit fibril 
elongation; promote the disassembling of pre-
formed fibrils; inhibit amyloid-membrane interac-
tions, which have been reported to be responsible 
for membrane disruption and for the formation of 
pores that increase Ca2+ transport [43, 64]; as well 
as contribute to the scavenging of reactive oxygen 
species (ROS) produced during hIAPP misfolding 
and/or aggregation [47, 65].

The formation of supramolecular assemblies 
of amyloid fibers is commonly detected by the 
fluorescent dye thioflavin T (ThT)  – which 
changes its fluorescence spectrum when bound to 
the cross-𝛽-sheets of different amyloids [66]. The 
establishment of this method to monitor amyloid 
fibril formation (as well as of Congo red, used as 
an histological stain for amyloids) contributed to 
the unraveling of the different steps of amyloids’ 
aggregation, as well as to the discovery of a num-
ber of natural compounds that are able to inter-
fere with 𝛽-sheet-based protein/peptide 
aggregation. ThT and Congo red have been used 
to identify the fibrillization of a series of pep-
tides, including Aβ40/42 and hIAPP [67]. 
However, despite the ability of Congo red to bind 
to the amyloid fibrils, it can also interfere with 
the aggregation process of several peptides/pro-
teins promoting the formation of oligomers [68]. 
In the ThT case, it has been demonstrated its 
capacity to form micelles that specifically bind to 

the cross-𝛽-sheet of the amyloid fibers, changing 
its emission spectra by increasing the emission 
wavelength of the formed amyloid-ThT com-
plexes [41, 66]. ThT enables a high-throughput 
analysis using multi-well plates, with real-time 
characterization of the aggregation kinetics. 
Moreover, the intensity of the fluorescent signal 
is considered to be proportional to the concentra-
tion of the 𝛽-sheet-rich amyloid fibers [66]. 
Following the variation of the time constant of 
the typical sigmoidal aggregation curve, it is pos-
sible to evaluate the impact of the addition of an 
inhibitor in the fibrillization kinetics. ThT fluo-
rescence is one of the most widely used tech-
niques to evaluate peptide/protein aggregation; 
however, it presents some significant disadvan-
tages: (1) it is an indirect method; (2) it has been 
reported that only parallel 𝛽-sheet arrangements 
can be detected [69]. Given these limitations, it is 
usually used in association with other methodol-
ogies, namely, advanced microscopic techniques, 
such as transmission electron microscopy (TEM) 
and atomic force microscopy (AFM). In addition, 
it has been increasingly common the use of 
molecular in silico simulations (MD) and NMR 
predictions to complement the discussions based 
on results obtained by ThT and microscopic 
techniques.

In the specific case of hIAPP, it has been 
reported the ability of natural compounds (such 
as EGCG, resveratrol, curcumin, oleuropein, 
among others [52, 54, 55, 70]) to bind to interme-
diate oligomeric forms, as well to monomers and 
mature fibrils through non-covalent interactions, 
e.g., π-π stacking. Therefore, the aromatic com-
ponent of these natural moieties, e.g., EGCG 
present two galloyl units in their structure, is an 
important chemical feature that is at the center of 
their interference in the 𝛽-sheet peptide assembly 
blocking the growth of the hIAPP fiber or remod-
eling its supramolecular structure. In addition to 
π-π stacking, it has been also reported that elec-
trostatic, van der Waals, and solvophobic forces 
may be also present, fostering weak but  important 
non-covalent interactions between the aromatic 
part of the natural molecules and the hIAPP 
hydrophobic regions present both at its backbone 
and on its side chains [48]. The synergistic effect 
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of all these forces perturbs the hIAPP’s thermo-
dynamic state interfering with its hydrophobic 
sequence, leading to a disruption of its secondary 
structure. Finally, the hydroxyl groups present in 
ortho or para positions of several polyphenols 
are fundamental for redox reactions which may 
have a critical role in their ability to present anti-
oxidant characteristics [47, 71].

All the abovementioned non-covalent interac-
tions have been reported to participate in the per-
turbation of the hIAPP secondary structure. 
However, it has been also described that the inter-
ference promoted by natural polyphenols may 
also be driven by hydrogen bonding with the  
peptide backbone (during the elongation process) 
and by nonspecific hydrophobic effects with the 
hIAPP’s side chains. As mentioned before, these 
interactions favor a remodeling of the peptide’s 
secondary structure, likely by decreasing the con-
centration of cross-𝛽-sheets generating off- 

pathway oligomers unable to bind to ThT [41]. 
This type of remodeling usually leads to a reduc-
tion of cytotoxicity, which is in agreement with 
reports showing that the small early forming 
oligomers of misfolded hIAPP (thermodynami-
cally unstable) are the main drivers of toxicity 
and not the larger mature fibers. Thus, having 
small molecules able to inhibit the formation of 
cytotoxic oligomers, early in the lag phase, con-
stitutes a promising strategy to minimize cellular 
damage (through the remodeling of these on- 
pathway oligomers into off-pathway oligomers) 
[52] that has been observed by TEM/AFM 
(example presented in Fig. 11.1) [72].

In addition to the previously listed covalent 
and non-covalent interactions between the natu-
ral molecules and hIAPP, it has been also reported 
the covalent interactions between the nucleo-
philic thiols (from the peptide side chain) and 
amines (from the peptide bonds, as well as the 

Fig. 11.1 hIAPP fibril formation studied using TEM (a) and AFM (b) in the absence (left) and presence (right) of 
EGCG. The white bar represents 200 nm [72]
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terminal amines) with the electrophilic carbonyls 
from the o-quinone intermediates and/or alde-
hyde moieties from the natural polyphenols, 
leading to a stabilization of hIAPP into non- 
cytotoxic forms [73, 74].

MD simulation analysis performed by Rao 
et al. [75] confirmed that curcumin interacts with 
hIAPP mainly through π-π stacking. The results 
from MD simulations complemented the Daval 
et al. [76] data showing that the two phenyl rings 
of curcumin interact with Val18, Lis16, and 
Hist14 of the hIAPP sequence by a combination 
of π-π stacking and hydrophobic effects, as well 
as hydrogen bonding from the opposite strands of 
the cross-β spine [52]. In addition, the interplay 
near His18 is also critical, since several reports 
note that Hist18 plays a key role in controlling 
the toxicity of the peptide, by modulating the 
interactions of hIAPP with the phospholipid 
membrane at the initial stages of aggregation 
[21]. Porat et al. [70] confirmed these results by 
showing that hIAPP oligomeric forms are stabi-
lized by curcumin, through the same mechanism, 
which inhibits the supramolecular assembly of 
hIAPP into high-order nanofibers. They also 
showed that curcumin can intercalate within the 
hydrophobic core of the peptide, including its 
interaction with the amino acid residues Leu12, 
Leu27, Phe5, Phe23, and Tyr37 from the hIAPP 
sequence [6]. The same type of studies using 
EGCG showed that hydrophobic interactions 
between EGCG and hIAPP are at the basis of the 
inhibition of its aggregation. In addition, it has 
been shown that the hIAPP disulfide bridge 
(between Cys2 and Cys7), the presence of free 
amine groups, or the availability of the tyrosine 
side chain is not always required for EGCG to 
inhibit the hIAPP aggregation [77]. In addition to 
curcumin and EGCG, it is reported that rutin (a 
polyphenol that comprises quercetin-3-O- 
rutinoside) and quercetin are able to interact with 
the amyloidogenic region in hIAPP and suppress 
β-sheet formation, remodeling the peptide sec-
ondary structure into α-helix. This is achieved by 
the interaction of the polycyclic quercetin group 
and its metabolites [78]. Moreover, resveratrol 
presents the same type of activity toward hIAPP, 
where its two aromatic rings promote strong 

aromatic- hydrophobic interactions with the side 
chain of Arg11 and Arg31 of hIAPP, while its 
hydroxyl groups participate in hydrogen bonding 
interactions with the peptide’s side chain, as well 
as the amine groups of several residues [79].

As previously referred, the stabilization of 
hIAPP by natural compounds can be also pro-
moted by covalent bonding [80]. In this case, 
polyphenols are able to react with hIAPP through 
an o-quinone bond mechanism, where the poly-
phenol is autoxidized into the quinone form and, 
in turn, forms covalent complexes with 
hIAPP.  EGCG [70] and baicalein [81] are two 
examples of o-quinone mediated covalent mech-
anisms based on the oxidation of their galloyl 
moieties where its activity is enhanced upon oxi-
dation when compared with the freshly prepared 
form. Myricetin and quercetin are, likewise, also 
able to form covalent bonds through a similar 
mechanism, generating o-quinone-Lys adducts, 
which are responsible for their anti-amyloid 
activity [73].

All these types of interactions define a large 
variability of the structural characteristics of the 
aggregates formed in the presence of polyphe-
nols. Importantly, the time dependence of the 
aggregation pathway also contributes to increase 
this variability, as the same polyphenol might 
contribute with distinct interactions depending on 
the aggregation state of the peptide. In fact, it has 
been reported that the particular activity of EGCG 
is dependent on the time point of the hIAPP 
aggregation at which it is added. Thus, when it is 
mixed during the end of the lag phase, small non-
fibrillar aggregates with some amorphous content 
are typically formed. If it is added to the early 
stages of the nucleation process, the pre-formed 
𝛽-sheet-containing species are remolded to 
smaller, thinner aggregates which have a minimal 
𝛽-sheet character, demonstrating that EGCG may 
not completely reverse fibrillation into the mono-
meric state, but it may promote off-pathway 
oligomers. Finally, when EGCG is mixed with the 
preformed fibers, the ThT signal is not completely 
reverted into the initial baseline, which indicates 
that the nonfibrillar small aggregates formed from 
the disruption of the hIAPP fibers are morpho-
logically distinct from the aggregates formed 
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when EGCG is added at the early stages of hIAPP 
aggregation, supporting its capacity to form non-
cytotoxic off- pathway oligomers at early stages of 
aggregation [60].

11.4.2  Biological Impact 
of the Modulation of IAPP 
Aggregation

The ability to remodel the hIAPP supramolecular 
structure is imperative to be able to rescue cell 
viability. However, adequate therapeutic 
approaches can also target the recovery of the 
normal function of the cell machinery that is 
affected by the activity of the toxic hIAPP spe-
cies. It has been reported different perturbations 
in different cellular processes, namely, dysfunc-
tion of the mitochondria and endoplasmic reticu-
lum (ER), driven by alterations in the intracellular 
redox state; increase in cell membrane permea-
bility, promoting Ca2+ imbalance due to the ion 
pore formation; and membrane disruption pro-
moted by the interaction between the membrane 
lipids and hIAPP.

