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The interdisciplinary field of biomaterials and tissue engi-
neering has been one of the most dynamic and rapidly
expanding disciplines during the past two decades. Polymers
are especially useful in this area mainly because of their
flexibility in chemical structure engineering and physical
property design. Many noncytotoxic and biodegradable
polymers can be fabricated into medical devices for numer-
ous applications, including tissue replacement, drug delivery,
cancer therapy, and nonviral gene therapy. As a result of
rapid growth of polymer science and engineering in recent
years, synthetic and supramolecular strategies have been
developed for polymeric biomaterial exploration. By tuning
polymer structural parameters and morphologies at different
length scales, controllable physical properties for satisfying
diverse clinical needs have been demonstrated. Polymeric
biomaterials can also be incorporated with natural materials
and inorganic nanoparticles to achieve novel, unique, and
synergetic properties for better performance. Biomimetic
and intelligent polymeric systems have also been investigated
to advance our material design strategies.

Cell/tissue-material interactions are crucial in applying
biomaterials to clinical uses. There are major factors such
as surface chemistry, topology, and mechanical cues to
influence cell responses to biomaterial substrates collectively.
Through rational design of polymer surface properties, cell-
material interactions such as cell adhesion, spreading, pro-
liferation, migration, and differentiation can be modulated.
Vesicular colloids self-assembled from amphiphilic block
copolymers can be used as carriers for delivering drugs
to desired targets. Polycations such as polyethylenimine

can be used as nonviral gene delivery carriers. Polymer
scaffolds with predesigned geometries and nanometer-scale
or micron-scale structural parameters can be fabricated for
bone, nerve, cardiovascular, skin, ligament, and cartilage
tissue engineering applications.

The aim of this special issue is to highlight recent
significant progress in the synergy between material design
strategies and biological evaluations through contributions
from active researchers in the field. This issue covers
various topics related to biomaterials for tissue engineering
applications. Six original research papers and three reviews
are included to stimulate the continuing efforts in developing
novel polymeric systems, which are crucial to improve
our understanding on cell/tissue-material interactions and
biomedical applications.

Combination of naturally derived and synthetic poly-
mers is an efficient way to produce biomaterials that integrate
excellent biocompatibility from the former component and
good processing properties from the later. All of the six
original research papers demonstrate the importance of this
approach. The first three papers describe different polymer
composites containing natural polymers and focus on their
mechanical properties. In the first paper (ID 270273),
X. Zhu et al. report the effects of composite formulation on
the mechanical properties of biodegradable poly(propylene
fumarate) (PPF)/bone fiber scaffolds. PPF is an unsaturated
linear polyester that can be cross-linked. Mineralized bone
fibers (MBFs) were from allograft bone while demineralized
bone fibers (DMFs) were obtained from acidification of
MBF. In this study, the authors studied the effects of various
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parameters such as PPF molecular weight, incorporation of
bone fibers (MBFs or DBFs), and the amounts of cross-
linker, initiator, and porogen on the ultimate strength and
compressive modulus of the composite scaffolds. In the
second paper (ID 369759), Z. Wang et al. report chitin
fiber enhanced chitosan 3D composite rods. In this study,
chitin fiber/chitosan composite rods with a layered structure
were constructed using an in situ precipitation method. The
bending strength and modulus were increased by 23.6% and
26.8% by adding 0.5% chitin fiber to the chitosan matrix.
In the third paper (ID175264), R. Khanna et al. report
the in situ swelling behavior of chitosan-polygalacturonic
acid/hydroxyapatite nanocomposites in cell culture media.
Nanocomposite films were soaked in cell culture media, and
in situ characterization was performed to demonstrate that
nanoscale elastic modulus decreased by∼2 GPa over 48 days.

Electrospinning and salt-leaching are widely used tech-
niques for the fabrication of porous structures for tissue
engineering applications. In the fourth paper (ID 436178),
B. Wulkersdorfer et al. applied a combined electrospin-
ning/particulate leaching technique to fabricate biomodal
porous scaffolds. In this technique, sucrose particles were
mixed with poly(glycolic acid) and electrospun into fiber
mesh. Deep cellular penetration was found in these biomodal
porous scaffolds while no cellular penetration was found in
the spun scaffolds without using sucrose particles.

In cardiovascular tissue engineering applications, surface
modification is an effective approach to improve the blood
compatibility of the polymers such as polyurethanes (PUs).
In the fifth paper (ID 807935), F. Gong et al. report a method
to immobilize hyaluronic acid (HA), a nonimmunogenic
biomaterial naturally derived from mammalian tissues, onto
the surface of amino-functionalized PU films. The modified
PU films, without detectable cytotoxicity, could prolong the
coagulation time in platelet-poor plasma and better support
human vein endothelial cell adhesion and proliferation. HA
immobilized PU is promising as a blood-contacting material
for cardiovascular tissue engineering applications.

As one tissue engineering approach, oral therapy by
delivering engineered microorganisms such as viable cells
in microcapsules is promising in treating many diseases.
In the sixth paper (ID 985137), H. Chen et al. report
the investigation of genipin cross-linked alginate-chitosan
microcapsule for oral delivery of live bacterial cells. The
potential of this microcapsule system with strong stability
was evaluated using a dynamic human gastrointestinal (GI)
model for GI applications.

Review papers in this issue cover three different fields:
chemical modification of polymer biomaterials, surface
modification, and polymers for fabricating nerve con-
duits. The seventh paper (ID 423460) contributed by B.
Hazer surveys chemical methods used to modify hydropho-
bic, semicrystalline poly(3-hydroxy alkanoate)s, a series of
degradable biomaterials produced by microorganisms, to be
amphiphilic. These amphiphilic poly(3-hydroxy alkanoate)s
can be used for different tissue engineering applications. In
the eighth paper (ID 296094), T. G. Vladkova reviews surface
engineered polymeric biomaterials with improved biocon-
tact properties. Numerous methods such as physicochemical

modification and immobilization of biomacromolecules
are discussed. The final paper of this issue (ID 138686)
contributed by S. Wang et al. provides a comprehensive
summary of polymeric biomaterials and fabrication methods
that have been used for making synthetic nerve conduits.
Learning from the existing polymer candidates, we can
improve our material design strategies for developing novel
biomaterials with optimal properties for nerve regeneration
and repair.
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The objective of our paper was to determine the effects of composite formulation on the compressive modulus and ultimate
strength of a biodegradable, in situ polymerizable poly(propylene fumarate) (PPF) and bone fiber scaffold. The following
parameters were investigated: the incorporation of bone fibers (either mineralized or demineralized), PPF molecular weight, N-
vinyl pyrrolidinone (NVP) crosslinker amount, benzoyl peroxide (BP) initiator amount, and sodium chloride porogen amount.
Eight formulations were chosen based on a resolution III two-level fractional factorial design. The compressive modulus and
ultimate strength of these formulations were measured on a materials testing machine. Absolute values for compressive modulus
varied from 21.3 to 271 MPa and 2.8 to 358 MPa for dry and wet samples, respectively. The ultimate strength of the crosslinked
composites varied from 2.1 to 20.3 MPa for dry samples and from 0.4 to 16.6 MPa for wet samples. Main effects of each parameter
on the measured property were calculated. The incorporation of mineralized bone fibers and an increase in PPF molecular weight
resulted in higher compressive modulus and ultimate strength. Both mechanical properties also increased as the amount of
benzoyl peroxide increased or the NVP amount decreased in the formulation. Sodium chloride had a dominating effect on the
increase of mechanical properties in dry samples but showed little effects in wet samples. Demineralization of bone fibers led to
a decrease in the compressive modulus and ultimate strength. Our results suggest that bone fibers are appropriate as structural
enforcement components in PPF scaffolds. The desired orthopaedic PPF scaffold might be obtained by changing a variety of
composite formulation parameters.

1. Introduction

There has been a great need for the treatment of skeletal
defects which may result from tumors, trauma, or abnormal
development [1]. The current methods for restoring tissue
structure and function rely mostly on autograft and allograft
[2–4]. Both methods, while appropriate for management
of many bone defects, do have certain limitations. These
include donor site morbidity after autograft harvesting and
slow incorporation of cortical allograft. The other materials
commonly used such as polymers, ceramics, and metals all
have their associated drawbacks, such as poor integration
with the host tissue, stress shielding of adjacent bone, and
osteolysis from particulate wear debris [5]. The treatment
regimen could be improved with the availability of a skeletal
regeneration biomaterial that could be processed into the

specific shape needed, provide structural support required,
be replaced by new, vascularized bone tissue, and then
disappear to allow the new bone to remodel along local stress
lines.

Poly(propylene fumarate) (PPF) is an unsaturated linear
polyester with fumarate double bonds that can be crosslinked
in situ. It is biocompatible, biodegradable, osteoconductive,
and capable of both preformed and injectable applications
[6–9]. PPF scaffolds can be used to fill irregularly shaped
defects with minimal surgical intervention. They possess
mechanical properties on the order of magnitude of human
trabecular bone. The fabrication of biodegradable polymer
composites based on PPF for orthopaedic applications has
been the subject of investigation in our laboratory [10–12].
The properties of the produced composites can be tailored
for specific applications by varying different parameters
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including crosslinking density and fillers [10, 11, 13, 14].
The composite formulation can include a porogen such as
NaCl for initial porosity and a particulate ceramic such as
β-tricalcium phosphate (TCP) for mechanical reinforcement
and increased osteoconductivity.

Mineralized bone fibers (MBFs) are obtained by process-
ing allograft bone. The technique involves shaving the corti-
cal bone to produce bone fibers. MBFs have a composition
identical to bone and may be used for structural reinforce-
ment of scaffolds. They have been shown to increase the
initial compressive strength of PPF/PPF-DA scaffolds [11].
The acidification of MBF produces demineralized bone fibers
(DBF), which consist of nonmineral components of MBF
and have accessible bone inductive factors. Demineralized
bone matrices (DBMs) have extremely high-osteoinductive
properties and greatly improve the integration of autogenous
bone grafts in the skull [15]. In the various forms of DBM,
the fiber-based grafts produced the largest new bone in a
critical size cranial defect in athymic rats [16]. These grafts
were found to perform as well as autografts [16]. Therefore,
the incorporation of bone fibers in PPF scaffolds not only
provides a structural support component but could also
promote bone regeneration in bone defects.

In this study, experiments were designed to study
the effects of various processing parameters, such as PPF
molecular weight, incorporation of bone fibers (MBF or
DBF), crosslinker amount, initiator amount, and porogen
amount, on the ultimate strength and compressive modulus
of PPF/bone fiber scaffolds.

2. Materials and Methods

2.1. Raw Materials. Fumaryl chloride (Aldrich, Milwaukee,
WI) was purified by distillation under nitrogen atmosphere.
Demineralized bone fibers (DBFs) were obtained through
acidification wash of mineralized bovine bone fibers (MBF)
(OsteoTech Inc.). Propylene glycol, N-vinyl pyrrolidinone
(NVP), N,N-dimenthyl-p-toluidene (DMT), benzoyl perox-
ide (BP) and sodium chloride were purchased from Aldrich
Chemical (Milwaukee, WI) and used as received. All solvents
were purchased from Fisher (Pittsburgh, PA) as reagent grade
and used as received. Sodium chloride was sieved to obtain
particles in a 106–300 μm size range and used as porogen. All
experiments described below were based on a Resolution III
two-level fractional factorial design varying six parameters.
The six parameters included PPF molecular weight, NVP to
PPF ratio, BF to polymer (PPF/NVP) ratio, BF type, BP to
PPF ratio, and the percentage of NaCl in the composites.
The experimental design and the values for all parameters
are presented in Table 1

2.2. PPF Synthesis. PPF was synthesized by a two-step
reaction process as described previously in [17]. Briefly,
fumaryl chloride was added dropwise to a solution of
propylene glycol in methylene chloride at 0◦C under nitrogen
in the presence of K2CO3. After addition of fumaryl chloride,
the reaction mixture was stirred for an additional 2 h at 0◦C
before water was added to dissolve the inorganic salt. The
organic phase was separated and dried over Na2SO4. After

filtration of the mixture and evaporation of the solvent, the
formed di(2-hydroxylpropyl) fumarate was converted to PPF
by transesterification at 160◦C and 0.5 mmHg. The produced
polymer was purified by solution precipitation forming
a viscous liquid. Gel permeation chromatography with a
differential refractometer (Waters 410, Milford, MA) was
used to determine polymer molecular weight distributions.
A Phenogel column (300 × 7.8 mm, 5 nm, mixed bed,
Phenomenex, Torrance, CA) and a Phenogel guard column
(7.8 mm, 5 nm, mixed bed, Phenomenex) were employed for
the elution of polymer solution in chloroform at flow rate
of 1 ml/min. Polystyrene standards were utilized to obtain
a calibration curve for calculating the polymer molecular
weights.

2.3. Demineralization of Bone Fibers. MBF were weighed to
the nearest gram and soaked in 15 volume of a 0.6 N HCl
solution with 0.025% Triton X-100. When the pH of the
solution was more than 1, the acid was decanted and replaced
with another 15 volume of fresh 0.6 N HCl without triton.
PH readings were taken every ten minutes until it is more
than 1. The acid was carefully decanted and the same volume
of distilled, deionized water (ddH2O) was added. The water
wash was repeated several times until the pH is greater than
3. The resulting DMF were soaked in 70% ethanol for 30 min.
and collected on a 106 μm sieve. DMF were washed again
with ddH2O and freeze-dried for 24 hrs.

2.4. Experimental Design. All experiments described below
were based on a Resolution III two-level fractional factorial
design varying six parameters [18]. The experimental design
and the values for all parameters are presented in Table 1.
Six processing parameters were varied to determine their
effects on mechanical properties of the composite scaffolds.
The high (+) and low (−) values for all parameters are listed
(Table 1(a)). The number average molecular weights (Mn) of
PPF were chosen as 4000 and 2000. The ratios of NVP to PPF
were 0.7 and 0.5 ml per gram. The weight percentages of bone
fibers to polymer were 20% and 0%. The weight percentages
of BP were 0.5% and 0.1%. The weight percentages of NaCl
were 30% and 0%. The two levels for the factor called bone
fiber type are DMF and MBF. High and low levels were then
combined according to the resolution III design to create
eight formulations (Table 1(b)). This factorial design will
demonstrates the effect that each parameter exhibits while
minimizing the numbers of trials. The results from each
experiment were examined to determine the main effects of
each parameter on the measured property [18].