The ER is the organelle where protein folding 
occurs, such as insulin/IAPP.  Accumulation of 
misfolded hIAPP in the ER alters its homeostasis 
and leads to the unfolded protein response (UPR), 
an adaptive cellular mechanism, which reduces 
this overload; however, the continued activation 
of the UPR has been reported to promote pancre-
atic β-cell death [82]. The hIAPP accumulation 
in the cellular environment leads to the activation 
of autophagy, a protective mechanism against the 
proteotoxic effect stimulated by the increased 
aggregate-prone activity of hIAPP [83]. However, 
the presence of cytotoxic hIAPP aggregates may 
already increase the enzymatic antioxidant 
defenses through a RAGE-Nox1- mediated path-
way (by glucose auto-oxidation with the produc-
tion of advanced glycation end products – AGEs) 
and enhance the signaling of the mechanistic tar-
get of rapamycin complex 1 (mTORC1, a natural 
inhibitor of autophagy) creating a dangerous 
imbalance [84]. In fact, Hernandez et  al. [83] 
have shown that the hyperactivation of MTORC1 
signaling is due to the increased ROS activity 

observed in hIAPP- overexpressing cells, which 
causes a blockage in the mitophagic flux (an 
autophagic process of damaged and dysfunc-
tional mitochondria). This limited ability to recy-
cle the damaged cellular organelles results in an 
accumulation of fissioned mitochondria [85]. 
Under these conditions, a high level of mitochon-
drial oxidative phosphorylation occurs, and the 
flow of electrons from the mitochondrial electron 
transport chain is captured by molecular oxygen 
and generates ROS. These ROS damage the dif-
ferent components of the mitochondria (e.g., pro-
teins, DNA, its membrane lipids, etc.) and release 
them in the cytosol. These mitochondrial ele-
ments are signaled as danger-associated molecu-
lar patterns (DAMPs) by cytosolic pattern 
recognition receptors, such as inflammasomes. 
Finally, these inflammasomes (NLRP3) initiate a 
pyroptotic cascade through cleavage of procas-
pase-1 into an active form of caspase-1, which 
produces the inflammatory cytokine 
interleukin-1β (an important mediator of the 
inflammatory response). This biochemical cas-
cade generates nitric oxide radicals (NO•) which 
react with O2

− increasing ROS levels and lately 
inducing inflammation and cell death by pyropto-
sis [85]. Many other sources of ROS contributing 
to type-2 diabetes have been described, namely, 
the overexposure to angiotensin II, which 
increases NADPH oxidase activity, leading to the 
production of O2

− and to the excessive production 
of ROS [84]. Therefore, the peroxidation of the 
mitochondria’s lipid membrane due to its interac-
tion with hIAPP is a possible trigger of a signifi-
cant ROS imbalance and one of the contributors 
to the signaling for β-cell apoptosis.

It has been proposed that once the insulin/
hIAPP secretory granules reach the cell’s base-
ment membrane and release its content into the 
extracellular space, hIAPP is converted from a 
disorder partial 𝛼-helical conformation into 
β-sheet-rich oligomers that interact with the 
cells’ lipid membrane (Scheme 11.1) [86]. As 
previously mentioned, the hydrophobic and 
membrane-permeable on-pathway hIAPP oligo-
mers represent the most toxic species [60]. These 
hIAPP species act in the cell membrane through 
a detergent-like mechanism, i.e., hIAPP causes 
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large-scale defects in the lipid bilayer (especially 
in the presence of anionic lipids), resulting in 
membrane thinning and fragmentation, accompa-
nied by increased membrane conductance [86].

Therefore, the hIAPP-mediated formation of 
nonspecific pores, as well as lipid membrane dis-
ruption, allows the influx of ions (e.g., Ca2+), 
which leads to their accumulation at the intracel-
lular space. To restore Ca2+ homeostasis, cellular 
control mechanisms (at the mitochondria and 
ER) induce an increment of ATP production, and 
this compensation leads to an additional incre-
ment on the intracellular concentration of ROS 
(as previously described) [87]. The continuing 
accumulation of ROS in the cellular space con-
tributes to an oxidative environment, which leads 
to pancreatic β-cell death. In fact, a recent work 
on the mild exposure of pancreatic cell line to 
toxic hIAPP oligomers results in a trigger of the 
antioxidant defenses in a response to transient 
levels of oxidative stress [88]. Therefore, under 
this particular cellular environment, which pres-
ents increased levels of oxidative stress and the 
formation of toxic hIAPP species, the use of anti-
oxidant natural polyphenols for the treatment or 
modulation of type-2 diabetes can be regarded as 
an interesting multifunctional strategy able to 
reduce hIAPP toxicity through the inhibition of 
the formation of on-pathway oligomers, as well 
as reduce cellular oxidative stress through their 
antioxidant activity, leading to the restoration of 
the concentration of intracellular ROS to healthy 
physiological levels.

EGCG is one of the natural polyphenols more 
widely studied for its ability to modulate hIAPP 
cytotoxicity. Different in  vitro studies have 
shown that it is able to inhibit the formation of 
hIAPP β-sheets reducing its cytotoxicity toward 
pancreatic β-cells [59, 72]. In fact, it has been 
shown that, in the presence of EGCG and nega-
tively charged lipid bilayers, hIAPP aggregates 
faster. A possible explanation for this observation 
is the interaction of EGCG with the lipid bilayer 
that leads to its insertion in the upper lipid chain 
region, as well as to the decrease on the packing 
of the lipids. In a similar fashion, resveratrol has 
been proposed to interact strongly with the 
exposed hydrophobic regions of soluble hIAPP, 

masking these sites and blocking the interaction 
between hIAPP and the lipid bilayer. Molecular 
simulation studies are consistent with these find-
ings, showing that resveratrol is able to inhibit 
hIAPP fibril elongation on the surface of the 
cell’s basement membrane by altering the sec-
ondary structure of hIAPP to an α-helix confor-
mation while blocking the structural transitions 
(i.e., formation to 𝛽-sheet conformations) 
required for further aggregation [60]. This type of 
interactions, as the ones described here for hIAPP 
and EGCG/resveratrol, is not universal when 
other amyloids are considered. In addition, the 
efficacy against amyloid aggregation in solution 
is not a guarantee of activity against membrane- 
mediated aggregation or pore formation. EGCG 
and resveratrol present surprisingly different 
activities in the modulation of hIAPP- induced 
cellular damage: while EGCG presents a higher 
capacity to reduce the cytotoxicity of amyloido-
genic peptides and modulate their secondary 
structure, in the specific case of hIAPP, resvera-
trol is more efficient than EGCG in reducing the 
cytotoxicity of its oligomers toward pancreatic 
𝛽-cells [89]. It has been also shown that pancre-
atic 𝛽-cells that overexpress hIAPP benefit from 
the presence of resveratrol through the (1) reduc-
tion of TSC2 nitration levels, a marker of oxida-
tive stress; (2) ameliorated MTORC1 activation, 
a signaling pathway to suppress the autophagy 
system, important for the clearance of misfolded 
proteins; and (3) enhanced MAP1LC3 lipidation 
levels, which indicates the restoration of autoph-
agy degradation system and recovery of intracel-
lular homeostasis [83].

In addition to EGCG and resveratrol, there are 
other natural compounds that have been evalu-
ated for their ability to act in the pathological 
mechanisms that lead to hIAPP cytotoxicity and 
type-2 diabetes. In the case of myricetin, it has 
been shown that it is able to lower hIAPP 
 fibrillization with similar outcomes as EGCG. It 
has been also shown that it enhances early pore 
formation; however, in latter stages, it suppresses 
fibril growth on the surface of the lipid membrane 
[60]. Curcumin has been also reported to protect 
pancreatic β-cells against hIAPP toxicity; how-
ever, curcumin itself becomes cytotoxic at micro-
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molar concentrations. In fact, despite the ability 
of curcumin to inhibit hIAPP aggregation and the 
capacity to partially protect INS cells from exog-
enous hIAPP toxicity, it has been shown that due 
to its cytotoxicity, it is unlikely to be therapeuti-
cally useful for controlling type-2 diabetes [76]. 
Oleuropein is another natural polyphenol able to 
remodel hIAPP secondary structure during its 
aggregation pathway, avoiding the formation of 
toxic oligomeric forms, consistently preventing 
hIAPP cytotoxicity on RIN-5F pancreatic 𝛽-cells. 
The mechanism of its protective role is reported 
to be the interference on the interaction between 
the cell basement membrane and hIAPP cyto-
toxic species, which occurs exclusively through 
the interaction of oleuropein and the cell mem-
brane, as shown by fluorescence microscopy and 
synthetic lipid vesicle permeabilization studies 
[55]. Finally, quercetin [64] and baicalein [81] 
have been also reported to reduce the hIAPP- 
induced cytotoxicity toward INS-1 β-cells in a 
dose-dependent manner through an antioxidant 
mechanism and remodeling of the hIAPP sec-
ondary structure.

In this section, we gave a brief overview of 
some of the most studied natural polyphenols 
able to inhibit or modulate the hIAPP aggrega-
tion while controlling the subsequent biochemi-
cal cascade of events that lead to pancreatic β-cell 
dysfunction/death. However, many other natural 
polyphenols have been proposed as direct inhibi-
tors of hIAPP aggregation, as well as of other 
aggregation-prone peptides and proteins, such as 
Aβ42 or alpha-synuclein related to AD and 
Parkinson disease, respectively [40, 90].

11.4.3  In Vivo Evaluation Studies

The reported biophysical studies are based on 
in vitro reductionist approaches that not always 
can be translated to the in vivo setting. However, 
the in vitro cell culture experiments report the 
ability of several natural polyphenols to amelio-
rate the hallmarks of type-2 diabetes, leading to 
their evaluation under different animal models. 
These in  vivo studies typically use transgenic 
mice, whose pancreatic 𝛽-cells overexpress 

hIAPP. This is an essential requirement because 
the ability for IAPP to aggregate in vitro is spe-
cies dependent. For example, the cat and human 
IAPP sequences oligomerize and form fibrils in a 
timeframe of hours, while others, such as the rat/
mice and pig sequences, have low propensity to 
form amyloid aggregates [91]. These hIAPP 
transgenic animals (e.g., tg-mice) are able to 
present several type-2 diabetes features, namely, 
high blood glucose, reduced levels of insulin in 
the blood, high glucagon levels, and hIAPP fibril-
lar deposits [92].

The described animal model has been used to 
evaluate the ability of different polyphenols to 
modulate the reported type-2 diabetes hallmarks. 
In this context, EGCG is one of the most studied 
natural polyphenols due to its previously 
described in  vitro ability to rescue pancreatic 
β-cell dysfunction and death, upon exposure to 
cytotoxic levels of hIAPP [93, 94]. Franko et al. 
[72] showed that the in  vivo administration of 
EGCG reduced fibril formation in nondiabetic tg- 
mice. However, no significant changes were 
observed in the deposition of hIAPP aggregates 
in the pancreas of diabetic tg-mice animals, after 
treatment with EGCG during 3  weeks, which 
might be related with the EGCG low dose. The 
authors speculate that in diabetic tg-mice, it 
might be necessary higher doses of EGCG to 
achieve an effective reduction of hIAPP aggrega-
tion in the pancreas. Additional in  vivo studies 
report the ability of different natural polyphenols 
(e.g., rutin, quercetin, and resveratrol) to modu-
late insulin resistance, oxidative stress, or pancre-
atic β-cell mass. The oral administration of rutin 
conducted on hemizygous hIAPP tg-mice dou-
bled their long-term survival, prevented the loss 
of bodyweight (reducing the severity of the dis-
ease), and delayed the increment of blood glu-
cose, reflecting a decrease in the rate of the 
progression of the disease [78]. In another study, 
quercetin improved enzymatic markers for oxi-
dative stress, decreased lipid peroxidation, low-
ered plasma glucose and glycated hemoglobin, 
and finally reduced oxidative stress in 
streptozotocin- induced diabetic rats [62]. 
Resveratrol has been also tested, and it was able 
to improve the glucose tolerance in diabetic mice, 
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with a significant increase in both the pancreas 
weight and β-cell mass. It is also able to reduce 
oxidative stress, through the modulation of 
8-OHdG levels (a marker for ROS), accompanied 
by a significant decrease on islet fibrosis [95, 96].

The reported in vivo studies confirm the abil-
ity of natural polyphenols to modulate the hall-
marks of type-2 diabetes and control the 
progression of the disease. Moreover, there are an 
increasing number of studies that consistently 
link type-2 diabetes (and hIAPP) with AD.  In 
fact, in vitro studies have shown that modifica-
tions in the hIAPP C-terminal or the reduction of 
its C2-C7 disulfide bond decreases its biological 
activity and the formation of toxic on-pathway 
oligomers [34]. Such oligomers are known to 
form deposits in peripheral organs in type-2 dia-
betes patients, in particular in the brain of patients 
that present both type-2 diabetes and AD. These 
findings may lead in the near future to the publi-
cation of a significant number of in vivo studies 
to evaluate the link between type-2 diabetes (or 
hIAPP) and AD, as well as to better understand 
the role of hIAPP in brain functions, such as con-
trolling appetite and cognition [97].

11.4.4  Clinical Trials Using Natural 
Compounds

There are a series of in vivo studies that evaluate 
the ability of natural polyphenols to modulate the 
hallmarks of type-2 diabetes with important posi-
tive outcomes; however, their translation into 
clinical trials has been limited. The human clini-
cal studies reported until now are mainly focused 
on EGCG, which has been shown to present ben-
eficial effects on type-2 diabetes, through the 
recovery of normoglycemia (i.e., maintenance of 
physiological levels of blood glucose) and hemo-
globin levels; however these observations were 
not universal, i.e., some trials present contradic-
tory outcomes [47]. Resveratrol, one of the main 
polyphenols in red wine, has been also evaluated 
on its ability to modulate endothelial function in 
patients with type-2 diabetes [43]. Clinical trials 
to test the efficacy of quercetin to lower blood glu-
cose and blood vessel function in type-2 diabetes 

have been also conducted [64]. Most of the clini-
cal trials performed until now are based on the 
ability of the compounds to ameliorate the mark-
ers of type-2 diabetes, e.g., blood glucose levels, 
etc.; however, the source of this outcomes is usu-
ally not evaluated in detail. In this context, it is 
missing clinical results that link the modulation of 
the disease progression with the ability to inhibit 
the aggregation/oligomerization of hIAPP in the 
pancreas of type-2 diabetes patients. In contrast to 
type-2 diabetes, there are a significant number of 
clinical trials testing the ability of natural poly-
phenols to improve the clinical outcome of other 
amyloid-based disorders (e.g., AD). In fact for the 
AD case, it has been evaluated under clinical trials 
the ability of natural polyphenols (e.g., EGCG, 
resveratrol, curcumin, among others) to inhibit 
the aggregation of amyloid-β and Tau [48].

11.5  Conclusions

Type-2 diabetes is a multifactorial disease char-
acterized by the deposition of misfolded hIAPP 
in the pancreas, high blood glucose levels, 
impaired glucose tolerance, and increased stress 
on pancreatic islets, among other hallmarks. It is 
relevant to point out that, while contributing to 
the development of type-2 diabetes, misfolded 
oligomeric hIAPP species may also be involved 
in the onset and progression of AD and cardio-
vascular diseases. The central role of hIAPP in 
the type-2 diabetes has been suggested by a vast 
number of studies, making it an important target 
for the development of drugs able to control the 
progression of the disease. In this context, natural 
polyphenols are well-tolerated compounds, 
which are widely available in different foods 
used in the human diet. Some of them have been 
proven to present antidiabetic activity. In fact, 
polyphenols, in addition to their anti- 
hyperglycemic effects, are also antioxidant and 
anti-inflammatory molecules, which are able to 
ameliorate glucose metabolism and β-cell func-
tion and reduce insulin resistance. Importantly, 
they are able to remodel hIAPP supramolecular 
assemblies and reduce the cytotoxicity of on- 
pathway oligomers toward pancreatic β-cells.
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The use of natural polyphenols is a promising 
therapeutic approach to control type-2 diabetes 
due to the presence of phenolic rings, which are 
at the basis of their ability to inhibit hIAPP oligo-
merization. In addition, it is important to high-
light the fact that the hIAPP-polyphenol 
complexes are able to prevent different patholog-
ical events, in the intracellular environment of the 
pancreatic β-cells, such as decreasing the ROS 
imbalance, preventing the mitochondria and ER 
dysfunction, and reduction of the inflammatory 
cascade (Table 11.1). In addition, it is relevant to 
note that the antioxidant properties of the poly-
phenol (ROS scavenging) have been associated 
with the reduced risk of developing type-2 diabe-
tes; however further research to clarify the mech-
anisms behind this observation is required.

Most of the bioactivities of natural polyphe-
nols and their interaction with hIAPP have been 
confirmed under in  vitro studies. However, it is 
still lacking a more extensive number of in vivo 
studies to be able to further clarify the ability of 
these compounds to act under complex biological 
environments. Finally, there is a clear lack of clin-
ical trials (with individuals diagnosed with predi-
abetes and type-2 diabetes) to be able to evaluate 

and clarify the specific mechanisms of action of 
the natural polyphenols. Other important points to 
consider are as follows: the bioactivities are 
dependent on the type and class of polyphenol; 
there is a clear dose-dependent activity which 
might hinder their use in the type-2 diabetes con-
text; and it has been proposed the use of polyphe-
nol-rich diet in type-2 diabetes patients; however, 
it is important to evaluate their bioavailability fol-
lowing dietary intake to evaluate about the suit-
ability of this approach. Finally, several reports 
show that the activity of natural polyphenols in 
the aggregation of hIAPP and their ability to con-
trol the progression of the disease are dependent 
on the stage at which the administration starts, 
i.e., early versus late stages of the disease. Overall, 
natural polyphenols have demonstrated benefits 
in controlling the progression of type-2 diabetes; 
however, the translation from the in vitro studies 
to in vivo and clinical trials has not been straight-
forward. A significant number of new studies 
closer to the clinical practice are expected in the 
near future to complement the positive in  vitro 
experimental evidences and to evaluate if these 
compounds are able to perform under complex 
biological environments.

Table 11.1 Comparison of the bioactivity of different natural compounds for distinct type-2 diabetes-related targets 
under chemical, biological, in vivo, and clinical assessments

Classification Compounds Activity/outcome Methods/target References
Chemical EGCG

Oleuropein
Resveratrol
Curcumin

Remodeling of the hIAPP’s 
supramolecular assemblies;
disruption of hIAPP secondary 
structure

Remodeling of the 
supramolecular assembly: 
ThT assay; AFM; TEM; CD

[47, 52, 54, 
55, 60, 
70–74]

Biological EGCG
Oleuropein
Resveratrol
Curcumin

Improves enzymatic antioxidant 
defenses; inhibition of ROS 
imbalance; ameliorate 
inflammatory cascade; improves 
autophagy homeostasis

Antioxidant imbalance; 
RAGE-Nox1-mediated 
pathway; inflammasomes 
(NLRP3) initiate a pyroptotic 
cascade; rapamycin complex 
1 (mTORC1)

[55, 59, 60, 
64, 72, 76, 
81, 85, 90]

In vivo EGCG
Rutin
Quercetin
Resveratrol

Reduction of hIAPP intermediate 
species formation; modulate insulin 
resistance, oxidative stress, or 
pancreatic β-cell mass: Decreased 
lipid peroxidation, lowered plasma 
glucose and glycated hemoglobin, 
and reduced oxidative stress

Diabetic tg-mice: monitor 
weight and glucose; 
postmortem analysis; 
RAGE-Nox1-mediated 
pathway; rapamycin complex 
1 (mTORC1); inflammasomes 
(NLRP3) – pyroptotic cascade

[62, 72, 78, 
94–97]

Clinical 
studies

EGCG
Resveratrol
Quercetin

Recovery of normoglycemia and 
hemoglobin levels; modulation of 
the endothelial function; lower 
blood glucose and blood vessel 
function

Clinical observations [43, 47, 48, 
64]
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Recent Advances of Biphasic 
Calcium Phosphate Bioceramics 
for Bone Tissue Regeneration
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Abstract

Biphasic calcium phosphate bioceramics con-
sist of an intimate mixture of hydroxyapatite 
(HA) and beta-tricalcium phosphate (β-TCP) 
in varying ratios. Due to their biocompatibil-
ity, osteoconductivity, and safety in in  vitro, 
in vivo, and clinical models, they have become 
promising bone substitute biomaterials and 
are recommended for use as alternatives for or 
as additives in bone tissue regeneration in var-
ious orthopedic and dental applications. Many 
studies have demonstrated the potential uses 
of BCP bioceramics as scaffolds for tissue 
engineering. Here, we highlight the recent 
advances in the uses of BCP bioceramics and 
functionalized BCPs for bone tissue 
regeneration.