2.5. Scaffold Preparation. The designated amount of
monomer (NVP) was divided into two portions. Three-
fourths of the monomer was combined with the PPF. The
initiator (BP) was dissolved in the remaining one-fourth
of the monomer and added to the polymer solution. The
solid phase components (BF, NaCl) were added, followed
by DMT. The resulting paste was immediately placed in
8-mm diameter glass vials. The resulting PPF cylinders
(dry samples) were removed from the vials after overnight
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(a)

(b)

(c)

Figure 1: (a) The servohydraulic materials testing machine used in this study. (b) A representative PPF composite scaffold incorporating
mineralized bone fibers and sodium chloride porogen. The PPF cylinder was approximately 6 mm in diameter and 20 mm in height. (c) The
specimen was placed between two solid platens and compressed at a rate of 0.1 mm/second.

Table 1

(a) High and Low Levels for Six Parameters Tested in a Resolution III, Two-level Fractional Factorial Design

Level PPF Mn NVP/PPF BF/polymer BF Type BP/PPF NaCl

+ 4000 0.7 ml/g 2/8 DBF 0.5% 30%

− 2000 0.5 ml/g 0 MBF 0.1% 0

(b) Combinations of the Experimental Variables in the Resolution III, Two-level Fractional Factorial Design

Formula PPF Mn NVP/PPF BF/polymer BF Type BP/PPF NaCl

1 + + + + + +

2 + + − none − −
3 + − + − + −
4 + − − none − +

5 − + + − − +

6 − + − none + −
7 − − + + − −
8 − − − none + +

crosslinking. Half of the samples were incubated with
phosphate buffered saline (PBS) for one day to leach out
some of sodium chloride (wet samples). The scaffolds tested
in this study had a diameter of 6 mm and a height of 20 mm.

2.6. Mechanical Testing. Mechanical properties of both dry
and wet samples were analyzed using a servohydraulic testing
machine (MTS, Minneapolis, MN), as shown in Figure 1 (a).
Sample length and diameter were measured before testing
(Figure 1 (b)). The specimens were placed between two
solid platens and compressed at a rate of 0.1 mm/second

(Figure 1 (c)). Load and displacement were recorded using
a digital computer (Figure 2). The stress-strain curve was
plotted by determining stress as the load divided by the
cross-sectional area and strain as the displacement divided
by the initial length of the cylinder. Compressive modulus
was calculated as the slope of the initial linear portion of
the stress-strain curve, beginning at 1.0% strain. The highest
strength achieved was the ultimate strength.

2.7. Statistical Analysis. All data are reported as means ±
standard deviations (SDs) for n = 4, except for size
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Table 2: Summary of Results for Ultimate Strength and Compressive Modulus.

Dry Samples Wet Samples

Formulation Modulus (MPa) Ultimate Strength (MPa) Modulus (MPa) Ultimate Strength (MPa)

1 117 ± 39 9.9 ± 0.3 24.5 ± 4.6 3.3 ± 0.4

2 108 ± 15 13.2 ± 14 66.0 ± 7.7 7.0 ± 0.7

3 246 ± 1.0 11.1 ± 0.6 358 ± 5.2 16.6 ± 4.4

4 271 ± 29 20.3 ± 8.0 184 ± 1.3 12.0 ± 0.5

5 258 ± 25 13.3 ± 1.0 157 ± 22 8.7 ± 2.1

6 184 ± 0.5 13.0 ± 0.5 101 ± 0.2 9.2 ± 0.6

7 21.3 ± 5.7 2.1 ± 0.9 2.8 ± 0.1 0.4 ± 0.0

8 220 ± 17 18.4 ± 4.0 157 ± 8.2 11.0 ± 2.0

Values are given as means ± standard deviations for n = 4.
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curve, beginning at 1.0% strain. The highest strength achieved was
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distribution measurements where SD was calculated based
on normal distribution. Single factor analysis of variance
(ANOVA) was used to assess the statistical significance
of results. Scheffé’s method was employed for multiple
comparison tests at significance levels of 95 and 99%.

3. Results

This study was designed to determine the effects of six
parameters on the ultimate stress and compressive modulus
of PPF/bone fiber composite scaffolds. The six parameters
included PPF molecular weight, NVP to PPF ratio, BF to
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Figure 3: The main effects of the parameters on the compressive
modulus of the crosslinked PPF composites. A positive number
indicates an increase in the modulus as the parameter was changed
from a low (−) level to a high (+) level. A negative number indicates
a decrease in the modulus as the parameter was changed from a low
(−) level to a high (+) level. Error bars represent the standard error
of the effect (dry ± 16.5 MPa, wet ± 6.2 MPa).

polymer (PPF/NVP) ratio, BF type, BP to PPF ratio, and the
percentage of NaCl in the composites. The ultimate stress and
compressive modulus of all formulations were measured and
values are given in Table 2.

3.1. Compressive Modulus. Absolute values of compressive
moduli varied from 21.3 to 271 MPa and 2.8 to 358 MPa for
dry and wet samples, respectively (Table 2). The results from
each formulation were calculated to determine the effects
of each parameter on the measured property (Figure 3). In
dry samples, the presence of NaCl significantly increased
the observed modulus values and overshadowed the effects
contributed by other factors. This increased modulus was
not seen in the corresponding wet samples. Therefore, the
mechanical data from wet samples are more suitable for



International Journal of Polymer Science 5

−30

−20

−10

0

10

20

30

M
ai

n
eff

ec
ts

on
st

re
ss

(M
Pa

)

P
P

F
M

W

N
V

P
/P

P
F

B
P

/P
P

F

N
aC

l
Wet
Dry

M
B

F/
po

ly
m

er

D
B

F/
po

ly
m

er

B
F

ty
p

e

Figure 4: The main effects of the parameters on the ultimate
strength of the crosslinked PPF composites. A positive number
indicates an increase in the strength as the parameter was changed
from a low (−) level to a high (+) level. A negative number indicates
a decrease in the strength as the parameter was changed from a low
(−) level to a high (+) level. Error bars represent the standard error
of the effect (dry ± 16.5 MPa, wet ± 6.2 MPa).

analysis of other effects. The incorporation of mineralized
bone fibers and the increase of PPF molecular weight
significantly increased the compressive modulus of PPF/NVP
scaffolds. A decrease in monomer (NVP) led to an increase
in compressive modulus. An increase in radical initiator
(BP) was also found to increase the compressive modulus.
Demineralization of bone fibers significantly decreased the
compressive modulus of the scaffolds.

3.2. Ultimate Strength. The ultimate strength of the cross-
linked composites varied from 2.1 to 20.3 MPa for dry
samples and from 0.4 to 16.6 MPa for wet samples (Table 2).
Very similar to compressive modulus, the presence of
NaCl in dry samples significantly increased the observed
modulus values and overshadowed the effects contributed
by other factors (Figure 4), a phenomena not observed
in the corresponding wet samples. The incorporation of
MBF and the increase of PPF molecular weight were found
to increase the ultimate strength of PPF/NVP scaffolds
dramatically. Ultimate strength also increased as the amount
of benzoyl peroxide increased or the amount of NVP
decreased in the composites. Demineralization of bone
fibers significantly decreased the ultimate strength of the
scaffolds.

4. Discussion

Biodegradable PPF is a promising orthopedic material that
may be used as injectable or preformed scaffolds to repair

and regenerate bone defects [19–21]. The components used
to form PPF scaffolds have a large influence on their
mechanical properties. The objective of our study was to
measure the compressive modulus and ultimate strength
to determine the effects of the incorporation of bone
fibers, PPF molecular weight, NVP amount, BP amount,
NaCl amount, and demineralization of bone fibers on
these measured properties. It was the first time that the
effects of the incorporation of bone fibers and deminer-
alization of bone fibers on PPF scaffolds were investi-
gated.

New and important factors have been identified to
affect the mechanical properties of PPF/NVP scaffolds.
The incorporation of mineralized bone fibers and an
increase in PPF molecular weight resulted in higher com-
pressive modulus and ultimate strength. Both mechanical
properties also increased when the amount of benzoyl
peroxide increased or the amount of NVP decreased.
Sodium chloride had a dominating effect on the increase
of mechanical properties in dry samples but showed lit-
tle effects in wet samples. Demineralized bone fibers led
to a decrease in the compressive modulus and ultimate
strength.

Our results are consistent with a previous finding that
compressive modulus and ultimate strength increased with
increasing the amount of benzoyl peroxide and a decrease in
NVP amount [13]. PPF molecular weight was also found to
have great influence on the mechanical properties. At higher
molecular weights (2000 to 5000), it was reported that PPF
molecular weight did not affect the mechanical strength [13].
This result, however, was based on dry samples incorporating
NaCl to determine the main effects. As shown in our study,
the dominating effect of NaCl in dry samples masked the
effects of other factors. Therefore, wet samples are more
appropriate to determine the effects of factors other than
NaCl.

We demonstrated for the first time that the incorporation
of mineralized bone fibers in PPF/NVP scaffolds increases
the mechanical properties significantly and in contrast, the
incorporation of demineralized bone fibers decrease the
mechanical properties significantly. Considering the fact that
both bone fibers are biodegradable and DMF are osteoinduc-
tive, our results showed that PPF/bone fiber composites with
a wide range of mechanical properties could be fabricated for
different clinical uses.

In summary, we have identified the important factors
that affect the compressive modulus and ultimate strength
of PPF/bone fiber scaffolds. The desired orthopedic PPF
scaffold might be obtained by varying these factors. Our
results suggest that bone fibers are appropriate as struc-
tural enforcement components in PPF scaffolds, and may
modulate other aspects of the synthetic biomaterials such as
osteoconductivity.
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Chitin fiber (CHF) and chitosan (CS) 3D composite rods with layer-by-layer structure were constructed by in situ precipitation
method. CHF could not be dissolved in acetic acid aqueous solution, but CS could be dissolved due to the different deacetylation
degree (D.D) between CHF and CS. CHF with undulate surfaces could be observed using SEM to demonstrate that the sufficiently
rough surfaces and edges of the fiber could enhance the mechanical combining stress between fiber and matrix. XRD indicated
that the crystallinity of CHF/CS composites decreased and CS crystal plane d-spacing of CHF/CS composites became larger than
that of pure CS rod. TG analysis showed that mixing a little amount of CHF could enhance thermal stability of CS rod, but when
the content of CHF was higher than the optimum amount, its thermal stability decreased. When 0.5% CHF was added into CS
matrix, the bending strength and bending modulus of the composite rods arrived at 114.2 MPa and 5.2 GPa, respectively, increased
by 23.6% and 26.8% compared with pure CS rods, indicating that CHF/CS composite rods could be a better candidate for bone
fracture internal fixation.

1. Introduction

Chitin, a natural polymer from marine resources [1], is
found particularly in the shells of crustaceans such as crab
and shrimp, the cuticles of insects, and the cell walls of
fungi and is one of the most abundant biopolymers next
to cellulose [2]. The shells contain 15%–40% chitin and
its amount in the whole marine environment has been
estimated at 1560 million tons [3, 4]. It has attracted more
and more attention nowadays, due to its abundant resources,
friendliness to the environment, and potential to substitute
some petrochemicals [1]. Commercially, chitin is obtained at
a relatively low cost from the wastes of the seafood processing
industry. Briefly, the process consists of deproteinization
of the raw shell material in a dilute NaOH solution and
decalcification in a dilute HCl solution [5]. Chitosan (CS),
a fully or partially deacetylated form of chitin, has become
important materials in various fields, including medicine,
biochemistry, analytical chemistry, and chemical engineering
[6]. This derivative product with higher degree of deacety-
lation (D.D) results from the reaction of chitin with alkali
(40%–45% NaOH solution) at elevated temperatures at
prolonged exposures [5, 7].

Chitin and CS are polymers consisted of N-acetyl-
glucosamine and N-glucosamine units randomly or block
distributed throughout the biopolymer chain (Figure 1) [7,
8]. They are characterized by D.D; when D.D is lower than
50%, the biopolymer is named chitin. Conversely, when
D.D is higher than 50%, the biopolymer is named CS [8].
The D.D is affected by both the source of the biopolymer
and the preparation methods and may range from as low
as 30% to almost 100% [9]. It is a key parameter that
influences the physicochemical properties of chitin and CS,
such as solubility, surface energy, chain conformation, and
biological properties [9, 10]. Chitin is not soluble in common
solvents because of the strong intermolecular hydrogen
bonding, while it is soluble only in special solvents such
as hexafluoroacetone and N, N-dimethylacetamide (DMAc)
containing 5%–8% LiCl [3]. CS is insoluble in either organic
solvents or water; however, it could be readily dissolved in
weak acidic solutions, due to the presence of amino groups.
The solubilization occurs by protonation of the –NH2 on
the C-2 position of the D-glucosamine repeat unit, whereby
the polysaccharide is converted to a polyelectrolyte in acidic
media [11]. To obtain a soluble product, the D.D of CS
should reach 80%–85% or higher [5].
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Figure 1: Molecular structures of chitin and CS.