Keywords
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12.1  Introduction

Bone tissue regeneration is a complex and well- 
orchestrated process of biological events of bone 
induction and conduction to optimize skeletal 
repair and restore skeletal function [1]. Currently, 
autografts and allografts are commonly performed 
and are considered as the gold standard for bone 
replacement surgery. However, their clinical 
applications are still challenging due to several 
disadvantages, such as the limited supply of donor 
bone graft, a secondary trauma for autograft, and 
the immune reactions against the allograft [2].

Synthetic or natural bioceramics with proper-
ties similar to native bone have been developed as 
alternatives to autografts or allografts for bone 
replacement. The most common bioceramics are 
calcium phosphate (CaP)-based biomaterials, 
including hydroxyapatite (HA), α- and 
β-tricalcium phosphates (α-TCP, β-TCP), octa-
calcium phosphate (OCP), amorphous calcium 
phosphate (ACP), and biphasic calcium phos-
phates (BCP) [3, 4]. Due to their biocompatibil-
ity, safety, availability, low morbidity, and 
cost-effectiveness over autografts and allografts, 
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these CaP bioceramics are commonly used for 
medical and dental applications, such as treat-
ment of bone defects and fracture, joint 
 replacement, dental implants, and periodontal 
therapy [5].

BCPs consist of a more stable hydroxyapatite 
[HA, Ca10(PO4)6(OH)2] and a more soluble beta- 
tricalcium phosphate [β-TCP, Ca3(PO4)2] in differ-
ent proportions. Among the CaP biomaterials, 
BCPs have significant advantages over other CaP 
materials. Variations in the HA/β-TCP ratio can 
modulate their bioactivity and balance between 
resorption and solubilization which guarantees the 
stability of the biomaterials while promoting bone 
ingrowth [6]. However, their inherent brittleness is 
not suitable in load-bearing bone applications [7]. 
Despite their brittleness, depending on the ratio of 
HA and β-TCP, various BCP ceramics can be 
obtained for the application to large bone defects 
as well as customized pieces [8]. Additionally, 
owing to their suitable degradation rates and 
chemical similarity to the mineral phase of the 
bone, they have common clinical applications in 
the fields of dental and orthopedic surgery [6, 9, 
10]. Previous studies have shown that BCP-based 
materials have osteoconductive properties in a 
specific HA/β-TCP ratio, leading to enhanced 
osteoblast proliferation and osteogenic differentia-
tion [11–14]. In addition to osteoconductivity, 
BCP-based materials have osteoinductivity, that is, 
the property of graft materials in which it induces 
de novo bone formation with biomimetic sub-
stances such as bone morphogenic proteins 
(BMPs). Indeed, recent study suggested that the 
optimization of the material characteristics can 
endow biomaterials with osteoinductive ability 
[15]. Indeed, the researchers showed that BCP 
(30% HA and 70% β-TCP) promoted much greater 
expression of BMP-2 and showed higher osteoin-
ductivity in  vivo than BCP (70% HA and 30% 
β-TCP), pure β-TCP, and HA [15]. However, 
BCP-based scaffolds still have a limitation toward 
new bone formation due to their lack of intrinsic 
osteoinductivity.

To enlarge the application of BCPs in bone tis-
sue regeneration, many researches have focused 
on the development of the functionalized BCP 
scaffolds by combining with various polymers 

and adding bioactive factors. In this chapter, we 
describe the characteristics of BCPs and mar-
keted BCP products. Also, we review the latest 
advances in the study of various functionalized 
BCPs for enhancing bone tissue regeneration.

12.2  Characteristics of BCPs

BCPs are composed of two phases such as a more 
stable HA and a more soluble β-TCP in different 
ratios. As a first phase, HA is ideal material for 
bone substitute and is commonly used because of 
its similarity to the mineral phase of the bone and 
better mechanical properties. However, the biore-
sorption of a more stable HA is slower than other 
CaP such as TCP. These non-resorbable and bio-
inert properties of HA lead to incomplete remod-
eling of the bone [16]. Thus, HA is usually 
combined with other bioresorbable bone phases 
at an appropriate ratio because its bioresorption 
rates can be controlled by the HA/TCP ratio. As a 
second phase, β-TCP is generally selected 
because it has a higher chemical stability and bio-
degradation rate [17]. The composite BCP ceram-
ics, comprising a mixture of HA with good 
osteoconductivity and β-TCP with high resorp-
tion, proved to be highly biocompatible with 
good osteoconductive properties in specific ratios 
of HA/β-TCP [11, 18]. By manipulating the 
HA/β-TCP composition ratios, it is possible to 
optimize the biodegradation rate of BCPs [19]. 
Therefore, biodegradation kinetics of BCPs 
depends on the types of chemical phases (HA/β- 
TCP) and their percentage ratios, where the 
higher the TCP ratio, the higher is the biodegra-
dation of the BCPs. The biodegradation process 
of BCPs is also influenced by several other fac-
tors. For instance, a lower porosity and surface 
area or a higher crystallinity and larger particle 
sizes exhibited a slower biodegradation rate [6, 
20]. Importantly, the higher biodegradation of 
BCPs facilitates an increase of calcium (Ca2+) 
and phosphate (HPO4

2−, PO4
3−) ion concentration 

in the vicinity of the bone cells. This results in 
osteogenic differentiation and the subsequent 
mineralization of extracellular matrix (ECM) in 
the newly generated bone [21–23].
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12.3  Marketed BCP Products

Due to these characteristics, many BCP bone 
substitute products, with suitable composition 
ratios of HA and TCP, are commercially avail-
able for various orthopedic and maxillofacial 
applications, as summarized in a previous review 
article [6]. Some of the marketed BCP products 
are as follows. For alternative autogenous bone 
grafts, Graftys BCP® (Latin American Solutions 
(LAS), Brazil) has been marked in several forms 
such as granules, sticks, cylinders, and wedges. 
This product is a micro-, meso-, and macro- 
porous two-phase CaP ceramic consisting of 
60% HA and 40% β-TCP, which facilitates long- 
term volume stability by decelerating the overall 
resorption capabilities and promoting a more 
stable and uniform bone growth [24]. Bicera™ 
(60% HA and 40% β-TCP, Wiltrom Co., Ltd.) 
shows good biocompatibility in vivo without side 
effects such as abnormal inflammation at implan-
tation sites. Although complete absorption and 
replacement were not observed after 6 months of 
implantation, new bone regeneration was seen to 
occur effectively on the surface of the periphery 
in the specimens with the use of Bicera™. 
Another synthetic BCP, OSOPIA (>90% TCP 
and <10% HA), is manufactured by NextGen 
Biomaterials (London, UK) and is much closer to 
biologically derived bone grafts than the standard 
synthetic materials [25]. OSOPIA features higher 
bone ingrowth rates than BCP grafts and a more 
controlled cellular-induced resorption pattern 
compared to standard TCP materials [26].

Based on these results, most studies have 
reported that, regardless of the HA/β-TCP ratio, 
BCP scaffolds generally enhance the rate and 
quality of bone tissue regeneration compared to 
empty control groups. In this regard, the various 
types of BCP bioceramics are considered as the 
best materials for bone tissue regeneration 
because they possess the inorganic phase of the 
bone ECM with mineral composition similar to 
that of natural bone. It has been reported that only 
BCPs with HA/β-TCP ratios of 65/35, 60/40, and 
50/50 have been successfully applied in human 
clinical trials [27–29]. For an example, Artzi 
et al. reported that the combination of BCP (50% 

HA and 50% β-TCP) with particulate autogenous 
bone chips in a 1 to 1 ratio showed osteoconduc-
tive properties and promoted newly formed bone 
[27]. More recently, clinical trials have been 
studied to compare the new bone formation of 
two BCPs (B1, 60.28% HA and 39.72% β-TCP; 
B2, 78.21% HA and 21.79% β-TCP) and 
BoneCeramic (61% HA and 39% β-TCP) in fresh 
dental sockets after 6 months [30]. In this study, 
the B1 group showed the greatest amount of 
newly formed bone compared to other groups 
after 6 months. Although BCPs have shown bio-
compatibility, osteoconductivity, and new bone 
formation, currently, there is no general agree-
ment on an ideal HA/β-TCP ratio for BCPs in 
clinical applications. Therefore, various HA/β- 
TCP ratios have been evaluated by researchers to 
determine the best ratio for optimum bone 
regeneration.

12.4  Injectable BCPs/Polymer 
Scaffolds

Porous scaffolds provide the structural support 
for cell adhesion, proliferation, and differentia-
tion. They have been used as substrates for pro-
moting new bone formation at the defect through 
surgical procedures [31, 32]. From a clinical per-
spective, injectable scaffold systems are one of 
the best options for bone tissue regeneration of 
irregular-shaped bone defects.

Porous microspheres have been used as vehi-
cles for sustained drug or protein delivery due to 
their inherently small size, small volume, large 
surface area, and high drug loading efficiency 
[33]. Recently, Song and coworkers developed an 
injectable BCP (60% HA and 40% β-TCP)/
porous microsphere scaffold system through the 
surface immobilization of BCP nanoparticles 
modified with heparin on porous poly(lactic-co- 
glycolic acid) (PLGA) microspheres modified 
with positively charged L-lysine via electrostatic 
interactions [34]. Although this system showed 
enhanced ALP activity, calcium deposition, and 
expression of osteogenic differentiation genes 
(i.e., osteocalcin and osteopontin), only in vitro 
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results of this study were not enough to demon-
strate its enhanced osteogenesis effects.

Poly(methyl methacrylate) (PMMA) bone 
cement has been used in bone defects caused by 
osteoporosis due to its excellent mechanical 
properties [35, 36]. However, its bioinertness and 
non-degradation have limited its extensive appli-
cation in bone regeneration. To enhance its bio-
logical activity, HA could be incorporated into 
PMMA bone cement [37]. Although the formula-
tion of HA/PMMA bone cement has some advan-
tages, such as the excellent mechanical properties 
and injectability, it still has some limitations due 
to the slow biodegradation of HA in vivo, conse-
quently leading to a weakening of the interfacial 
integration between host bone tissue and cement 
[38]. Recently, Quan et al. fabricated a series of 
bioactive BCP (40%)/PMMA bone cements con-
taining different BCP contents (up to 40%) to 
achieve an adjustable resorption rate and to accel-
erate osteogenesis in vivo [39]. The increase of 
β-TCP content (30%, 50%, and 70% of β-TCP 
per BCP contents) in BCP/PMMA cements 
induced more mineralization and was seen to 
promote cell adhesion, proliferation, and differ-
entiation of rat bone marrow mesenchymal stem 
cells (rBMSCs) and osteogenesis. Furthermore, 
micro-computed tomography and histological 
studies have demonstrated that the growth rate of 
new bone was accelerated by increasing the 
β-TCP content in such BCP/PMMA cements.

Multichannel BCP granule (MCG, 60% HA 
and 40% β-TCP) is also an appropriate bone graft 
material due to its unique morphology, optimal 
porosity with interconnected pores, good 
mechanical strength, biocompatibility, osteocon-
ductivity, and biodegradability [40]. Additionally, 
its porous structure is much like the osteon of a 
natural bone and allows bone cells to attach, 
migrate, and proliferate in the defect site [41, 42]. 
However, its low weight and repellant nature 
make it difficult to handle them in clinical appli-
cations. To solve this problem, MCGs are mixed 
with a material that can hold them by its cohesive 
force and induce bone formation at the defect 
site. As one of the main ECM components, hyal-
uronic acid (HA) has been previously evaluated 
in conjunction with CaP granules for improving 

injectability and stimulating bone regeneration 
due to its non-toxicity, non-immunogenicity, vis-
cosity, and good biodegradability, as well as for 
its wound healing and drug delivery capabilities 
[43–46]. Recently, the addition of HA to MCG 
(0.7 mm, 60% HA and 40% β-TCP) resulted in 
injectable granules and allowed for their easy 
handling during the implantation [47]. Without a 
significant change in porosity, the injectable HA/
MCG exhibited greater cell viability and prolif-
eration in vitro, as well as better in vivo bone tis-
sue growth at critical sized defects after 4 weeks 
of implantation compared to MCG alone.

Calcium phosphate cement (CPC) with bio-
compatibility and osteoconductivity is consid-
ered as the most promising injectable filler 
material due to its identical composition to the 
mineral part of the bone [48]. However, the lack 
of interconnected porosity and inadequate pore 
size distribution in CPC cements may adversely 
affect bone growth. To improve biocompatibility, 
CPC has been incorporated with sucrose granules 
and/or different amounts of NaHCO3 and 
Na2HPO4 to achieve the desired size distribution 
and interconnected pores [49]. Additionally, to 
promote cell adhesion and differentiation through 
specific interactions with ligands and adhered 
cells, collagen has been adsorbed onto the sur-
face of these bioceramics because it is a major 
component of bone ECM [50–52]. Moreover, to 
further accelerate tissue regeneration, a potent 
osteoinductive growth factor, such as bone mor-
phogenetic protein-2 (BMP-2), is also incorpo-
rated into bioceramics [53]. Recently, Lee et al. 
developed an advanced injectable CPC bone 
cement system by incorporating 15% of the func-
tionalized MCGs (60% HA and 40% β-TCP) 
with collagen coating and BMP-2 loaded into 
CPC to enhance bone tissue regeneration [40]. 
The incorporation of the functionalized MCGs 
into CPC achieved a sustained BMP-2 release for 
1 month, as well as implant degradation behavior, 
resulting in boosted bone tissue growth as com-
pared to CPC matrix alone, in a rabbit femur head 
defect model after 2 and 4  weeks of 
implantation.
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12.5  Functionalized BCPs 
with Bioactive Molecules

12.5.1  Functionalized BCPs 
for the Delivery 
of Osteoinductive Growth 
Factors

As described above, BCP-based scaffolds have 
gained attention in the fields of dental and orthope-
dic surgery due to their excellent biocompatibility 
and biodegradability. However, BCP-based scaf-
folds alone are not sufficient to stimulate adequate 
revascularization, cellular reconstitution, or osteo-
genesis. Many researchers have tried to incorporate 
bioceramics into polymer scaffolds to improve bio-
activity [54], but due to the lack of bioactive signal-
ing molecules, bare BCP or bare BCP/polymer 
scaffold systems are not effective in promoting cell 
proliferation, osteogenic differentiation, and tissue 
regeneration. In particular, BCPs/polymer compos-
ite scaffolds do not have appropriate pore structures 
and interconnectivity for cell accommodation [55]. 
Therefore, a combination of an appropriate scaf-
fold and bioactive molecules has been suggested 
which play an extensive role in the stimulation of 
cell growth, migration, differentiation, and angio-
genesis [56–58].

Among the osteoinductive factors, BMP-2 has 
been widely used in bone tissue engineering 
because of its superior osteoinductive activity, 
which stimulates the gene expression of osteo-
genic markers such as osteocalcin, osteopontin, 
bone sialoprotein, and alkaline phosphatase dur-
ing osteoblast differentiation in vitro [59, 60]. To 
enhance bone tissue regeneration in vivo, several 
growth factors containing BCP ceramics were 
evaluated in animal models. Cho et al. found that 
BMP-2-loaded BCP (20% HA and 80% β-TCP) 
effectively induced new bone formation in the rat 
calvarial defect model [61]. Although new bone 
formation in 10 μg and 20 μg BMP-2/BCP groups 
was seen to be greater at 8 weeks than at 2 weeks, 
a statistically significant difference depending on 
the BMP-2 dose was not observed. On the other 
hand, bone replacement via alloplast needs to be 
accompanied by ample vascularization since it is 
one of the most important prerequisites for bone 

healing [62]. Recently, Arisan and coworkers 
showed that vascular endothelial growth factor 
(VEGF)-incorporated BCP (60% HA and 40% 
β-TCP) alloplast enhanced early-term new bone 
formation in femoral defect models [63]. 
However, although VEGF seemed to significantly 
contribute to recovery and osteogenesis in the 
early stages of bone defect healing, the new bone 
of the VEGF/BCP alloplast did not show a statis-
tically significant difference compared to that of 
bare BCP alloplast. Based on these results, it was 
evident that the simple mixing and incorporation 
of growth factors into BCP ceramics may not sig-
nificantly improve new bone formation in vivo. It 
may be possible that the growth factors were not 
released to the defect in a sustained manner due to 
the short retention of growth factors in vivo. When 
they are loaded into BCP scaffolds by soaking, all 
of growth factors are rapidly released at once and 
disappear completely within 2  days of scaffold 
implantation [64]. Due to the short in vivo half-
life of growth factors such as BMP-2, clinicians 
tried using a large dose of BMP-2. However, a 
high loading amount of BMP-2 onto a defect site 
may cause side effects like bone overgrowth and 
may also illicit an immune response [65].

To overcome these limitations, gradually 
degradable scaffolds with a sustained release of 
bioactive molecules are necessary to reduce the 
dose for clinical applications as well as to induce 
successful bone formation. By simply mixing 
BCP nanoparticles with heparin-alendronate 
(Hep-ALN), Kim and Park modified the surface of 
the BCPs (60% HA and 40% β-TCP) through the 
intense interactions between the phosphate groups 
of ALN and the calcium ions of BCP [66]. This 
modification prevents the BCPs from forming 
large particles due to the repulsion of negatively 
charged heparin molecules. Additionally, Hep-
ALN/BCPs extended the release profile of osteo-
inductive BMP-2 up to 30  days in a sustained 
manner, as a result of the strong electrostatic inter-
actions between Hep and BMP-2. This sustained 
release of BMP-2 from BCPs promoted the in vitro 
osteogenic differentiation of human adipose-
derived stem cells (hADSCs) and the in vivo bone 
tissue regeneration in a rat calvarial defect model. 
This proposed simple bio- functionalization tech-
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nique is applicable to CaP- based bioceramics and 
has potential in bone tissue engineering via the 
effective and sustained delivery of osteoinductive 
growth factors. As another example, Lee et  al. 
recently developed a new 3D scaffold system with 
the sustained release of dual growth factors such as 
BMP-2 and VEGF [67], since dual delivery of 
BMP-2 and VEGF exhibited a better and more 
efficient bone regeneration than that of single 
growth factor delivery [68, 69]. The new 3D scaf-
fold system (BNBV) was prepared by loading a 
sponge BCP (25% of nano-sized BCP powder) 
scaffold with 0.5% nano-cellulose (NC) contain-
ing BMP-2 and VEGF. This system resulted in the 
sustained release of the dual growth factors over a 
period of 30  days. This sustained release of the 
BNBV system better induced the cell attachment, 
proliferation, and differentiation of the rat bone 
marrow mesenchymal stem cells (rBMSCs) as 
compared to scaffold systems loaded with single 
growth factor. The use of cellulose in scaffolds, 
with its high density of hydroxyl groups, facili-
tates the immobilization of cell adhesive proteins 
[70]. BNBV scaffolds showed a higher amount of 
bone formation than BCP scaffolds, suggesting 
that the released dual growth factors from scaf-
folds resulted in accelerated bone healing mecha-
nism. In particular, an increase in vasculature of 
the newly deposited bone and connective tissue 
inside the pores demonstrated the angiogenic 
effect of the released VEGF. As a chemoattractant, 
VEGF promoted differentiation of osteoblasts and 
thereby promoted BMP-2-induced bone formation 
[71, 72]. Therefore, stem cell- loaded BNBV scaf-
folds increased the extent of bone and vessel for-
mation in the orthotopic site at 4 weeks.