Both chitin and CS have excellent material proper-
ties such as biocompatibility, biodegradability, nontoxicity,
as well as chemical and physical stability [12]. Chitin
has been generally used in hemostasis and oral dosage
excipient. It is also a competent biomaterial in wound
healing, anti-inflammation, cholesterol modulation, and
enzyme immobilization [13]. CS-based implants, the bio-
compatible materials with the host tissue, showed little
fibrous encapsulation and chronic inflammation and have
been tested for tissue engineering in a number of shapes
and physical forms, including porous scaffolds and gels.
Excellent porous structures, membranes, blocks, tubes, and
beads have been obtained by lyophilization [5, 13]. α-
Chitin whisker-reinforced CS nanocomposite films were
prepared using solution-casting technique. The increase
in the tensile strength of the nanocomposite films with
increasing α-chitin whisker content could be attributed to the
interaction between CS molecules and α-chitin whiskers via
hydrogen bonding [14]. However it is difficult to prepare 3-
dimensional chitosan rod by Twin Screw Extruder or Single
Screw Extruder, because there are stronger intramolecular
and intermolecular H-bonds in chitosan, which make the
melting temperature of chitosan higher than its decomposing
temperature. Novel 3-dimensional CS rod with layer-by-
layer structure and its composite rod with multifunctional
properties have been constructed via in situ precipitation
method by our group (Figure 2) [15–18]. It can be used
as bioabsorbable devices for internal fixation, which not
only reduce stress shielding to the bone but also avoid a
second operation for removal [19]. In this study, CHF/CS
composite rods with layer-by-layer structure were prepared
by in situ precipitation method. The forming mechanism,
microstructure morphology and mechanical properties of
CHF/CS composite rods were explored in the following
sections.

2. Materials and Experiments

2.1. Materials. The materials are CS (Biomedical grade,
Mη = 5.63 × 105, D.D = 91%, Qingdao Haihui Bioengi-

Figure 2: Photo of CS screws.

neering Co., Ltd), chitin fiber (CHF, denier: 2.3 ± 0.5 dtex,
Weifang Youngdeok Chitosan Co., Ltd), acetic acid (HAc, CP,
Yixing Niujia chemical reagent plant), and sodium hydroxide
(NaOH, AR, Hangzhou Xiaoshan chemical reagent corpora-
tion). These materials are commercially available and used
without further purification.

2.2. Preparation of CHF/CS Composite Rods. Different weight
(0.05 g, 0.1 g, 0.2 g, and 0.3 g, resp.) of CHFs, which were
cut into short fibers (∼5 mm in length), were added into
400 ml acetic acid aqueous solution (2%, v/v) and stirred for
0.5 hour. Then 20 g of CS powder were added and stirred
for 2 hours. Finally CHFs were suspended in the viscous CS
solution. The resulting solution was statically placed for 24
hours to remove the air bubbles trapped in the viscous liquid.
The mixture solution was poured into cylindrical mold and
then immerged into sodium hydroxide aqueous solution
with a concentration of 5% (wt/v) for 6 hours to form
CHF/CS gel rod. The gel rod was washed with deionized
water and air-dried in oven at 60◦C.

2.3. SEM Observations. HITACHI S-4800 SEM produced by
Japan was used to observe the microstructure of the samples
which were sputter-coated by gold before observation.

2.4. X-Ray Diffraction Analysis. Crystallinity of the samples
was studied with X-ray Diffraction (Rigaku D/max 2550PC)
using a monochromatic Cu Kα radiation generated at 40 kV,
300 mA. The samples were scanned from 5◦ to 60◦ at
10◦/min.

2.5. Thermal Analysis. The TGA of the samples was studied
on Pyris-6 Thermo Analyses (TA) apparatus produced by
PerkinElmer and measurements were recorded from 50◦C
to 600◦C at a heating rate of 20◦C/minute under flow N2

atmosphere (flow rate: 40 ml/minute).

2.6. Testing of Mechanical Properties. All of the samples were
air-dried in oven at 60◦C for 2 hours to remove the moisture
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Figure 3: The schematic representation about forming process of CHF/CS gel rod with layer-by-layer structure (vertical section).

Figure 4: Layer-by-layer structure of CHF/CS gel rod (cross
section).

before testing. Bending strength and bending modulus were
determined by three-point bending tests (five rods per
group), which were performed on the universal materials
testing machine made by Shenzhen Reger Company (Shen-
zhen, China). The span length was 40 mm and loading rate
was 2 mm/min.

3. Results and Discussion

3.1. Forming Mechanism of CHF/CS 3D Composite Rods.
The forming process of CHF/CS gel rod with layer-by-layer

structure was shown in Figure 3. The solubility of CS largely
depends on the pH value of environments because of the
existence of amino groups. The free amino group of CS
was protonated to CS–NH3

+ at pH = 4.2 [20, 21], but
when CS–NH3

+ encountered massive OH−, CS would be
precipitated, as shown in what follows:

CS–NH2 + HAc −→ CS–NH3
+ + Ac−,

CS–NH3
+ + OH− −→ CS–NH2(↓) + H2O.

(1)

However CHFs could not be dissolved in acetic acid
aqueous solution, so that they dispersed in the viscous CS
solution. The mixture solution was charged into semiper-
meable template which could separate the CHF/CS solution
from NaOH solution, so that small molecules and ions such
as H2O, Na+, OH−, and Ac− could permeate except for
CS macromolecules (Figure 3(a)). Due to the concentra-
tion gradient of alkali between inside and outside of the
semipermeable template, OH− could diffuse from outside
into CHF/CS solution and react with CS–NH3

+. As a result,
protonated CS was precipitated in situ to form one layer
adhering to semipermeable template closely (Figure 3(b)). As
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(a)
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(b)
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(c)

ZJU 5 kV 9.4 mm× 4 k SE(M) 7/8/2008 14:08 10µm

(d)

ZJU 5 kV 9.3 mm× 6 k SE(M) 7/8/2008 14:12 5µm

(e)

ZJU 5 kV 9.3 mm× 8 k SE(M) 7/8/2008 14:09 5µm

(f)

ZJU 5 kV 9.2 mm× 1.2 k SE(M) 7/8/2008 14:24 40µm

(g)

ZJU 5 kV 9.4 mm× 20 k SE(M) 7/8/2008 14:34 2µm

(h)

Figure 5: SEM micrographs of (a) CHF (×250), (b) CHF (×10,000), (c) CS rod (×1000), (d) CHF/CS (0.25/100, wt/wt) (×4000), (e)
CHF/CS (0.5/100, wt/wt) (×6000), (f) CHF/CS (0.5/100, wt/wt) (×8000), (g) CHF/CS (1/100, wt/wt) (×1200), and (h) CHF/CS (1.5/100,
wt/wt) (×2000).

the diffusion process continuing, CS precipitated layer-by-
layer to from concentric circle structure (Figures 3(c), 3(d),
and 4). At the same time, CHFs were embedded in the CS
matrix. Then CHF/CS gel rods were dried and layers became
much tighter due to the shrinkage stress.

3.2. Microstructure Morphology of CHF/CS 3D Composites.
Microstructure morphology of the CHF, CS rod, CHF/CS
(0.25/100, wt/wt), CHF/CS (0.5/100, wt/wt), CHF/CS
(1/100, wt/wt), and CHF/CS (1.5/100, wt/wt) was shown
in Figure 5. The size of CHF was ∼10 μm in width. The
fiber was not in column form but had several edges. And
when it was magnified by 10,000 (Figure 5(b)), undulate
surface could be seen, so that the sufficient rough surface and
edges of the fiber could potentially enhance the mechanical
combining stress between fiber and matrix. Layer-by-layer
structure could be clearly seen on the cross-section of pure
CS rod in Figure 5(c), which was in accordance with the
schematic representation about forming process of CHF/CS

gel rod. One fiber with CS adhered on the surface traversed
several layers in Figure 5(d). And fiber embedded in CS
matrix along with the layer could be seen in Figures 5(e)
and 5(h). Fiber was pulled out from CS matrix and chipped
facet edge could be observed in Figure 5(f), and holes with
fiber fragments remained in CS matrix were very shallow
(Figure 5(g)), indicating that interface between fiber and
matrix was combined so tightly. CS was the continuous
phase that could transfer stress, whereas CHF was randomly
dispersed in CS matrix to connect layers of the rod and could
endure outside stress.

3.3. Crystallization Property of Samples. XRD patterns of
pure CS rod, CHF, and CHF/CS rod (0.5/100, wt/wt) were
shown in Figure 6. The peaks at 2θ of 10.6◦ and 20.4◦ are
characteristic diffraction peaks of CS (Figure 6(a)). Ratana
Rujiravanit reported that α-chitin whiskers exhibited two
major scattering peaks at 2θ of ∼9◦ and ∼19◦ [14]. At
the same time, 2θ of CHF shown in Figure 6(b) were
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Figure 6: XRD patterns for (a) CS rod, (b) CHF, and (c) CHF/CS
(0.5/100, wt/wt).
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Figure 7: TG curves for (a) CS rod, (b) CHF, (c) CHF/CS (0.25/100,
wt/wt), (d) CHF/CS (0.5/100, wt/wt), and (e) CHF/CS (1/100,
wt/wt), in the 50–600◦C temperature range under N2 atmosphere.

9.1◦ and 18.9◦, respectively, which were in accordance with
previous research. While small amount of CHF was added
into CS matrix, two diffraction peaks shifted to 9.0◦ and
19.8◦, and intensity of the peaks decreased compared with
pure CS rod and pure CHF (Figure 6(c)), indicating strong
interactions between CS and CHF, resulting in the reduction
of crystallinity of CHF/CS composites. According to the
Bragg equation (2d sinθ = nλ), CS crystal plane spacing (d)
of CHF/CS composites has been become larger than that of
pure CS rod.

3.4. Thermal Properties of CHF/CS Composites. The thermal
gravimetric (TG) curves of CS rod, CHF, CHF/CS (0.25/100,
wt/wt), CHF/CS (0.5/100, wt/wt), and CHF/CS (1/100,
wt/wt) were shown in Figure 7, which were tested in the
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Figure 9: Bending strength of CHF/CS composites influenced by
content of CHF.

50–600◦C temperature range under N2 atmosphere. The
temperatures about different mass residual percentage (Tmr)
of the samples were listed in Table 1. When a little CHF
was added into CS matrix (CHF/CS = 0.25/100, wt/wt),
Tmr of CHF/CS composite was higher than that of pure CS
rod. Along with increasing content of CHF, Tmr of CHF/CS
composites decreased. The thermal stability of CHF/CS
(0.5/100, wt/wt) rod was weaker than that of CHF/CS
(0.25/100, wt/wt) rod but slightly better than that of pure
CS rod. When the ratio of CHF/CS arrived at 1/100 (wt/wt),
its thermal stability was slightly weaker than that of pure CS
rod. In all, thermal stability of CS rod could be enhanced by
incorporating little CHF, but decreased at higher content of
CHF.

Differential thermogravimetric (DTG) curves of the sam-
ples were shown in Figure 8. The temperatures of the fastest
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Table 1: The temperatures about mass residual percentage of samples (/◦C).

Mass residual percentage CS rod CHF
CHF/CS

(0.25/100, wt/wt)
CHF/CS

(0.5/100, wt/wt)
CHF/CS

(1/100, wt/wt)

90% 253.9 318.2 305.4 245.8 202.2

70% 319.1 384.6 341.8 336.3 316.6

50% 365.7 406.4 398.2 375.9 349.6

weight loss rate (Tfl) of CHF were 405.8◦C and 416.3◦C. The
Tfl of CS rod, CHF/CS (0.25/100, wt/wt), CHF/CS (0.5/100,
wt/wt), and CHF/CS (1/100, wt/wt) were 327.1◦C, 347.2◦C,
342.1◦C, and 322.0◦C, respectively. Obviously, the Tfl of
CHF/CS (0.25/100, wt/wt) and CHF/CS (0.5/100, wt/wt) was
higher than pure CS rod, indicating that the thermal stability
of CHF/CS is enhanced by adding little CHF. But the Tfl of
CHF/CS (1/100, wt/wt) was lower than that of pure CS rod,
so that the thermal stability of CHF/CS composite decreased.

3.5. Mechanical Properties of CHF/CS Composite Rods. Chitin
whiskers were used to reinforce CS nanocomposite films
successfully. When there were 2.96% (wt%) chitin whiskers
in the composite films, the tensile strength of nanocomposite
films could arrive at 83.8±2.9 MPa, while the tensile strength
of pure CS films was 64.9 ± 0.7 MPa [14]. The mechan-
ical properties of CHF/CS composite rods were shown in
Figure 9. The bending strength of CHF/CS composites was
increased first and then reduced along with the increasing of
the content of CHF. Bending strength and bending modulus
of pure CS rods are 92.4 MPa and 4.1 GPa, respectively.
When 0.5% CHF was added into CS matrix, the bending
strength and bending modulus of composite rod maximized
at 114.2 MPa and 5.2 GPa, respectively, increased by 23.6%
and 26.8% compared with pure CS rods. When much more
CHF was added into CS matrix, the mechanical properties of
composite rods were reduced due to much more fiber tips as
stress concentrators.

4. Conclusions

CHF and CS 3D composite rods with layer-by-layer structure
were constructed by in situ precipitation method. CHF could
be suspended in the viscous CS solution since CHF could
not be dissolved in acetic acid aqueous solution, while CS
could be dissolved due to the different D.D between CHF and
CS. Undulate surface of CHF seen using SEM demonstrated
that sufficient rough surfaces and edges of the fiber could
enhance the mechanical combining stress between fiber
and matrix. Microstructure morphology also indicated that
interface between fiber and matrix was combined tightly. CS
was the continuous phase that can transfer stress, whereas
CHF was random dispersed in CS matrix to connect layers
of the rod and could endure outside stress. While small
amount of CHF was added into CS matrix, intensity of the
peaks decreased compared with pure CS rod and pure CHF,
showing that crystallinity of CHF/CS composites decreased.
CS crystal plane spacing (d) of CHF/CS composites has
become larger than that of pure CS rod. Mixed little CHF

could enhance thermal stability of CS rod to an optimum and
higher content of CHF would decrease its thermal stability.
When 0.5% CHF was added into CS matrix, the bending
strength and bending modulus of composite rods maximized
at 114.2 MPa and 5.2 GPa, respectively, increased by 23.6%
and 26.8% compared with pure CS rods. Thus, CHF/CS
composite rods could be a novel biomedical device used for
bone fracture internal fixation.
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The molecular and mechanical characteristics of in situ degradation behavior of chitosan-polygalacturonic acid/hydroxyapatite
(Chi-PgA-HAP) nanocomposite films is investigated using Fourier Transform Infrared spectroscopy (FTIR), Atomic Force
Microscopy (AFM), and modulus mapping techniques for up to 48 days of soaking in cell culture media. The surface molecular
structure of media-soaked samples changes over the course of 48 days of soaking, as indicated by significant changes in
phosphate vibrations (1200–900 cm−1) indicating apatite formation. Chitosan-Polygalacturonic acid polyelectrolyte complexes
(PECs) govern structural integrity of Chi-PgA-HAP nanocomposites and FTIR spectra indicate that PECs remain intact until 48
days of soaking. In situ AFM experiments on media-soaked samples indicate that soaking results in a change in topography and
swelling proceeds differently at the initial soaking periods of about 8 days than for longer soaking. In situ modulus mapping
experiments are done on soaked samples by probing ∼1–3 nm of surface indicating elastic moduli of ∼4 GPa resulting from
proteins adsorbed on Chi-PgA-HAP nanocomposites. The elastic modulus decreases by∼2 GPa over a long exposure to cell culture
media (48 days). Thus, as water enters the Chi-PgA-HAP sample, surface molecular interactions in Chi-PgA-HAP structure occur
that result in swelling, causing small changes in nanoscale mechanical properties.