Healing of bone defects is based on various 
biological cascade processes such as the recruit-
ment and activation of cell lineages, regulation by 
molecular mediators (i.e., chemokines, growth 
factors, and cytokines), and cooperation in a cas-
cade of events to fill the gap of bone fractures [73]. 
Considering the complicated bone healing cascade 
depends on a wide range of growth factors, it has 
been suggested that incorporation of various 
growth factors would be a more rational approach 
compared to using a specific growth factor for 
bone tissue engineering [74]. For more efficient 

bone repair, platelet-rich plasma (PRP) is a prom-
ising alternative approach because it contains vari-
ous growth factors, including platelet- derived 
growth factor (PDGF), transforming growth 
factor-β (TGF-β), epidermal growth factor (EGF), 
insulin growth factor (IGF), and VEGF [75, 76]. 
Although PRP can be used alone, the combination 
of PRP with scaffolds containing polymers has 
and ceramics has been suggested to enhance bone 
healing process. Previous studies have reported 
that the combination of PRP with various biomate-
rials and cell sources showed positive effects on 
bone regeneration [77] and led to improved osteo-
genesis in ADSCs [78]. Recently, Chen et  al. 
developed the thermo-gelling hydrogel scaffold by 
incorporating PRP and BCPs (60% HA and 40% 
β-TCP) in the thermo-gelling hydrogel, hyaluronic 
acid- g- chitosan-g-poly(N-isopropylacrylamide) 
(HA-CPN) [79]. This thermo-gelling HA-CPN/
PRP/BCP hydrogel scaffold exhibited highly effi-
cient cell proliferation and enhanced osteogenic 
differentiation. In vitro results revealed that PRP/
BCP boosts osteoblastic differentiation and ECM 
mineralization of ADSCs in a HA-CPN scaffold. 
Additionally, in vivo CT and histological analyses 
confirmed that ADSCs and HA-CPN/PRP/BCP 
system showed successful bone formation in a 
rabbit calvarial defect model. Taken together, 
combining osteoinductive PRP and osteoconduc-
tive BCP with a HA-CPN hydrogel system could 
promote the osteogenesis of ADSCs for bone tis-
sue engineering.

12.5.2  Functionalized BCPs 
for the Delivery of Small 
Molecular Drugs

As mentioned previously, osteoinductive growth 
factors have been incorporated in appropriate 
BCP scaffolds to render scaffolds with good 
osteoinductivity. However, the most commonly 
used osteoinductive proteins, including BMPs 
and TGF-β, can readily lose their bioactivity dur-
ing the preparation of these scaffolds [80]. To 
minimize denaturation and to maintain their bio-
activity, growth factors are usually incorporated 
into BCP scaffolds by physical adsorption. 
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However, the initial burst release of physically 
adsorbed growth factors is inevitable and cannot 
be retained in vivo at the implantation site for a 
long period [81]. Alternatively, osteoinductive 
small molecular drugs have drawn much atten-
tion for incorporation in scaffolds for bone tissue 
engineering due to their relatively high stability 
even in tough chemical environments [82].

Alendronate (ALN) can effectively inhibit bone 
resorption and induce osteogenic differentiation of 
osteoblasts, BMSCs, and ADSCs [83–85]. 
However, due to its high hydrophilic property, its 
oral bioavailability is only about 0.9%–1.8% [86]. 
Many researchers have tried to find appropriate 
delivery carriers that can provide an osteoconduc-
tive matrix for implantation at the bone repair sites 
[87, 88]. Song et al. prepared BCP (60% HA and 
40% β-TCP) scaffolds that maintained ALN con-
centrations at the repair site long enough to allow 
the bone-forming cells to migrate to the defect site, 
proliferate, and differentiate in response to ALN 
[89]. This ALN/BCP scaffold significantly 
enhanced osteogenesis and mineralization in vitro, 
and the locally delivered ALN might affect the 
remodeling of newly regenerated bone in vivo, thus 
promoting osteogenesis in a rat tibia defect model.

Dexamethasone (DEX) is one of the low- 
molecular weight osteoinductive factors for bone 
tissue regeneration [82]. DEX and HA nanoparti-
cles were hybridized with gelatin and poly(L- 
lactide) (PLLA) to construct a HA/DEX/PLLA/
gelatin composite scaffold by the electrospinning 
technique [90]. However, the problem of initial 
burst release and a short release period of DEX 
still needed to be solved. Recently, composite 
scaffold systems of collagen and DEX-loaded 
BCP nanoparticles were prepared for a sustained 
release of DEX, together with the calcium and 
phosphorous ions [91]. DEX-loaded BCP nanopar-
ticles were homogenously distributed on the walls 
of the collagen scaffolds, enhancing the mechani-
cal properties and roughness of the scaffolds. The 
sustained and prolonged release of DEX from the 
scaffolds was achieved for up to 35  days. This 
scaffold system, with good biocompatibility, 
enhanced the osteogenic differentiation of human 
BMSCs in vitro depending on the concentration of 
DEX, by increasing ALP activity and gene expres-

sion of ALP, runt-related transcription factor-2 
(RUNX2), bone sialoprotein 2 (IBSP), and BMP-2 
both in vitro and in vivo. Furthermore, the scaffold 
increased the concentration of collagen I and 
osteocalcin in the in vivo environment.

12.5.3  Functionalized BCPs 
for Immunomodulation

Osseointegration is a direct contact between bone 
and the implanted biomaterials. During the osseo-
integration process, inflammation and immune 
reactions can be observed at the implanted sites 
[92, 93]. Although TGF-β1 plays many important 
roles in regeneration processes, it is mostly related 
to the increased production of fibrotic tissue [94, 
95]. Therefore, recent studies suggested that the 
inhibition of TGF-β1 is an alternative strategy for 
enhancing osseointegration around medical 
implants by preventing several fibrotic reactions 
[96–98]. Among TGF-β1 inhibitors, it has been 
known that P144 (TGF-β1 inhibitor peptide) 
blocks the binding of TGF-β1 with its receptor 
[99–101]. Previous results showed that P144-
biofunctionalized CP-Ti surfaces reduced fibrotic 
differentiation and increased osteoblastic differen-
tiation [96]. Also, the inhibiting TGF-β1 can pre-
vent the formation of fibrotic tissues or induce 
osseointegration around the implanted biomateri-
als [97, 98]. In a recent study, Gil group demon-
strated that P144- biofunctionalized BCPs (60% 
HA and 40% β-TCP) in the hemimandibles of 
beagle dogs after tooth extraction maintained a 
stable membranous bone formation and showed 
the constant presence of vascular structures in the 
alveolar space compared to bare BCPs [102]. 
These results suggested that immunomodulation 
using TGF-β1 inhibitor peptide can be an alterna-
tive strategy for enhancing osseointegration of the 
implanted biomaterials.

12.6  Conclusion

In summary, due to the excellent biocompatibil-
ity, biodegradability, bioactivity, safety, and cost- 
effectiveness over autografts and allografts, BCP 
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scaffolds ranging from nanoparticles to granules 
are very attractive biomaterials with preclinical 
and clinical applications for bone tissue engi-
neering. Although BCP scaffolds have good 
osteoconductivity, bare BCP scaffolds alone are 
not enough to significantly improve osteogenic 
differentiation in vitro and new bone formation 
in vivo. As summarized in Table 12.1, to achieve 
more effective bone tissue regeneration, osteoin-
ductive molecules, including growth factors or 
small molecular drugs, have been combined with 
BCP scaffolds or BCP/hydrogel polymer sys-
tems. By combining these bioactive molecules 
with BCPs or BCP/hydrogel polymer scaffolds, 
their initial burst release and short retention time 
in vitro and in vivo could be overcome, thereby 
promoting cell proliferation, osteogenic differen-
tiation, and new bone tissue regeneration. 
However, efforts are still required to find the opti-
mal BCP-based scaffolds with the most effective 
clinical outcomes.
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Surface-Modifying Polymers  
for Blood-Contacting Polymeric 
Biomaterials
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Abstract

Bulk blending is considered as one of the most 
effective and straightforward ways to improve 
the hemo-compatibility of blood-contacting 
polymeric biomaterials among many surface 
modification methods. Zwitterionic structure-, 
glycocalyx-like structure-, and heparin-like 
structure-based oligomers have been synthe-
sized as additives and blended with base poly-
mers to improve the blood compatibility of 
base polymers. Fluorinated end- and side-
functionalized oligomers could promote the 
migration of functionalized groups to the sur-
face of biomedical polymers without chang-
ing their bulk properties, and it highly depends 
on the number and concentration of functional 
groups. Moreover, oligomers having both 
zwitterion and fluorine are receiving consider-
able attention due to their desirable phase 

separation, which can avoid undesired protein 
adsorption and platelet adhesion. The surface 
analysis of the surface-modified materials is 
usually investigated by analytical tools such as 
contact angle measurement, atomic force 
microscopy (AFM), and X-ray photoelectron 
spectroscopy (XPS). Blood compatibility is 
mainly evaluated via platelet adhesion and 
protein adsorption test, and the result showed 
a significant decrease in the amount of unde-
sirable adsorption. These analyses indicated 
that surface modification using bulk blending 
technique effectively improves blood compat-
ibility of polymeric biomaterials.
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13.1  Blood-Contacting Medical 
Devices

Thrombosis is the most critical issue of blood- 
contacting medical devices, which often leads to 
device failure, patient morbidity, and patient 
mortality [1–4]. A large number of polymeric 
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biomaterials (e.g., intravascular catheters, coro-
nary artery and vascular stents, blood-loop 
 circuits, prosthetic heart valves, and artificial kid-
neys) have been used for a variety of blood- 
contacting and extracorporeal devices due to 
their suitable biocompatibility and mechanical 
properties [5]. However, their hemo- compatibility 
should be improved for wider range of applica-
tions. The interaction of implanted blood- 
contacting polymeric biomaterials with the blood 
is very complicated and requires broad knowl-
edge of several fields of research in order to 
understand it correctly.

When an artificial polymeric device contacts 
with the blood, in the first step toward thrombus 
formation, plasma proteins rapidly adsorb on the 
surface of device to form a layer of adherent pro-
teins [6–8]. Both adherent platelets and adsorbed 
proteins induce the complement activation and 
attract some immune cells such as white blood 
cells, allowing the immune system to identify the 
implanted material surface as incidental harmful 
effects and secrete inflammatory chemokines to 
promote inflammation. Furthermore, adhered 
platelets are aggregated on the device surface via 
the coagulation cascade. As a result, interactions 
between the blood and an implanted material 
contribute gradually to the complications of 
thromboembolism, which can impair device 
function and cause fatal complications [9]. Using 
this process, researchers measured the blood 
compatibility by quantifying the platelets and 
proteins adsorbed on the surface of polymeric 
biomaterials.