1. Introduction

Recent developments in design of novel polymeric bioma-
terials have allowed researchers to confront many of the
challenges dealing with the design of novel biomaterials.
The tremendous potential of biodegradable polymers for
tissue engineering and medical devices results from their
biocompatibility, ease in processing, and capability of con-
trolled degradation in response to biological environment.
Candidate materials for bone tissue engineering include
natural polymers (chitosan, collagen, hyaluronan, fibrin),
synthetic polymers (polycaprolactone, polylactic acid, polyg-
lycolic acid, and their copolymers) and inorganic materials
(tricalcium phosphate, hydroxyapatite). Also, the natural
biodegradable and biofunctional biopolymer, chitosan, has
been considered as a potential candidate material for
numerous biomedical applications including controlled drug
release [1, 2], wound dressing [3], and more recently, for tis-
sue engineering application [4–13]. Chitosan [β(1,4)-linked
2-amino-2-deoxy-D glucan] is a cationic polysaccharide

obtained by N-acetylation of chitin. Chitosan provides
improved cell attachment, since the polysaccharide backbone
of chitosan is structurally similar to glycoaminoglycans, the
major component of ECM of cartilage and bone [14]. Due
to cationic character of chitosan, it interacts with a number
of polyanions and has been used in preparation of various
polyelectrolyte complexes with natural polyanions such as
alginic acid, dextran sulphate, heparin, pectin, and xan-
than [15, 16]. Another natural biodegradable biopolymer,
polygalacturonic acid (PgA), is a water-soluble polyanionic
polysaccharide, consisting of a linear chain of D-galacturonic
acid units with α(1-4) glycosidic linkages. This is a principal
component of pectin that exists in cellular walls of plants.
Pectin is extensively used in food industry as a gelling agent
and widely used in the production of jams and jellies,
confectionary products and for stabilization of yogurts [17]
and drug production such as for antidiarrheic, detoxicants
and as protectors of gastrointestinal tract [18, 19].

Appropriate mechanical property of bone tissue engi-
neering scaffold is one of the key factors in selection and
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design of biomaterials, which may limit the independent
use of natural chitosan/pectin-based materials. Chitosan,
has been reported to possess improved biocompatibility,
mechanical strength, hard tissue regeneration and tailored
degradation kinetics by incorporation of hydroxyapatite
(HAP) [20, 21] and gelatin [20, 22, 23], alginate [24], and so
forth. By employing electrostatically complementary nature
of chitosan and PgA and by adopting a biomimetic synthesis
route, we designed and developed novel chitosan-PgA-
hydroxyapatite (Chi-PgA-HAP) nanocomposites [25–27]
which exhibited a substantial improvement in mechanical
properties. Our FTIR results demonstrated that strong inter-
facial interactions in Chi-PgA-HAP structures are believed
to be the key factors in mechanical property improve-
ment [25–27]. Biocompatibility results demonstrated that
human osteoblasts (CRL 11732) generated mineralized bone
nodules on Chi-PgA-HAP fibrous nanocomposites without
using any differentiating media suggesting that Chi-PgA-
HAP substrates are osteoinductive and provide an appro-
priate microenvironment for cell organization and tissue
regeneration [27].

For suitability of Chi-PgA-HAP nanocomposites for
bone tissue engineering, their degradation behavior needs to
be evaluated. Ideally, material degradation rate should match
the rate of tissue regeneration, while generating nontoxic
degradation products. Both chitosan and pectin are well
known to be enzymatically degradable and water resistant
[18, 19, 28, 29]. Several investigations on enzymatic degra-
dation of chitosan (with varying degree of deacetylation)
for human use have been carried out in lysozyme [30–34],
since it is found in human body fluid, including serum
(concentration 4–13 mg/L) and tears ( 450–1230 mg/L) [35].
Chitosan-pectin membranes have been reported to swell
considerably in water and their swelling characteristics
depend on pH, temperature, ionic strength, and degree of
polyelectrolyte complex formation [18, 29, 36]. Swelling
behavior of chitosan-pectin membranes is an attractive
property for drug delivery systems [37, 38]. In situ swelling
behavior of Chitosan-PgA-HAP nanocomposites in terms of
change in surface properties has not been investigated. Here,
we present the in situ swelling behavior of Chi-PgA-HAP
nanocomposite films over the soaking period of 48-day in
cell culture media. In situ swelling experiments include the
evaluation of topography, chemistry and nanomechanical
properties of soaked 2D substrates in a fully hydrated state.
2D substrates have been utilized due to their relative ease
as compared to 3D scaffolds. In situ AFM experiments were
performed in cell culture media at a temperature of 37◦C, to
obtain the topography of soaked samples. Modulus mapping
technique has been recently used to obtain the surface elastic
properties of dentin-enamel junction [39] and biomimetic
nanohydroxyapatite particles [40]. However, this technique
has not been used till now to evaluate the purely elastic
properties of constituents of soaked samples under fully
immersed conditions. In the present work, in situ modulus
mapping experiments were designed and elastic properties of
soaked samples were obtained in fully submerged conditions
(cell culture media; 37◦C) by applying extremely shallow
displacements (∼2-3 nm). Molecular structure of both dry

and soaked specimen was investigated by Fourier Transform
Infrared spectroscopy.

2. Materials and Methods

2.1. Film Preparation. HAP nanoparticles were prepared by
wet precipitation route from sodium phosphate (Na2HPO4;
J. T. Baker), and calcium chloride (CaCl2; EM Sciences) by
maintaining pH at 7.44. The detailed processing procedures
have been discussed elsewhere [41]. Chitosan (MW 190,000,
>85% deacetylation) and polygalacturonic acid (MW 25000)
were obtained from Sigma-Aldrich chemicals. Chitosan
and PgA solutions were prepared in deionized water at a
concentration of 1 g/100 mL. The pH of chitosan solution
was adjusted by adding acetic acid and that of PgA solution
was adjusted by adding NaOH. The pH of resulting solutions
was adjusted to 4.5. Chitosan-PgA solution was prepared by
adding chitosan solution dropwise to PgA solution followed
by sonication for 3 minutes. For synthesis of Chi-PgA-HAP
nanocomposite, HAP nanoparticles (1 g) were suspended
in 100 mL of deionized water and sonicated for 1 hour to
obtain a uniform dispersion of nanoparticles. Subsequently,
sonicated HAP nanoparticles were mixed with sonicated
Chitosan-PgA solution and further sonicated for 90 seconds
to obtain a homogeneous solution. Films of two compo-
sitions were prepared (Chi-PgA-10% HAP and Chi-PgA-
20% HAP) on TCPS (Tissue Culture Polystyrene) petridishes
by solvent evaporation at room temperature under clear-air
laboratory environment. For making films, Chi-PgA-HAP
solution was diluted to 1 : 10 ratio with deionized water and
3 mL of resulting solution was air-dried on tissue culture
polystyrene petridishes. Both the nanocomposite substrates
were found to be biocompatible and Chi-PgA-20% HAP
composition was selected for soaking study.

2.2. Soaking Experiments. All the samples were UV sterilized
and subsequently soaked in 5 mL of cell culture media
for 1, 2, 8, 24, and 48-day, respectively, under standard
incubator conditions (37◦C, 5% CO2). Cell culture media
was prepared by adding DMEM (Dulbecco’s modified eagle
medium; Hyclone), supplemented with 2.5 mM l-glutamine
(without phenol red), 10% FBS (fetal bovine serum; ATCC)
and 1% antibiotic (G418; J R Scientific Inc.). At the end
of predetermined time, films samples were taken out of
incubator, and washed twice with PBS and immediately
taken for the AFM/FTIR/nanoindentation analyses. Culture
media were replaced after every 3 days.

2.3. FTIR Experiments. FTIR experiments were carried out
using a Nicolet 850 FT-IR spectrometer with a KBr beam
splitter using reflectance accessory (45◦ angle of incidence).
Spectra were collected in the range of 4000–500 cm−1 at a
spectral resolution of 4 cm−1. Film samples of chitosan, PgA
and Chi-PgA-HAP nanocomposites were prepared on the
clean gold substrates and allowed to dry overnight. FTIR
spectra were obtained on soaked samples which were air-
dried before data acquisition. A gold-coated metal plate was
used to collect the background spectrum.
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2.4. In Situ AFM Experiments Using Multimode Heater.
Topography of dry and soaked samples was characterized
by Atomic Force Microscope (multimode AFM: Veeco
Metrology Group, Santa Barbara, CA), equipped with a
Nanoscope IIIa controller and J-type piezo scanner. The
equipment has z-axis resolution of around 0.5 A◦. Silicon
nitride cantilever probes (Model: NP-S20) with pyramidal
tips of ∼20 nm radius of curvature and a nominal stiffness
of 0.06 N/m were used for imaging under contact mode
in clean-air laboratory environment with 40%–50% relative
humidity. For performing in situ AFM experiments in
fully immersed conditions, Multimode low temperate heater
from Veeco Metrology (Santa Barbara, CA) was used. It
enabled in situ AFM analyses of soaked samples in a
controlled liquid environment. Major components of the
system include a fluid cell, a heating element, Thermal
Applications Controller (TAC), and spacer block. For a
detailed description of components available for Multimode
Scanning Probe Microscopes, AFM technical support note
392 can be referred. The sample temperature was set and
maintained at 37◦C by regulating the heating element and
tip heater voltage with the help of Thermal Applications
Controller (TAC). The whole sample-fluid-tip was thermally
equilibrated for at least 20 minutes to enable the tests to
be performed in a stable and controlled environment (cell
culture media; 37◦C).

2.5. In Situ Modulus Mapping Technique. A Hysitron tri-
boscope nanomechanical instrument (Minneapolis, MN)
equipped with nanoscope IIIa controller (Veeco Metrology,
Santa Barbara, CA) was used to test the dry and soaked
samples with a Berkovich (three-sided pyramid; a 100–
200 nm tip radius) diamond indenter fluid tip. The fluid
tip with a longer steel shaft allows a liquid level up to 3-
4 mm to be maintained above the sample surface and also
ensures the machine calibration in the liquid. In order to
avoid any meniscus forces, the tip was fully submerged in the
liquid prior to testing. In situ modulus mapping experiments
were performed on soaked samples in cell culture fluid and
at a temperature of 37◦C to simulate incubator conditions.
Modulus mapping is a surface nanomechanical characteriza-
tion technique that enables the measurement of purely elastic
properties of material surface by applying extremely shallow
displacements (∼2-3 nm). Detailed description of principles
of modulus mapping technique, its formulation, and appli-
cation can be found elsewhere [39, 42]. In force modulation
mode, a quasistatic force of 3 μN was superimposed by a 2 μN
sinusoidal force at a frequency of 200 Hz. A total of 256 ×
256 tests were done to obtain a modulus map in only 10–15
minutes.

For testing in liquid environment, a special fluid cell
was designed by using O-rings (9/16′′ O.D. × 3/8′′× 3/32′′)
glued onto 15 mm steel discs. Samples (0.5 cm × 0.5 cm)
were glued and kept inside the fluid cell and then, flushed
with liquid level up to 3-4 mm for testing in fully submerged
conditions. The whole tip-sample-fluid assembly was then
heated and maintained to 37◦C using Multimode heater as
described in Section 2.4. Before data acquisition, the entire
setup was allowed to equilibrate for at least 20 minutes.

Before starting modulus mapping experiment, the tip was
wiped with acetone soaked tissue wipes to remove any
ions/salts which may have adsorbed from the previous
measurements. Tip calibration was done using a standard
quartz sample with known elastic modulus. Extreme care
was taken to keep the samples under the wet conditions
before the in situ testing to avoid the effect of drying on
nanomechanical measurements.

All the AFM, modulus mapping and FTIR experiments
were performed using on least 3 samples for each set of
test conditions. All the tests were repeated at least twice
to account for repeatability and reproducibility of test
measurements.

3. Results and Discussion

3.1. Molecular Nature of Surfaces of Soaked Chi-PgA-HAP
Nanocomposite Samples. FTIR spectroscopy was used in
a reflection mode to characterize the surface molecular
structure of soaked samples. Figure 1 shows the FTIR spectra
of dry and soaked Chi-PgA-HAP samples within the range
4000–500 cm−1. The band positions and their assignments
have been summarized in Tables 1, 2, and 3. The band at
1666 cm−1, as seen in Figure 1, is a characteristic vibration
of N-acetylated chitin and is assigned to Amide I band. It can
also overlap with Amide I band from carbonyl stretching in
protein structure, as proteins from cell culture media can get
adsorbed onto surface of Chi-PgA-HAP samples. The band
at 1622 cm−1 is attributed to asymmetric stretching vibration
of dissociated carboxylate (COO−) [26, 43]. This band
shifts slightly to lower wavenumber, to 1605 cm−1 in soaked
samples, which indicates that the change in environment
of Chi-PgA-HAP structure through its interaction with
water, possibly through hydrogen bonds with Chi-PgA-
HAP structure. As water enters the Chi-PgA-HAP sample
which contains polyelectrolyte complexes with –NH+

3 , –
COO− ions, surface structure of Chi-PgA-HAP structure
can get modified. In such a case, swelling can occur due
to mutual repulsion between positively/negatively charged
species along with interactions of these charges species with
water. Swelling characteristics of chitosan-pectin have been
reported to be modified by preparing the samples at varying
pH [44].