Considerable attention has been given to the 
surface modification of biomedical polymers to 
address the need, which is divided into three 
methods: non-covalent coating, grafting, and 
bulk blending [10–13]. Coating technologies 
include physical networking through intermolec-
ular interactions, plasma deposition technolo-
gies, layer-by-layer technologies, 
Langmuir-Blodgett techniques, and dip coatings 
[14–18]. Grafting methods are divided into 
“grafting from” for surface-initiated polymeriza-
tion and “grafting to” for immobilizing the pre-
synthesized polymer [19]. These include 
UV-induced grafting, chain growth grafting using 

reverse addition-fragmentation chain transfer 
(RAFT) and atom transfer radical polymerization 
(ATRP), and graft-to-surface methods using 
crosslinking and dipping [20–23]. Although non-
covalent coating and grafting methods have been 
widely applied for improving blood compatibil-
ity of blood-contacting polymers, some draw-
backs such as low adhesion stability for surface 
coatings and complex process for grafting 
method have been raised.

Surface modification by bulk blending is more 
effective and simpler way. This can be achieved 
by only blending bio-functional materials with 
base polymers. The blending of oligomers with 
these base polymers has benefits of combining 
oligomers with base polymers at different ratios 
to obtain optimum properties. This method is 
also highly productive and efficient, as it does not 
require subsequent manufacturing steps, unlike 
other surface modifications. In addition, this has 
non-leaching advantage as compared to other 
technologies with leaching concern.

13.2  Non-fluorinated Oligomers 
as Surface-Modifying 
Polymers

13.2.1  Zwitterionic Oligomers

Zwitterion is a substance that has both positive 
and negative charges within a molecule and has 
received much attention in the biomaterial fields 
due to its anti-biofouling and antithrombotic 
effects. Studies employing zwitterionic mono-
mers, such as phosphorylcholine (PC), carboxyl 
betaine (CB), and sulfobetaine (SB), have dem-
onstrated that electrostatic interaction with water 
molecules induces a hydration layer on the sur-
face of a material, which reduces cell adhesion 
and protein absorption [26–29]. This process 
greatly contributes to the enhancement of hemo-
compatible property (Fig. 13.1).

Especially, Ishihara et  al. first designed bio-
membrane mimetic PC group, i.e., 
2- methacryloyloxyethyl phosphorylcholine 
(MPC). The low molecular weight MPC-based 
poly(2-methacryloyloxyethyl phosphorylcho-

C.-M. Lim et al.



191

line-co-methacryloyloxyethyl butyl urethane) 
(PMBU) and polysulfone (PSf) have been 
blended to prepare protein-adsorption-resistant 
biodegradable porous membrane [30]. Surface 
characterization by X-ray photoelectron spec-
troscopy (XPS) showed that the surface of PSf/
PMBU blended membrane contains MPC units. 
Furthermore, the hemo-compatibility of PSf 
membrane was significantly improved by the 
MPC group. A large amount of proteins adsorbed 
on the surface of PSf, but the amount drastically 
decreased on the surface of PSf/PMBU. The per-
meability after protein adsorption was also 
improved. In the case of original membrane, the 
permeability for cytochrome C decreased by 
35%. On the other hand, the permeability of PSf/
PMBU membrane was maintained. The orga-
nized layer of adsorbed proteins leads to a reduc-
tion in permeability of the membrane via 
adhesion of platelets and their activation. These 
problems would be solved by adding PMBU as 
the interaction between the membrane and the 
protein becomes weak. The water contact angle 
of the surface decreased as the composition of 
MPC polymer increased because of its strong 
hydrophilicity. The hydrophilicity is one of the 

important factors for preventing protein adsorp-
tion in hemodialysis membrane.

Poly(lactide-co-glycolide) (PLGA) has been 
researched in biomaterials fields for its biodegrad-
ability and non-toxicity [31]. However, inflamma-
tory responses should be discussed further, and 
oligomers of poly(2-methacryloyloxyethyl phos-
phorylcholine-co-2-ethylhexyl methacrylate) 
(PMEH) have been blended with PLGA [32]. 
PLGA/PMEH blended membranes were synthe-
sized using a solvent casting method to impart 
both anti-biofouling nature and anti- inflammatory 
property to base polymer. Thermal properties 
were analyzed via a differential scanning calorim-
eter (DSC), and the results showed that PLGA 
and PMEH were mixed homogeneously. XPS 
analysis revealed that the MPC units exist on the 
surface of the PLGA/PMEH membrane and the 
concentration of MPC units observed at the sur-
face increased as the concentration of mixed 
PMEH increased. In addition, on the PLGA/
PMEH membrane, NIH-3  T3 mouse fibroblast 
cells were cultured for 2  days. The number of 
adherent cells decreased with an increase of the 
concentration of the PMEH. The amount of inter-
leukin- 1b (IL-1b) mRNA (inflammatory cytokine 

Fig. 13.1 Illustration of zwitterionic polymer structure and their effects
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expressed from adhered human promyelocytic 
leukemia cells) on the PMEH blended membranes 
was also significantly lower than that on PLGA 
membrane with no difference in the number of 
human promyelocytic leukemia cells.

Low molecular weight MPC oligomers 
blended with a novel cellulose acetate (CA) 
membrane were achieved to improve blood com-
patibility for filtration system [33]. MPC-based 
copolymers were synthesized from MPC and 
n-butyl methacrylate (MPC/n-butyl methacry-
late=30/70 molar ratio; PMB30), and a porous 
structure was prepared by a phase inversion 
method. The permeability and mechanical prop-
erties of the blended membrane could be con-
trolled by tuning reaction conditions including 
solvent evaporation time and the composition of 
the solvent. XPS analysis confirmed that the 
MPC units are present on the surface of the 
blended membrane. Water contact angle mea-
surement showed that surface hydrophilicity 
increased by the addition of PMB30. This also 
indicates that the MPC units exist on the surface 
of the blended membrane. Furthermore, the CA/
PMB30 blended membranes showed excellent 
hemo- compatibility due to the zwitterionic prop-
erty of MPC units such as promoting the hydra-
tion on the surface. Protein adsorption resistance 
of the blended membrane surface dramatically 
improved against immunoglobulin G (IgG), 
fibrinogen (Fg), and albumin when compared to 
the original membrane.

Another zwitterionic structure is CB, and 
polysulfone (PSF)-modified ultrafiltration (UF) 
membranes were prepared via surface zwitter-
ionicalization from a PSF-based block copoly-
mer additive containing poly(N,N-dimethylamino 
-2-ethylmethacrylate) (PDMAEMA) blocks [34]. 
Triblock copolymers (PDMAEMA-b-PSF-b-
PDMAEMA) were synthesized using condensa-
tion polymerization and atom transfer radical 
polymerization (ATRP). This copolymer was 
blended with PSF resin to form membranes by 
phase inversion process. The PDMAEMA chains 
on the surface of the membrane were transformed 
into zwitterionic poly(carboxybetaine methacry-
late) (PCBMA) by quaternizing the membrane 
with 3- bromopropionic acid (3-BPA) for 12, 24, 

and 48 h. The hydrophilicity measured with water 
contact angle increased with an increase of the 
copolymer additive concentration in the mem-
brane and quaternization time. The filtration 
experiments such as membrane permeation and 
separation tests and membrane anti-fouling test 
showed that fouling resistance of the modified 
membrane was noticeably improved. Platelet 
adhesion also decreased due to these properties, 
which means that the blood compatibility is sig-
nificantly enhanced.

In addition, poloxamers and polyurethanes 
(PUs) with zwitterionic additives including PC 
and SB group have been synthesized to be oligo-
mers that are likely to be used in polymer blends 
to improve the blood compatibility of the base 
polymer [35–37].

13.2.2  Other Oligomers

Several oligomers with other chemical structures, 
with or without charged structures, mimicked the 
function of biomacromolecules such as glycoca-
lyx and heparin structures. The glycosylated mol-
ecules are located in the outer region of the cell 
membrane, and certain interactions such as cell- 
cell recognition are affected by these molecules 
[38]. Biomimetic glycocalyx-like structures also 
prevent nonspecific attachment of cells and other 
undesirable molecules by steric repulsion [39, 
40]. Low molecular weight poly(ethylene oxide-
propylene oxide-ethylene oxide) (PEO-PPO-
PEO) triblock copolymers activated by amino 
acid and tripeptide of arginine-glycine-aspartic 
acid (RGD) derivatives were synthesized via the 
methyl sulfonyl chloride method [41]. PDL-LA 
was blended with the ligand-tethered poloxamer 
derivatives, and the surface of modified PDL-LA 
film was characterized by ATF- FTIR, XPS, and 
contact angle. The results of ATR-FTIR and XPS 
confirmed PEO enrichment on the surface and 
self-segregation behavior of tethered PEO-PPO-
PEO copolymer where PPO groups are entangled 
with PDL-LA surface and PEO groups locate an 
outer layer. The hydrophilicity of all the modified 
surfaces increased due to hydrophilic PEO chains 
on the surface of PDL-LA film. The chondrocyte 
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attachment on the poloxamer-modified film was 
less than that on unmodified film due to the steric 
repulsion effect of PEO chains against cells and 
proteins. However, the chondrocyte attachment 
dramatically increased after covalent binding of 
amino acid sequences such as RGD to the ends of 
PEO groups to induce specific cell interactions. 
Furthermore, the growth of chondrocyte was pro-
moted on the surface of PEO-PPO-PEO amino 
acid and RGD-combined PDL-LA films, and it 
could be a potential for tissue engineering and 
various biomedical applications.

Another promising approach is the synthesis 
of antithrombotic macromolecules with heparin- 
like structures [42–44]. Sulfonated poly(styrene-
co-acrylic acid)-b-poly (vinyl 
pyrrolidone)-b-poly(styrene-co-acrylic acid) 
(P(St-co-AA)-b-PVP-b-P(St-co-AA)) low 
molecular weight copolymer was synthesized via 
reversible addition-fragmentation chain transfer 
(RAFT) polymerization, and it was blended with 
polyethersulfone (PES) in N,N-
dimethylacetamide (DMAC) to manufacture 
membrane using a liquid-liquid phase separation 
method [45]. GPC results showed that the poly-
dispersity index (PDI) was well distributed within 
the theoretical range, which confirmed the advan-
tages of the RAFT polymerization. It was 
observed with scanning electron microscopy 
(SEM) and atomic force microscopy (AFM) that 
more pores were produced in the membrane and 
the surface was roughened with the increased 
concentration of the additives. The grooves and 
fine pores are due to the tendency of the copoly-
mer to migrate to the water/polymer interface. 
The presence of additives on the surface was fur-
ther confirmed by FTIR and XPS analysis. It was 
found that blood coagulation was prolonged in 
the modified membrane compared to the PES 
membrane. Moreover, it was also found that 
platelet adhesion reduced when the content of 
additive increased in the modified surface. The 
mechanism has been described to be abundant on 
the membrane surface and dependent on the pres-
ence of anionic or polar groups (SO3H, OH, and 
COOH) mimicking the anticoagulant properties 
of heparin. These polar groups also contributed to 
imparting hydrophilicity to the surface.