PgA-HAP interactions were also affected as a result of
soaking, as revealed in 1100–1000 cm−1 region of FTIR
spectra of soaked samples (Figure 2). PgA interacts with
HAP through dissociated carboxylate groups. As carboxylate
groups carry negative charge, calcium ions in HAP can act
as binding sites for PgA-HAP complexes [26]. To investigate
PgA-HAP interactions, phosphate regions were carefully
observed for both dry and soaked samples, as shown in
Figure 2(a–h). Figure 2(a, b) shows the FTIR spectrum
obtained from dry chitosan and dry PgA film, respectively.
Bands observed at 1086 cm−1, 1055 cm−1, and 1032 cm−1 in
PgA (Figure 2(b)), originate from skeletal vibrations involv-
ing C–O stretching, which are characteristic of saccharide
structure of PgA [18]. Comparing FTIR spectrum of PgA
(Figure 2(b)) with that of dry Chi-PgA-HAP (Figure 2(c)),
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Table 1: Band assignment of dry and soaked Chi-PgA-HAP films for 3380–2860 cm−1 regions.

Band assignment
Band position as per the testing conditions

Dry 1 day 2 days 8 days 24-day 48-day

Asymmetric N–H stretching 3386 3377 3365 3365 3368 3360

symmetric N–H stretching 3290 3284 3292 3288 not observed not observed

Asymmetric C–H stretching 2931 2936 2933 2932 2934 2933

Symmetric C–H stretching 2878 2878 2874 2878 2866 2869

Table 2: Band assignment of dry and soaked Chi-PgA-HAP films for 1660–1240 cm−1 regions.

Band assignment
Band position as per the soaking conditions

Dry 1 day 2 days 8 days 24-day 48-day

Amide I 1666 1665 1666 1665 1665

Asymmetric COO− stretching 1622 1605 1624 1604 1605 1603

NH+
3 deformation 1534 1532 1534 1533 1534 1539

symmetric COO− stretching 1414 1417 1418 1420 1416 1421

C–H bending vibration of ring
1330 1331 1329 1328 1332 1336

1242 1245 1237 1244 1243 1246
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Figure 1: FTIR spectra obtained on dry and soaked Chi-PgA-HAP
nanocomposite film samples after 1, 2, 8, 24 and 48-day, respectively
in the regions 4000–500 cm−1.
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Figure 2: FTIR spectra of dry chitosan (a), dry PgA (b), dry
Chi-PgA-HAP nanocomposites (c) and soaked Chi-PgA-HAP
nanocomposite film samples over 1, 2, 8, 24 and 48-day (d–h),
respectively in the regions 1200–900 cm−1.

bands originating from –C–O–C– glycosidic linkages overlap
with bands from phosphate regions and occur as a broad
band (1100–1000 cm−1) in Figure 2(c). Some of the char-
acteristic bands of HAP structure, that is, asymmetric PO
stretching vibrations in HAP structure occur at 1113 cm−1,
1070 cm−1, and 1009 cm−1 regions can be clearly observed
in dry Chi-PgA-HAP samples. Significant changes in band
positions in phosphate regions (1200–900 cm−1) were not
observed throughout the soaking duration. However, sig-
nificant changes in shape of bands in phosphate regions
(1200–900 cm−1) in soaked samples, over a soaking duration
of 48-day indicate that interactions in PgA-HAP structure
changes as a result of soaking. Comparing spectrum of
PgA (Figure 2(b)), dry Chi-PgA-HAP (Figure 2(c)), and pure
HAP [45] with that of 48-day soaked sample (Figure 2(h)),
characteristic shape of phosphate regions observed on 48
soaked sample matched with that observed in HAP structure.
It appears, that as soaking proceeds, more HAP nanoparticles
may get exposed onto the surface of soaked samples. Similar
observations of exposed HAP particles were made in AFM
topography image of 48-day soaked samples, as discussed in
the next section. There can be another possibility of apatitic
growth on soaked film samples, which accounted for the
visibility of characteristic bands of HAP structure on 48-day
soaked Chi-PgA-HAP sample.

Overall, FTIR spectroscopy results on soaked samples
indicate that the degradation of Chi-PgA-HAP nanocom-
posite films was not severe in cell culture medium until
48-day of soaking. There were apparent changes in surface
chemistry of soaked Chi-PgA-HAP substrates as compared
to dry substrates. Severe degradation can be expected on
dissociation of Chi-PgA polyelectrolyte complexes (PECs)
and can also be due to breaking of –C–O–C– glycosidic
linkages in Chitosan/PgA structure. Spectral changes in both
Chi-PgA-HAP complexes and –C–O–C– glycosidic linkages
were not observed in soaked samples. It can be due to
the fact that both chitosan and PgA have been reported
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Figure 3: AFM 3D topographic images of dry (a) and soaked Chi-PgA-HAP samples for 1, 2, 8, 24, and 48-day, respectively (b)–(f).
Topographic changes are evident after soaking in cell culture media. Topographic features (ridges, valleys, and pits) appear in a random
fashion during the initial soaking duration up to 8 days, and then, more gradual changes are observed during the longer soaking period up
to 48-day, as seen in topographic images (e, f).
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Figure 4: AFM topography image indicating the distribution of bundles of Chi-PgA fibers in the Chi-PgA-HAP nanocomposite; HAP
nanoparticles are barely discernible in AFM topography image of dry sample. (a) Topographic variations and HAP nanoparticles are more
commonly observed in AFM topography image of sample after 8 days of soaking. (b) ∼80% of scan area appears to be covered with HAP
nanoparticles in the AFM topographic image obtained on 48-day soaked sample (c).
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Figure 5: Modulus map of dry Chi-PgA-HAP nanocomposite (10 μm × 10 μm) (a) and modulus data along the line of 10 μm length (b).
High modulus values are due to stiffer HAP phase and lower modulus values are due to soft polymer phases.
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Table 3: Band assignment of dry and soaked Chi-PgA-HAP films for 1150–500 cm−1 regions.

Band assignment
Band position as per the soaking conditions (cm−1)

Dry 1 day 2 days 8 days 24-day 48-day

C–O stretching in ν(C–O–C) 1155 1150 1154 1151 1149 1152

ν3 asymmetric PO stretching 1113, 1070 1107, 1061 1110, 1067 1102 1107, 1072, 1043 1110, 1077, 1049

ν1 symmetric PO stretching 1009, 954 996, 953 1001, 952 1021, 956 1009, 956 1010, 960

P–O(H) stretching 894 895 894 895 896 896

O–H bending in HAP structure 645 645 645 644 643 645

ν4 O–P–O bending 569 569 568 566 563 564

to be enzymatically degradable [19, 30, 31] and degrade
primarily through lysozyme-mediated hydrolysis. Moreover,
fully deacetylated chitosan has low degradation rates due to
inability of hydrolytic enzymes to penetrate the crystalline
microstructures. Slow degradation characteristics in our
study can be due to high deacetylation degree of chitosan
(>85%) and maintenance of structural integrity of PECs in
cell culture media.

3.2. AFM Topographic Characterization. Topographical sig-
natures of swelling/degradation were investigated by carry-
ing out systematic in situ AFM experiments in hydrated
environment using the Multimode heater, as described in
Section 2.4. Representative AFM topographic images of dry
and soaked film samples are shown in Figure 3. Topography
of soaked samples was investigated for 1, 2, 8, 24 and
48-day, respectively. For investigating the major changes
in substrate topography at the microscale, large scan sizes
(100 μm × 100 μm) were obtained on both dry and soaked
regions. Figure 3(a) shows a smooth 3D topography of dry
Chi-PgA-HAP nanocomposite. Further, significant changes
in topography were observed after soaking in cell culture
medium, as indicated in Figures 3(b)–3(f). After 1 day of
soaking, a rough corrugated appearance as indicated by
the uneven distribution of sharp ridges and valleys in the
microstructure (Figure 3(b)) is observed. Figure 3(c) shows
the 3D topography after 2 days of soaking. Ridges appear
to grow in height and were observed to have nonuniform
distribution over the entire scan area. After 8 days of soaking,
some of sharp ridges appear to decrease in height or flatten
out and more valleys or grooves were observed (Figure 3(d)).
The ridges appear to flatten out and take the shape of
circular features (bright spots), were observed to be unevenly
distributed over the microstructure.

Soaking experiments were carried out for longer periods
to observe the topographical changes of Chi-PgA-HAP
samples over a long term exposure. Figure 3(e) indicates
the 3D topography of 24-day soaked substrate. As seen in
AFM topographic image, deep grooves and pits appear to
be present over the entire area. In the literature, swelling
characteristics of chitosan and pectin based materials have
been commonly reported in terms of the water absorption
and water retention [18, 28, 30, 32, 46]. Our AFM results
demonstrate that topography changes dramatically upon
soaking in cell culture media (1 day) which can be due to

swelling of Chi-PgA-HAP biodegradable polymer nanocom-
posite. Irregularities in topographic features indicate that
swelling profiles are site-specific, depending on the access of
water into the polymer structures. Due to hydrophilic nature
of Chi-PgA-HAP nanocomposite, diffusion of water into the
matrix of nanocomposite is faster than degradation, which
can result in swelling of the Chi-PgA-HAP nanocomposite
prior to degradation. Swelling appears to proceed in a
nonuniform fashion during the initial soaking period up to
8 days as indicated by dramatic changes in ridges and valleys
in AFM topography images. Sizes and shapes of circular
features also appear to be distorted and the irregular shaped
larger pits appear to be formed by the coalescence of smaller
pits, as revealed by more diffused patterns of light and dark
regions in the AFM topographic image of 48-day soaked
sample (Figure 3(f)).

The topographic changes can occur due to change in
molecular interactions as demonstrated in FTIR spectra
of soaked samples (Figure 1). Selected 2D AFM topo-
graphic images (100 μm × 100 μm) were taken for dry
(Figure 4(a)), 8 days (Figure 4(b)) and 48-day (Figure 4(c))
soaked nanocomposite samples to correlate the topographic
observations with the chemistry of soaked samples. As seen
in Figure 4(a), bundles of Chi-PgA fibers were observed
and HAP particles were barely visible on the surface of
dry sample. After 8 days of soaking in cell culture media,
HAP nanoparticles were observed on the surface of soaked
sample, as seen in AFM topographic image (Figure 4(b)).
Figure 4(c) indicates the AFM topography image of 48-
day soaked Chi-PgA-HAP sample. It appears that ∼80% of
the scan area is covered with HAP nanoparticles and FTIR
spectrum taken on this sample exhibited the characteristic
shape of phosphate bands which match closely with that
observed in case of pure HAP samples [45]. This suggests
that as soaking proceeds, molecular interactions in Chi-
PgA-HAP structures change (phosphate regions; Figure 2),
thereby, exposing more HAP nanoparticles to surface of
soaked samples and these observations were not made in dry
Chi-PgA-HAP samples (both AFM images & FTIR results).

3.3. Nanoscale Elastic Properties by In Situ Modulus Mapping
Technique. In situ elastic properties of soaked samples were
obtained in presence of cell culture media and at a tem-
perature of 37◦C (using Multimode heater) using modulus
mapping technique. The description of test procedures is
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Figure 6: In situ modulus mapping results of 1-(a), 2-(b), 8-(c), and 48-(d) day soaked Chi-PgA-HAP samples. Moduli versus position plots
indicate the nanoscale elastic responses of surfaces of soaked samples.
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Figure 7: In situ modulus mapping results of 24-day soaked Chi-PgA-HAP samples. Modulus map indicates that there is not significant
variation in surface elastic properties of soaked samples (a); modulus versus position plot indicates the mean modulus values of ∼5 GPa (b).
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Figure 8: Modulus mapping results of 24-day soaked (but dried) Chi-PgA-HAP sample and tested in air. Chi-PgA-HAP samples. Modulus
map indicates that high moduli in the range of 4–80 GPa are observed on surface of dried samples. (a) Modulus versus position plot indicates
the elastic responses of the surfaces of 24-day soaked sample.

given in Section 2.4. Figure 5(a) shows the modulus map
of a scan area of 10 μm × 10 μm on surface of dry Chi-
PgA-HAP nanocomposite film. In modulus map image,
lighter color corresponds to lower elastic moduli (∼4 GPa)
due to relatively softer polymer phase, that is, Chi-PgA
phase. Darker color corresponds to higher elastic moduli
(∼80 GPa), which indicate the elastic responses from the
stiffer hydroxyapatite phase or from the regions having a
very thin polymer layer. A combined elastic response (∼10–
30 GPa) from both the polymer and HAP phase is indicated
by mixed color patches observed in the modulus map image.
The composite elastic modulus can be obtained from the
surfaces of biomimetic nanohydroxyapatite, as reported in
our prior work [40]. The variation in modulus values along
the scan length of 10 μm indicates the local distribution of
constituents in the microstructure (Figure 5(b)).

Figures 6(a)–6(d) show the modulus data of samples
soaked in cell culture media for 1, 2, 8, and 48-day,
respectively. Representative line scans were selected from
modulus maps obtained as per each soaking experiment
conditions, and modulus values were plotted as function
of position. In situ elastic moduli of 3.5–8 GPa have been
obtained from the surfaces of soaked substrates for upto 2
days of soaking. These are the nanoscale elastic responses
of the swollen phases or constituents of Chi-PgA-HAP
substrate. An observed scatter in modulus values within
4–8 GPa is consistently observed during the initial soaking
duration (Figures 6(a) and 6(b)). Over the longer soaking
duration (Figures 6(c) and 6(d)), less scatter in moduli was
observed and moreover, nanoscale modulus is observed to
decrease by ∼2 GPa.

Elastic modulus in the range of 2–4 GPa [47] has been
measured from the gold nanoparticles functionalized with
bovine serum albumin and streptavidin using nanoinden-
tation technique (load = 5 μN). The elastic modulus of ∼3-
4 GPa measured using modulus mapping technique (load =
5 μN) can result from the nanoscale elastic response from the

proteins adsorbed on the surface of soaked samples, which
also match closely with that reported in literature. Protein
adsorption on Chi-PgA-HAP nanocomposites is more likely
due to its hydrophilic nature. Specifically, chitosan’s cationic
nature allows various electrostatic interactions with nega-
tively charged species such as proteins, anionic glycoamino-
glycans [4]. Chi-PgA-HAP structure with mainly –NH2,
–COOH and –(COO−NH+

3 ) complexes can interact with
proteins and modify the surfaces. Performing in situ elastic
property measurement in cell culture fluid and at 37◦C can
give the nanoscale properties of proteins adsorbed on Chi-
PgA-HAP substrates in their natural environment. However,
in a modulus mapping technique, it is not easy to identify the
elastic responses of individual sites, due to a potential overlap
between the modulus values of proteins and sites of soaked
substrate.

Further, additional experiments were done on soaked
but air dried samples in clear air laboratory environment
to see the effect of dehydration from the soaked polymer
nanocomposite samples. Selected results are presented herein
for modulus mapping experiments on 24-day soaked sam-
ples and tested in a fully hydrated state and unhydrated
(dried) environment. Figure 7(a) indicates the modulus map
obtained after 24-day of soaking and tested in a hydrated
state (cell culture media; 37◦C). Modulus values of 4–6 GPa
were observed with a mean value of ∼5 GPa (Figure 7(b)).
Figure 8(a) indicates the modulus map obtained after 24-
day of soaking, and completely dried in air, and then,
tested in clean-air laboratory environment. Modulus data
were plotted as a function of position over a length of
10 μm (Figure 8(b)). Modulus values in the range of ∼
4–80 GPa were observed. Significantly large difference in
modulus values observed by testing under the hydrated
and unhydrated environment can result from dehydration
effects from the surface of the swollen polymer specimen
which makes its surface more stiff. Effect of sample dehy-
dration on nanomechanical properties is less important
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for hard materials like metals, ceramics and some hard
tissues. However, soft and spongy polymers (e.g., Chi-
PgA-HAP biodegradable polymer nanocomposites) which
exhibit swelling characteristics, have entrapped water in their
structures. Hence, testing such samples in a dry environment
can severely affect the mechanical properties, as seen in our
modulus mapping results. It has been shown that even in
case of hard tissue like bone, upon dehydration, hardness can
be increased by 17%–30% and modulus by 15%–50% [48,
49]. Therefore, it is important that in situ nanomechanical
mesurements are carried out in a liquid environment to
get in situ elastic properties of water-swollen polymeric
structures. Our results suggest that modulus mapping is a
promising technique to evaluate the purely elastic properties
of proteins and that of soaked substrates.

4. Conclusions

The in situ degradation/swelling behavior of novel Chi-
PgA-HAP nanocomposites is characterized by FTIR, AFM
and modulus mapping technique. FTIR results demonstrated
that molecular structure of soaked samples changes over
the course of 48-day of soaking in cell culture media, as
indicated by significant variations in phosphate vibrations.
As water enters the Chi-PgA-HAP sample, interactions in
Chi-PgA-HAP structure are modified that can result in
swelling. PECs govern the structural integrity in Chi-PgA-
HAP nanocomposites and FTIR spectra indicated that PECs
were still in-tact until 48-day of soaking. In situ AFM
experiments on soaked samples indicate that soaking results
in a change in topography due to swelling of Chi-PgA-
HAP substrates. AFM topographic images indicate that
swelling proceeds in an inhomogeneous fashion during the
initial soaking period up to 8 days and then, occurs in a
more gradual fashion during the longer soaking periods.
In situ modulus mapping experiments on soaked samples
represent the elastic properties of surface of soaked samples.
Elastic moduli of ∼4 GPa are observed, which may result
from nanoscale elastic responses of proteins adsorbed on
Chi-PgA-HAP nanocomposites. Modulus mapping results
of soaked samples indicate that nanoscale elastic modulus
decreases by ∼2 GPa over a long exposure to cell culture
media (48-day) and there were no major changes in surface
mechanical properties over 48-day of soaking in cell culture
media.

This work has important implications for tissue engi-
neering. For instance, mostly biodegradable materials are
used in the fabrication of tissue engineering scaffolds.
Biodegradable materials can undergo physic chemical-
mechanical changes under the wet conditions, as also
indicated by our study. It is now understood that cells do
respond to such physico-chemical changes which can also
affect cell-biomaterial interactions. In order to correlate the
changes in physical properties of degrading substrate to
cellular responses (biochemical/biomechanical), a systematic
evaluation of in situ material properties of biodegradable
materials in nearly physiological environment is required,
which merits scientific interest.
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Electrospinning is a method to produce fine, biopolymer mesh with a three-dimensional architecture that mimics native extra-
cellular matrix. Due to the small fiber diameter created in this process, conventional electrospun scaffolds have pore sizes smaller
than the diameter of most cells. These scaffolds have limited application in tissue engineering due to poor cell penetration. We
developed a hybrid electrospinning/particulate leaching technique to create scaffolds with increased porosity and improved cellular
ingrowth. Poly(glycolic acid) (PGA) and a sucrose-ethanol suspension were electrospun in equal, alternating sequences at intervals
of one, two, and ten minutes each. The scaffolds revealed fiber mesh with micropores of 10 μm and uniformly distributed sucrose
particles. Particulate leaching of sucrose from the one- or two-minute scaffolds revealed honeycomb structures with interconnected
macropores between 50 and 250 μm. Sucrose leaching from the ten-minute scaffolds resulted in laminated structures with isolated
macropores between 200 and 350 μm. Macropore size was directly proportional to the duration of the sucrose spinning interval.
After 24 hours of cell culture, conventionally spun scaffolds demonstrated no cellular penetration. Conversely, the PGA/sucrose
scaffolds demonstrated deep cellular penetration. This hybrid technique represents a novel method of generating electrospun
scaffolds with interconnected pores suitable for cellular ingrowth.

1. Introduction

Tissue engineering aims to develop “biological substi-
tutes that restore, maintain, or improve tissue or organ
function[1]”. A commonly used approach has involved
seeding cells harvested from donor tissue onto a three-
dimensional matrix and ultimately implanting the device,
such that the cells grow, organize, and function to augment
or replace the damaged organ [2]. An ideal bioengineered
matrix would be biocompatible and biodegradable yet have
sufficient mechanical integrity to maintain its architecture
until the seeded cells produced a new extracellular matrix
(ECM) and replicate the donor organ [3].

Various biodegradable polymers have been used to
create biomimetic scaffolds for tissue engineering, including
poly(lactic acid) (PLA), poly(epsilon-caprolactone) (PCL),

poly(lactic-co-glycolic acid) (PLGA), and poly(glycolic acid)
(PGA) [4–7]. These poly(alpha-hydroxyesters) are com-
monly employed for clinical use in suture material and
wound dressings, and have well known degradation char-
acteristics. In vivo, these polyesters degrade by random
hydrolysis and enzymatic action [8]. PGA and PLGA can be
completely degraded from two to four weeks, whereas PCL
and PLA may take up to 12 to 24 months for complete mass
loss [9].

Porous scaffolds are particularly suited for use in tissue
engineering because they have several properties that mimic
the ECM, including a large surface area, pore size suitable
for cellular ingrowth, and a three-dimensional environment
conducive to promoting cell to cell contact [10]. Various
techniques have been developed to fabricate porous scaffolds
including solvent casting and particulate leaching [11], freeze
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drying [12], phase separation [13], solid free-form fabrica-
tion [14], foaming [15, 16], sintering [17], electroblowing
[18], and electrospinning [19].

Electrospinning, or electrostatic spinning, was first devel-
oped in the early 1930’s by Formhals; however, it was not
until the 1960’s that Taylor elucidated the fundamentals
of the jet forming process, sparking a renewed interest in
the larger scientific community [19]. It was found that by
spinning a polymer solution under a large electric potential,
electrostatic forces overcome the weaker forces of surface
tension in the liquid, and create a fine charged jet [20]. The
jet is then carried in the direction of the electric field, all the
while thinning and elongating. Due to inherent instabilities
of the jet motion, a dense nonwoven randomly oriented
mesh can be collected on the counter electrode [10]. The
typical setup is simple and inexpensive; it consists of a
collector, a syringe pump containing a polymer solution, and
a high voltage power supply [21].

The fibers generated by electrospinning typically range
from 10 nm to 10 μm in diameter, depending on the mate-
rial, concentration, viscosity, electrical potential, working
distance, and ambient conditions [9, 22, 23]. Eichhorn and
Sampson have demonstrated that pore radius is proportional
to fiber diameter [24]. Effective pore sizes of electrospun
scaffolds would be anticipated to be between 0.5 and 5 μm.
Kwon et al. have developed electrospun matrices with fiber
diameters ranging from 0.3 μm to 7 μm and pore sizes of 0.2
to 30 μm using various biodegradable copolyesters [25]. In
electrospun meshes, fiber diameters from 10 nm to 10 μm in
diameter have been shown to promote cell attachment [22].
However, paradoxically the small pore sizes would restrict
cellular infiltration and proliferation of cells which typically
range from 5 to 20 μm [26]. In order to generate a scaffold
with both fine fibers and larger pore sizes, an alternative
technique had to be developed.

The purpose of this study is to generate electrospun PGA
scaffolds with increased porosity by combining electrospin-
ning with particulate leaching. We modified the conventional
electrospinning technique by alternately spinning a polymer
solution with a sucrose suspension and subsequently leach-
ing the sucrose crystals.

2. Materials and Methods

2.1. Electrospinning. For the electrospinning process, a
10% weight/volume solution of poly(glycolic acid) (PGA;
Lakeshore Biomaterials; Birmingham, AL) was dissolved
in 1,1,1,3,3,3-hexafluoro-2-propanol (HFP; Sigma-Aldrich
(Fluka, Milwaukee, WI) and mixed on an orbital shaker for
at least 12 hours. The solution was dispensed through an
18-gauge blunt needle (Integrated Dispensing Solutions Inc.,
Agoura Hills, CA) attached to a 10 mL plastic syringe (Becton
Dickenson and Company, Franklin Lakes, NJ) with a syringe
pump (Harvard Apparatus, Holliston, MA) at a flow rate of
1 mL/h. A 5 mm thick copper rod collector (McMaster Carr
Co, Atlanta, GA) covered by copper foil (Lyon Industries
Chicago Inc., South Elgin, IL) was placed at a distance of 8 cm
from the needle tip and rotated at 1,200 rpm. Electrospinning
was performed by applying an electrical field of 28 kV from

200μm

Figure 1: SEM image: sucrose particles.

a high voltage power source (Series PS/EL, Glassman High
Voltage Inc., High Bridge, NJ) between the needle tip and the
collector electrode. Nanofibers were collected on the target
electrode rotating at 2000 rpm to form a nonwoven tubular
structure.

Confectioner’s sugar (Pure Cane Sugar C&H, C&H Sugar
Company, Inc., Crockett, CA) was sieved to a particle size
ranging 250–350 μm in diameter (Figure 1) and then a
suspension of 70% weight/volume solution of sucrose with
70% ethanol (Fisher Scientific, Fairlawn, NJ) was prepared
immediately prior to use.

Most sucrose crystals remained undissolved within the
liquid phase, and the crystal suspension was of low viscosity.
The sucrose-ethanol suspension was electrospun using the
aforementioned apparatus at a distance of 15 cm to the same
target collector used for the PGA.

To determine the effects of spin time, PGA and sucrose
solutions were alternately spun in 1 : 1 ratios at time intervals
of one, two, and ten minutes each (i.e., one minute of
PGA spinning followed by one minute of sucrose spinning;
two minutes of PGA spinning followed by two minutes of
sucrose spinning; ten minutes of PGA spinning followed by
ten minutes of sucrose spinning). Electrospinning using the
PGA solution was alternated with the sucrose solution to
create multi-layered scaffolds of 20 to 40 layers. PGA scaffolds
spun without sucrose served as controls. After fabrication the
electrospun tube was carefully removed from the target. The
tube was leached twice in 37◦C warm distilled water for ten
minutes followed by dehydration in a hood under constant
airflow.

2.2. Scanning Electron Microscopy (SEM). Before and after
particulate leaching, 500 μm cross sections of the electrospun
tubes were prepared, sputter-coated with gold (Hummer II,
Technics, Alexandria, VA) and imaged by scanning electron
microscope (SEM) (Dual Beam NOVA 600, FEI Company,
Portland, OR). Images were acquired at an accelerating
voltage of 20 kV. For each experimental group, five images
from different areas of the scaffolds were randomly picked
and evaluated by a blinded observer to measure pore sizes.
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200μm

Figure 2: SEM image: cross-sectional view of control electrospun
tube.

An average pore size was expressed as mean± standard error
of mean.

2.3. Cell Culture. NIH/3T3 fibroblasts (ATCC, Manassas,
VA) were cultured in cell-specific complete growth media
(ATCC, Manassas, VA) supplemented with 10% bovine
calf serum (Colorado Serum Company, Denver, CO)
and 1% antibiotic solution (20,000 U/mL penicillin and
20,000 μg/mL streptomycin) (Cambrex BioScience, Walk-
ersville, MD). This medium was used for all subsequent
experimental steps. Cell cultures were maintained in a
humidified 37◦C cell culture incubator with a 95% O2/5%
CO2 environment. Culture media were replaced every three
days. Fibroblasts were passaged three times, removed by
0.25% trypsin-EDTA treatment (Invitrogen-GIBCO, Carls-
bad, CA), counted, and prepared for seeding onto the
electrospun scaffolds.