13.3  Fluorinated Oligomers 
as Surface-modifying 
Polymers

Numerous studies related to the surface modifi-
cation of polymeric blood-contacting medical 
devices have been conducted to improve anti-
thrombotic and anti-fouling properties [46]. One 
of the strategies is to blend a base polymer with a 
surface modifier, such as surface-modifying mac-
romolecules (SMMs) and surface-modifying 
additives (SMAs), which spontaneously adsorb 
to the surface during the processing.

Polyurethanes (PUs) are one of the widely 
used polymers for medical devices such as cath-
eters [47, 48], membranes [49, 50], and vascular 
grafts [51, 52] due to their excellent mechanical 
properties, tailored stability, and relatively good 
biocompatibility [53]. However, many existing 
commercial PUs have a recognized limit for 
long-term implants due to inherent thrombogenic 
and inflammatory characters, and the biodegra-
dation of PUs from the surface into the bulk 
materials [54]. Therefore, the most effective and 
simple strategy is to improve the biocompatibil-
ity of the base polymer by blending with surface- 
modifying additives. In this section, we will 
mainly introduce some surface modifiers func-
tionalized with fluorine (Fig. 13.2).

13.3.1  End-Functionalized 
Fluorinated Oligomers

The form of fluorinated oligomers affects blood 
compatibility of the base polymer for a medical 
device. Generally, end-functionalized fluorinated 
oligomers have good blood compatibility with 
low denaturing of coagulation proteins due to 
their inherent compatibility with the base poly-
mer for devices and free mobility of the terminal 
fluorinate groups [55–58]. In order to give uni-
form coverage of the diffusion of copolymers 
from bulk to surface, end-functionalized fluori-
nated surface-modifying oligomers have been 
widely used as additives due to low polarity and 
high hydrophobicity of fluorinated segments. The 
end-functionalized oligomeric additives can be 
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divided into mono-end-functionalized fluorinated 
oligomers [59, 60] and multi-end-functionalized 
fluorinated additives based on both ATRP and 
ring opening polymerization (ROP) reactions 
[61].

Tang et al. [62] developed two types of fluori-
nated SMMs using polypropylene oxide (PPO) 
and poly(tetramethylene oxide) (PTMO), which 
could migrate to the upper surface of the base 
material, and then these SMMs were blended 
with base PU polymer, respectively. The results 
showed that many fluorine groups were enriched 
at the surface of the polymer; thereby the surface 
became more hydrophobic, and fibrinogen 
adsorption and enzyme-induced biodegradation 
of PU were reduced, resulting in the improve-
ment of the blood compatibility of PUs in vivo. 
Although mono-end-functionalized fluorinated 
additives show promising blood compatible 
property, it is still challenging to control the 
hydrophobicity of the surface for classical linear 
FPU because fluorinated hard segments are 
restricted to migration to the surface of base 
polymer [63]. Therefore, a number of studies 
related to multi-end-functionalized fluorinated 
additives have been investigated.

Li and coworkers [64] designed and synthe-
sized fluorinated phospholipid end- functionalized 
PUs as additives using diphenylmethane diiso-
cyanate and 1,4-butanediol as hard segments; 

poly(tetramethylene glycol), polypropylene gly-
col, polycarbonate diols, and polyethylene glycol 
as soft segments, respectively; and amino- 
functionalized hybrid hydrocarbon/fluorocarbon 
double-chain phospholipid as an end-capper. The 
results showed that the surfaces could effectively 
suppress fibrinogen adsorption and enhance 
blood compatibility of existing medical PUs. In 
addition, it is demonstrated that the surface prop-
erties were strongly dependent on the number of 
fluoroalkyl (CFn) groups [61, 65]. Generally, 
higher number of CFn groups leads to an increas-
ing static water contact angle (WCA) of PLA-, 
PS-, PVP-, and PMMA-based polymers [66–68]. 
However, the improvement in properties of end- 
functionalized PUs prepared by fluorinated alco-
hol was not evident compared to hydrogenated 
PUs due to the less content of fluorine and lower 
molecular weight of fluorinated alcohols [69].

13.3.2  Side-Functionalized 
Fluorinated Oligomers

Ge et al. [69] prepared FPUs by fluorinated poly-
ether glycol as a soft segment and 
1,6- hexamethylene diisocyanate or toluene diiso-
cyanate as a hard segment and proposed that the 
surface properties of side-functionalized fluori-
nated polymers were better than those with 

Fig. 13.2 Schematic illustration of fluorinated polymer structure and their effects
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 fluorinated groups in the main chain. Fluorinated 
phosphatidylcholines attached to the hard block 
of PUs as a side chain [58, 70, 71] could promote 
the migration of functional groups to the surface 
of base polymers due to its low surface free 
energy of long fluorinated alkyl group, resulting 
in the reduction of protein adsorption and platelet 
adhesion.

Tan et al. [70] also designed and synthesized 
side-functionalized poly(carbonate urethane)s 
with fluorinated alkyl phosphatidylcholine side 
groups. The result by protein adsorption and 
platelet adhesion experiments suggested that 
only 5–12.5  mol% phosphatidylcholine (PC) 
could be enough for good hemo-compatibility, 
and they proposed that it can be used to bring the 
bioactive PC groups to the surface of the 
PC-containing PUs more effectively.

In addition, fluorine content plays a critical 
role in the improvement surface properties of the 
base polymers and their blood compatibility. A 
higher content of fluorine atoms exposed on the 
surface results in a lower surface free energy, a 
lower relative index of platelet adhesion, and a 
lower fibrinogen/albumin adsorption ratio (F/A 
ratio). The polyurethane containing a 50% molar 
ratio of fluorodiols 1H,1H,12H,12H-perfluoro- 
1,12-dodecanediol (PFDDOL) and 
2,2,3,3,tetrafluoro- 1,4-butanediol (TF) as a chain 
extender exhibited the lowest surface energy and 
superior blood compatibility [72]. Also, fluori-
nated phosphatidylcholine poly(carbonate ure-
thane)s (FPCPCUs) blending with poly(ether 
urethane) (PEU) in different compositions 
improve blood compatibility of PUs. The results 
demonstrated when FPCPCU content reached to 
40 wt% (40FPCPCU film), the number of 
adhered platelets decreased by 6 and 23 times, 
compared with that of FPCPCU and PEU, 
respectively [73].

Recent anti-biofouling strategies based on 
SMAs are to combine both fluorinated side 
chains and hydrophilic chains, which can be self- 
assembled to generate amphiphilic surfaces. 
These copolymers have low surface energy side 
chains as polydimethylsiloxane (PDMS) or fluo-
rinated molecules [74] and enriched hydrophilic 

side chains based on PEG. The amphiphilic sur-
face would undergo an environment-dependent 
transformation in the surface when in contact 
with the extracellular polymeric substances for 
its anti-fouling nature, and it could be useful for 
applications to blood-contacting devices. Zhao 
et al. [75] designed amphiphilic membrane sur-
faces covered with enriched hydrophilic 
poly(ethylene oxide) (PEO) segments and low 
surface energy PDMS segments, which could 
prevent biofoulant adsorption and drive away the 
adsorbed biofoulants, respectively. The resulting 
surface exhibited better anti-fouling properties 
than that of polyethersulfone (PES) membrane, 
and it was also found that the biofouling could be 
significantly reduced by the coexistence of opti-
mized hydrophilic and low surface energy 
microdomains.

13.3.3  Fluorinated Oligomers 
with Zwitterionic Structures

Zwitterionic surfactants are a relatively new 
class of surfactants, which combine the struc-
tural features of dimeric and amphoteric surfac-
tants in one molecule. However, a few examples 
of these compounds have been reported with 
their difficult synthesis. Lin et al. [76] designed 
the facile synthesis of four fluorinated zwitter-
ionic heterogemini surfactants with side-func-
tionalized CF3CF2CF2C(CF3)2 group with 
perfluoro- 2- methyl-2-pentene as starting mate-
rial, demonstrating that fluorinated zwitterionic 
heterogemini surfactants showed much better 
surface activities than the monomeric fluorinated 
surfactant.

Zhang and coworkers [77] also proposed that 
a novel amphiphilic copolymer with zwitterionic 
and fluorinated chains acted as additives with the 
hydrophilic zwitterionic carboxybetaine methyl 
acrylamide (CBMA) and low surface energy tri-
decafluorooctyl acrylate (TFOA) segments on the 
membrane surface, which could improve anti-
fouling properties due to the binary cooperative 
effect of zwitterionic and low surface energy 
microdomains.
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13.4  Conclusions

Despite significant efforts, thrombosis and bio-
fouling induced by blood-contacting polymeric 
biomaterials limit their wider applications as 
long-term blood-containing implants. Therefore, 
studies related to the improvement of surface 
properties of blood-contacting polymeric bioma-
terials still have been receiving much attention. 
Among many surface treatment technologies, 
such as coating, grafting, and bulk blending, bulk 
blending is considered as effective and simple 
way to improve surface properties of biomateri-
als, which could overcome some drawbacks such 
as low adhesion stability for surface coatings and 
complex process. In this chapter, we have focused 
on polymeric additives with zwitterionic struc-
tures and/or fluoroalkyl groups that show func-
tional surface active to improve blood 
compatibility of base polymers in different mech-
anisms. Zwitterionic groups can be hydrated with 
water molecules on the surface to reduce protein 
adsorption and cell adhesion, whereas polymers 
with fluoroalkyl groups can reduce the interfacial 
free energy, which induce less protein adsorption 
and platelet adhesion, due to the migration of flu-
orinated groups. In summary, bulk blending of 
these additives with based polymers to improve 
surface blood compatibility is an important tech-
nique for blood-contacting medical devices.
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