2.4. Scaffold Preparation and Seeding. Electrospun tubes
were cut into 1 cm2 sheets and subjected to plasma etching
(Plasma Cleaner and Sterilizer, PDC-32G, Harrick Scientific,
NY) for three minutes. The tubes were disinfected in
80% ethanol for 30 minutes, serially hydrated through an
alcohol series in distilled water (70%, 60%, 50% and 40%
ethanol), subsequently rinsed with sterile phosphate buffered
solution (PBS) (Fisher, Pittsburgh, PA) and dried under
sterile conditions in a hood at room temperature for two
hours. Prior to cell seeding, scaffolds were placed in a 24-
well cell culture plate and prewetted with culture medium.
For each scaffold 2 × 105 fibroblasts were then suspended
in 20 μL complete growth media and placed as a drop in
the center of the electrospun biopolymer mesh. To allow
for cell attachment, the samples were incubated at 37◦C for
two hours before they were completely covered with media.
Seeded scaffolds were harvested 24 hours after seeding.
Scaffolds that received cell-free media served as negative
controls.

2.5. Histological Evaluation. Samples were harvested and
fixed in 10% neutral buffered formalin (Fisher Diagnostics,

Middletown, VA), rinsed with PBS and embedded in OCT
compound (Sakura Finetek, Torrance, CA). Embedded scaf-
folds were stored at −80◦C until sectioning. Cryosections
were cut at 10 μm thicknesses using a cryostat (Microm
GmbH, Walldorf, Germany) and stored at −80◦C until used.
For fluorescent nuclear staining, frozen cryosections were
taken from the −80◦C freezer and allowed to thaw and dry
at room temperature for 15 minutes. Fluorescent staining
was performed by adding mounting medium with 4′,
6-diamidino-2-phenylindole (DAPI) (Vector Laboratories,
Burlingame, CA) to the sections and incubating them in
a dark environment for 5 minutes at room temperature.
DAPI-stained sections were evaluated under a fluorescent
microscope (ImageJ 1.42 software, National Institute of
Health, http://rsbweb.nih.gov/ij/index.html; Carl Zeiss, Hall-
bergmoos, Germany) and evaluated at magnifications of
100× and 200×. Five sections per experimental group taken
from different areas of the cell seeded scaffolds were ran-
domly picked and analyzed for cell penetration depth within
the scaffolds. Due to variations in scaffold thickness, exact
micron measurements of cell penetration were not useful;
instead, a blinded observer was asked to assign subjective
penetration scores based on perceived cell depth with the
following scores: no penetration (0), very poor penetra-
tion (+), moderate penetration (++), or deep penetration
(+++).

3. Results

Representative SEM samples of control and sequential
electrospun scaffolds are shown in Figures 2–5. The control
scaffold, that is, PGA without sucrose particles, revealed
the typical architecture and random fiber distribution of a
conventional electrospun mesh (Figure 2). Fiber diameters
varied between 1–5 μm and pores measured 10 μm on
average; no macropores were found.

Our maximum electrospinning intervals for PGA and
sucrose were ten minutes. Preliminary experiments with 15-
minute spinning time intervals produced delaminated layers
(data not shown). Minimum electrospinning intervals were
one minute. Spinning intervals for PGA and sucrose less
than one minute proved to be unreliable due to equipment
limitations.

All sequentially electrospun scaffolds revealed randomly
oriented PGA fibers with diameters between 1–5 μm. The
average macropore size ranged from 50–300 μm with diam-
eters correlating with spinning time intervals. Ten-minute
intervals created the largest pores and one-minute intervals
created the smallest pores (Figure 6).

Spinning for one minute resulted in macropore sizes
ranging from 50 to 150 μm, spinning for two minutes created
macropore sizes from 100 to 250 μm, and spinning for ten
minutes revealed macropore sizes from 200 to 350 μm in
diameter. Pore sizes within areas of PGA mesh without
sucrose averaged 10 μm in diameter.

The density of sucrose distribution varied with time.
With ten-minute sequential time intervals, the scaffolds
revealed dense packing of incorporated sucrose crystals
(Figure 3(a)). One- and two-minute alternating sequences
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200μm

(a) Sugar particles embedded in the PGA scaffold

500μm

(b) Scaffold after leaching of sugar crystals

Figure 3: SEM images: cross-sectional view of electrospun tubes; the electrospinning interval was 10 minutes.

200μm

(a) Sugar particles embedded in the PGA scaffold

500μm

(b) Scaffold after leaching of sugar crystals

Figure 4: SEM images: cross-sectional view of electrospun tubes; the electrospinning interval was 2 minutes.

resulted in crystals that were less densely packed (Figures 4(a)
and 5(a)). All samples demonstrated homogenous distribu-
tion of sucrose crystals.

PGA matrix architecture also demonstrated variability
that correlated with interval times. Ten-minute time intervals
produced thick, dense mesh layers of PGA fibers that were
clearly discernible from the PGA-embedded sucrose layers
(Figure 3(a)). In contrast, one- or two-minute intervals
created a more integrated honeycomb-like structure of PGA
and sucrose layers (Figures 4(a) and 5(a)). Two-minute
intervals resulted in a coarser honeycomb structure, while the

one-minute spinning time formed a more delicate network.
Fine fibers of 2–5 μm in diameter appeared suspended in the
lumen of most pores.

Leaching of the scaffolds completely dissolved the
embedded sucrose, leaving macroporous PGA structures in
all cases (Figures 3(b), 4(b), and 5(b)). Sucrose “pockets”
lined with PGA fibers may be seen. The tubular structures
were form-stable and did not collapse. However, macropore
sizes after leaching were reduced approximately 5–10%. Of
note, sucrose particles averaged 250 to 350 μm (Figure 1),
whereas average macropore diameter ranged between 50 to
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200μm

(a) Sugar particles embedded in the PGA scaffold

500μm

(b) Scaffold after leaching of sugar crystals

Figure 5: SEM images: Cross-sectional view of electrospun tubes; the electrospinning interval was 1 minute.
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350 μm. Ten-minute intervals left alternating layers of void
space and dense PGA mesh layers. Rare communication
between macropores and periodic layer delamination was
noted in the ten-minute interval scaffolds (Figure 3(b)).
One- and two-minute time intervals revealed honeycomb-
like structures after sucrose leaching. The PGA fiber pockets
were seen to communicate through defects in the PGA mesh
layers, thus creating macroporous interconnections (Figures
4(b) and 5(b)).

Interconnection of macropores in the one- and two-
minute spun scaffolds was confirmed by our cell penetration
assay (Figure 7).

After cell seeding, fibroblasts attached to the interior
of the material. Nuclear staining with DAPI indicated that
seeded cells were located on and within the electrospun
scaffolds. Penetration into the deeper layers of the mesh
was variable. Despite exhibiting larger macropores, ten-
minute interval scaffolds (Figures 7(c) and 7(d)) and control
scaffolds (Figures 7(a) and 7(b)) had cells attached to the

Table 1: Penetration scores for five randomly selected sections from
each study group.

Control 10 minutes 2 minutes 1 minute

Section 1 0 + ++ ++

Section 2 + + ++ ++

Section 3 0 ++ ++ +

Section 4 + + + +++

Section 5 O + +++ +

(0 denotes no penetration; +++ denotes deep penetration).

surface with only minimal cell penetration into the matrix.
Although the ten-minute scaffolds showed slightly more
cell penetration than the control matrix, the denser PGA
fibers surrounding the large macropores appeared to create
a barrier that prevented the cells from reaching the deeper
structures of the scaffold. More pronounced cell penetration
occurred in one-minute scaffolds. The deepest penetration
(to about 250 μm) was found in two-minute scaffolds
(Figures 7(e) and 7(f)). In all samples with cell penetration,
cells within the scaffolds appeared to be distributed along
the fibers lining the “walls” of the pores. Data representing
a synopsis of these results are shown in Table 1.

4. Discussion

The combination of electrospinning sucrose particles and
poly(glycolic acid) represents a hybrid method that incor-
porates particulate leaching to create a nonwoven scaffold
with uniform fiber diameter, macropores, and intercon-
nected pores of fixed size. With the traditional method
of simple electrospinning, porosity is limited due to high
scaffold density resulting from small fiber diameters. Cells
seeded onto control samples without sucrose were unable
to penetrate the scaffold surface and were not seen within
the scaffold interior; the high fiber density and smaller pore
sizes (10 μm) inhibited cell penetration. In contrast, with our
hybrid technique of electrospinning and particulate leaching
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(a) Control scaffold: (100×)

100μm

(b) Control scaffold: (200×)

200μm

(c) Ten-minute scaffold: (100×)

100μm

(d) Ten-minute scaffold: (200×)

200μm

(e) Two-minute scaffold: (100×)

100μm

(f) Two-minute scaffold: (200×)

200μm

(g) One-minute scaffold: (100×)

100μm

(h) One-minute scaffold: (200×)

Figure 7: Cryosections of seeded scaffolds with DAPI nuclear stained cells at 24 hours. White arrows point towards the scaffold seeding
surface.
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we were able to fabricate a matrix with fiber diameters of 1–
5 μm and a larger pore structure in the range of 50–350 μm.
In addition, we were able to control the pore distribution
and interconnectedness by varying the duration of both
sucrose-ethanol and polymer spinning times. The result
was a homogenous distribution of pores throughout the
architecture that was unaffected by the evaporation of the
solvents.

Macropore size was dictated by porogen diameter and
spinning times. Though the average size of sucrose crystals
was 250–350 μm, pore sizes as small as 50 μm were found.
This was likely due to the sifting process which included
smaller sucrose crystals within the sucrose-ethanol solution.
In future studies, ultrasonic size sorting could be employed
to more accurately separate out porogens of a desired size.

Spinning time was the fundamental variable in the
creation of macroporous scaffolds. The upper and lower time
limits of electrospinning during which the production of a
form-stable, porous scaffolds may be fabricated were one and
ten minutes, respectively. With shorter electrospinning times
of one or two minutes, scaffolds suitable for cell infiltration
and migration were generated with apparent honeycomb-
like structures and interconnected pores of 50–250 μm.
Conversely, with an electrospinning time interval of ten
minutes, macroporous layers created by sucrose deposition
alternated with denser layers of PGA fibers. Though the
pore size was larger (200 to 350 μm) in these scaffolds
due to increased sucrose deposition, the ten-minute time
interval resulted in a laminated structure with decreased
pore interconnection which limited cellular infiltration. In
the manufacture of porous scaffolds, polymer and sucrose
spinning times may be varied to determine macropore
size and pore interconnectedness and to improve cellular
penetration. In order to avoid laminated structures, future
studies could involve co-spinning of the solutions using a
double-spinneret technique. By cospinning PGA and sucrose
solutions, a more uniform incorporation of sucrose particles
within the fibers could potentially be obtained.

Other efforts to expand and control the pore sizes of
electrospun scaffolds have been previously described [26–
28]. Kidoaki et al. introduced a new multilayer electro-
spinning technique to create ordered structures of type I
collagen, styrenated gelatin, and segmented polyurethane. By
sequentially spinning different polymers, the authors engi-
neered more complex, hierarchically designed scaffolds than
could be made by simple electrospinning alone. By mixing
PLLA and polyethylene glycol, Pantojas et al. could modify
fiber morphology such that nanometric pores were created
[29]. Zhu et al. utilized a novel rotating frame cylinder
as a collection device, which resulted in varying porosity
based on rotational speed [30]. Nam et al. introduced
sodium chloride crystals with poly(E-caprolactone) (PCL)
in the electrospinning process [26]. During fabrication, salt
particles were deposited by gravity onto the electrospun
PCL fibers. This resulted in a compact structure with
multiple layers. The PCL scaffold structure described by
these authors resembled our ten-minute interval sample,
with dense polymer fiber layers alternating with void space.
However, in contrast to our technique, their PCL scaffolds

lacked a homogenous porous architecture. This difference
may be attributable to our use of sucrose suspended in
solution rather than the direct use of a dry crystalline
powder.

Leong et al. utilized a cryogenic technique to incorporate
ice crystals into a poly(D,L-lactide) electrospun scaffold [28].
By varying the humidity of the electrospinning environ-
ment, they attained pore sizes ranging from 900–5000 μm2.
However, they found cell infiltration into the scaffolds to
be limited to 50 μm. In our study cell penetration was
variable; however, cells were found up to 250 μm deep in the
scaffold structure. This finding was in contrast to the results
of Nam et al. As a consequence of using PCL, a polymer
with significantly slower degradation kinetics, Nam’s group
could seed and culture cells on scaffolds for up to 3 weeks.
This was significantly longer than our 24-hour incubation
period. Consequently, they observed cell penetration and
proliferation deep within the scaffold at 3000 to 6000 μm.

Though we successfully generated highly porous elec-
trospun scaffolds, our study had several limitations. There
is not a definitive explanation for the correlation between
electrospinning time and pore size. We demonstrated that
pore sizes ranged from 50 to 150 μm, 100 to 250 μm, and 200
to 350 μm in diameter with increasing spinning times. Most
likely, increased sucrose deposition occurred with longer
time intervals. In order to generate larger pores, crystal
deposition would necessarily occur in areas immediately
adjacent to one another, yet jet instability within the Taylor
cone would dictate a more random distribution. Regardless,
it has been noted that deposition of particles larger than
150 μm may result in clustering [26]. As we utilized sucrose
crystals 250–300 μm in diameter, it is likely that clustered
deposition occurred. Additional investigation utilizing dif-
ferent particle sizes is warranted to elucidate the relationship
between electrospinning time, particle deposition, and pore
size.

PGA is a linear aliphatic polyester with a high degree
of crystallization (45–55%) which renders it insoluble in
most organic solvents; exposure to ethanol during scaffold
production does not cause any structural changes [31]. In
addition, wetting during cellular seeding does not induce
any scaffold shrinkage. However, as may be seen in our
SEM images (Figures 2(a), 3(a), and 4(a)) the sucrose-laden
scaffolds appear to have several areas of “fused” PGA fibers or
a “beads-on-a-string” appearance. This architecture may be
the result of using a PGA solution with insufficient viscosity.
As Kumbar et al. have demonstrated, decreasing polymer
concentration, which implies decreased viscosity, may result
in breaking down of the jet formed in the electrospinning
process. The result would be an electrospray of microdroplets
rather than fibers [32]. Though the areas of beading were
minimal, future studies warrant investigation into increased
concentrations of PGA solutions.

Another limitation of our study lay in our histologic
assessment of cell penetration. Our method of assigning pen-
etration scores was necessarily subjective, without absolute
depth criteria. This was a consequence of the heterogeneity
of scaffold thickness, and we felt that absolute measurements
would have been misleading. In addition, our method of



8 International Journal of Polymer Science

gravity-seeding may have limited cell adhesion and subse-
quent proliferation. Additional investigations of cell behavior
on and in our scaffolds may be performed using new
seeding methods, such as agitation [33], dynamic mixing
[34], perfusion flow-seeding [35], or filtration seeding [36].

In our study, we investigated three electrospinning
conditions to create porous scaffolds: (a) one minute of
PGA spinning followed by one minute of sucrose spinning,
(b) two minutes of PGA spinning followed by two minutes
of sucrose spinning, and (c) ten minutes of PGA spinning
followed by ten minutes of sucrose spinning. In each case,
time intervals were kept constant throughout the entire
sequence, with a 1 : 1 ratio of PGA and sugar spinning
times. Further studies that focus on varying PGA or sugar
solution spin times could be investigated. As discussed above,
the ten-minute interval resulted in larger macropores, but
reduced interconnectedness. Thus in order to increase pore
size as well as interconnectedness, the ratio of PGA to sugar
spinning times could be extended to a ratio of 1 : 2 or 1 : 3 in
order to create a more honeycomb-like structure rather than
a laminated structure.

5. Conclusion

We have identified a simple technique of sequential, alter-
nating electrospinning of PGA and sucrose solutions. This
method results in fine PGA fiber scaffolds with pores of
50–350 μm. Pore size can be controlled by varying the
time intervals for each spinning sequence. Combination
electrospinning represents an excellent modality to generate
designer scaffolds with controllable pore sizes that promote
cell attachment and penetration. Further studies will be
needed to further refine this method.
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Hyaluronan (hyaluronic acid, HA) was immobilized onto the surface of amino-functionalized polyurethane films with the goal
of obtaining a novel kind of biomaterial which had the potential in blood-contacting applications. The amino-functionalized
polyurethane was prepared by synthesized acidic polyurethane whose pendant carboxyl groups were treated with an excess amount
of 1,3-diaminopropane in the presence of N,N-carbonyldiimidazole (CDI). Attenuated total reflection Fourier transform infrared
spectroscopy (ATR-FTIR), Raman spectroscopy (RS), scanning electron microscopy (SEM), and water contact angle measurement
were used to confirm the surface changes at each step of treatment, both in morphologies and chemical compositions. APTT and
PT results showed that HA immobilization could prolong the blood coagulation time, thus HA-immobilized polyurethane (PU-
HA) exhibited improved blood compatibility. Cytotoxicity analysis showed that the PU-HA films synthesized in this study were
cytocompatible and could support human vein endothelial cells (HUVECs) adhesion and proliferation.

1. Introduction

Thermoplastic polyurethanes (PU) have been widely used
for various biomedical applications due to their excellent
mechanical properties and proper blood compatibility.
Recently, much effort has been focused on polyurethanes as
blood-contacting materials, such as cardiovascular biomate-
rials, hemodialysis blood line sets, central venous catheters
(CVC), and IV bags [1, 2]. However, surface-induced throm-
bosis, protein fouling, and cytocompatibility have become
the major drawbacks that hinder their further biomedical
applications as blood-contacting materials. Surface mod-
ification is an effective approach to improve the blood
compatibility, the size, shape, and mechanical properties of
the original material maintained. Many studies have been
performed on producing a blood-compatible surface by
tailoring with poly(ethylene glycol) (PEG) [3, 4], heparin
[5, 6], heparin-like [7–9], phospholipid polymer [10–13],
hirudin [14], sulfobetaine [15, 16], and so on. Although
many hydrogels or hydrophilized surfaces exhibit good blood
compatibility, most of these are not truly antithrombogenic
but only antithromboadhesive [17] as they curtail or inhibit

platelets and blood cell adhesion rather than prolong the
coagulation time.

Hyaluronan (HA), a linear biopolymer naturally abun-
dant in mammalian tissues, is composed of repeating units
of N-acetyl-D-glucosamine and D-glucuronic acid, linked by
β-(1,4) and β-(1,3) glycosidic junctions [18]. HA has been
identified as a nontoxic, biodegradable, biocompatible, and
nonimmunogenic material, and its degradation products of
hyaluronicdase digestion are non-toxic oligomeric sugars
that are mitogenic for endothelial cells in vitro and are
correlated with blood vessel growth in vitro and in vivo
[19–21]. Thus, HA has been widely used in biomedical
applications such as scaffolds for wound healing, ophthalmic
surgery, arthritis treatment, drug delivery, and implantation
[22–25].

In this paper, HA-immobilized polyurethane was synthe-
sized and characterized. The main purpose of this study was
to improve the blood compatibility of the PU films by surface
immobilization of HA. The coagulation time and the culture
of human vein endothelial cells (HUVEC) in vitro were
used to evaluate the blood compatibility and cytotoxicity,
respectively.
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2. Materials and Methods

2.1. Materials. 1, 6-hexane diisocyanate (HDI) was pur-
chased from Bayer with purity greater than 99.5%. Poly-
carbonate diols (PCDL) with a number average molecular
weight of 2000 g·mol−1 was kindly provided by Asahi Kasei
Corporation and dried in vacuum at 50◦C for 24 hours
prior to use. 2,2-bis(hydroxymethyl) propionic acid (bis-
MPA) was purchased from Acros and used as received.
Dimethylformamide (DMF) and tetrahydrofuran (THF)
were refluxed over calcium hydride (CaH2) for three days
and distilled before use. 1,3-diaminepropane and 1-Ethyl-
3-[3-(dimethylaminopropyl)] carbodiimide hydrochloride
(EDC·HCl), and N,N-carbonyldiimidazole (CDI) were pur-
chased from GL Biochem Ltd. (Shanghai, China) and used
as received. Hyaluronan sodium salt (HA) with different
molecular weights (Mw = 10 × 103 and 40 × 103) was
purchased from Shanghai Trustin Chemical Co., Ltd (China).
Other reagents were commercially available and used as
received.

2.2. Preparations of the PU Base Polymer. The acidic pol-
yurethane used in this study was synthesized by the tradi-
tional two-step method under nitrogen protection. In an
oven-dried four-neck flask equipped with a stir bar, reflux
condenser, and nitrogen on command, 0.63 g (3.75 mmol)
of HDI and three drops of dibutyltin dilaurate (DBTDL)
were dissolved in 10 mL of DMF and maintained at 80◦C
with continuous stirring. 5 g (2.5 mmol) of PCDL dissolved
in 20 mL of DMF was added dropwise to the reactor. The
prepolymer synthesis was continued until the isocyanate
(NCO) content reached the theoretical value determined by
dibutyl amine titration. A 10 mL solution of chain extender
bis-MPA (0.1675 g, 1.25 mmol) in DMF was added to the
prepolymer solution and was stirred at 80◦C to allow the
chain extending reaction to take place. The mixture was
stirred until the NCO peak at 2270 cm−1 in the IR spectrum
disappeared. A small amount of methanol was added to the
solution to quench the reaction. Subsequently, the polymer
solution was poured into a large amount of water and the
precipitate was collected after dried in vacuum at 50◦C
for 24 hours. The obtained polymer was then re-dissolved
in dichloromethane and the solution was centrifuged at
13,000 rpm for 10 minutes to remove the heavy metal
catalyst. Finally, the polymer solution was poured into a
large amount of chilled methanol and the precipitate was
collected.

2.3. Preparation of Amino-Functionalized Polyurethane (PU-
NH2). PU (2 g, n[COOH] = 0.5 mmol, determined by
titration) and CDI (0.405 g, 2.5 mmol) were dissolved in
100 mL of THF and stirred at room temperature for 12 hours
to activate the pendant carboxyl groups of the polymer.
Then 0.185 g (2.5 mmol) of 1,3-diaminepropane dissolved in
10 mL of THF was added slowly within 0.5 hour. The mixture
was allowed to stir at room temperature for additional 12
hours. Once the reaction was completed, the catalyst was
filtered off and the solution was centrifuged at 13,000 rpm

for 10 minutes, and finally precipitated into excess methanol.
This process was repeated again to remove any residue of
unreacted CDI. After dried in vacuum at room temperature
for 24 hours, PU-NH2 was obtained as a white solid.

2.4. Preparation of PU-NH2 Films and Surface Immobilization
of HA. The PU-NH2 films were prepared via the solution
casting method. A PU-NH2 solution (10%, w/v) was pre-
pared by dissolving the polymer into a glass container having
tetrahydrofuran (THF) as solvent. The mixture was stirred
continually at room temperature until a homogeneous
solution was formed. Then, the solution was poured into
leveled 5 mm PTFE casting plates and cast into films at room
temperature for 24 hours. The films were removed from the
casting plates and dried in a vacuum oven at 60◦C for 12
hours to remove residual solvent. Each film was then cut into
2 cm × 2 cm and the average thickness of the film was about
100 μm.

Sodium citrate (22 g) was dissolved in distilled water
(1000 mL) and the pH of this solution was adjusted to 4.75
by adding 0.1 M HCl solution. 1-Ethyl-3-[3- (dimethylami-
dopropyl)] carbodiimide·HCL (EDC·HCL, 10 mg) was then
dissolved in the pH-adjusted solution (10 mL) to produce
a 0.1 wt% EDC aqueous solution. A certain amount of
HA was dissolved in the EDC solution to activate the
carboxylic acid groups of HA with gentle stirring. Several
pieces of PU-NH2 films (2 cm × 2 cm) were immersed into
the above solution for surface immobilization of HA. The
immobilization reaction was carried out for 12 hours with
gentle stirring. The molar ratio of EDC : HA was fixed as 4 : 1.
After the immobilization reaction, the films were washed
with PBS solutions five times and subsequently rinsed with
distilled water in an ultrasonic cleaner for 5 minutes and
finally vacuum dried. The HA immobilized PU were named
as PU-HA1 and PU-HA4, in which the number indicate that
the molecular weight of HA used in the reaction was 10×103

and 40 ×103, respectively.

2.5. Spectral Analysis. The ATR-FTIR spectra of the modified
PU films were obtained using MAGNA spectrophotometer
(Thermo Nicolet, MA, USA) equipped with a ZnSe reflection
element. Raman spectra were measured on an inVia+Reflex
dispersive Raman spectrometer equipped with a 785 nm
laser. FT-IR measurements were performed on a Nicolet 5700
FTIR spectrophotometer.

2.6. Contact Angle Measurements and Equilibrium Water
Content. The water contact angles of the modified and
unmodified films were measured using a Ramhart 100
goniometry. For each film, the measurements were repeated
in three different areas and at least 10 times for the same area.
Finally, the average values were informed.

The equilibrium water content of samples and the
effect of ionic strength on the equilibrium swelling ratio
were determined according to the methods [26] with slight
modification. Three quotients of dried polymer films (2 ×
2 cm2) were respectively immersed into phosphate buffered
saline (PBS, pH = 7.4) and distilled water at 37◦C for
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Figure 1: Synthesis of HA-immobilized PU films.

1, 2, 4, 12, 24, and 48 hours. At each time point, the samples
were removed and blotted lightly with filter paper to remove
excess water. The weight of the hydrated samples was then
determined and the water adsorption was calculated.

2.7. Scanning Electron Microscope (SEM) Characterization.
The surface morphologies of modified and unmodified sur-
faces of PU films were characterized by a scanning electron
microscope (SEM, JSM-6360LV, JOEL). The samples were
coated with a sputtered Au coating in order to prevent charge
effects during the observations.

2.8. Coagulation Assays. Coagulation assays were performed
to evaluate material-induced abnormalities in the intrinsic
and extrinsic coagulation pathways. The end point for
these assays was the duration for the onset of fibrin (clot)
formation when platelet-poor plasma (PPP) was contacted
with the test and control substrates. To obtain PPP, the
human whole blood, which was treated with citric acid, was
centrifuged at 3000 rpm for 15 minutes to separate the blood
corpuscles. Activated partial thromboplastin time (APTT)
and prothrombin time (PT) were used in this report.

APTT is a simple and highly reliable measurement of the
capacity of blood to coagulate through the intrinsic coagula-
tion mechanism and the effect of the biomaterial on possible
delay of the process. The obtained PPP (0.1 mL), predeter-
mined amounts of test samples and cephalin (0.1 mL; Actin,
Sigma) were placed in a test tube kept at 37◦C, followed

by the addition of 0.025 M CaCl2 solution (0.1 mL) after
5 minutes incubation. The plasma solution was monitored
for clotting by manually dipping a stainless-steel wire hook
coated with silicon into the solution to detect fibrin threads.
Clotting times were recorded at the first signs of any fibrin
formation on the hook. The experiment was repeated in
quadruplicate and a mean value was calculated. PT was
measured to assess HA-induced deferment or interdiction of
extrinsic coagulation pathway. Platelet-poor plasma (0.1 mL)
was layered atop the sample at 37◦C, and supplemented
with 0.9% NaCl-thromboplastin (Factor III, 0.1 mL Sigma)
containing Ca2+ was added to the PPP. The clotting time of
the plasma solution was observed as described in the APTT
experiment. The experiment was repeated in quadruplicate
and a mean value was calculated.

2.9. Cell Responses. Cell attachment and proliferation were
evaluated by seeding human vein endothelial cells (HUVEC)
(1×105 cells/mL) on the polymer films in the medium
(Dulbecco’s modified Eagle’s medium, DMEM, Gibco) sup-
plemented with 10% fetal bovine serum (FBS, Gibco) in 12-
well tissue culture plates. Next, 3 mL of medium was added
to the wells and mixed with the cells. The cells were then
cultured in a humidified incubator equilibrated with 5%
CO2-95% air for 7 days. The cells attached onto the polymer
surfaces were observed using a phase contrast microscope.
The viability of cells was quantitatively measured by the MTT
assay. Their counterparts with incubation with PU were used
as a control.
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Figure 2: FT-IR spectra of PU (a) and PU-NH2 (b).

2.10. Statistical Analysis. Comparison between two groups
was analyzed by the one-tailed Student’s t-test using sta-
tistical software (SPSS). Data is presented as mean ± SD.
A difference of P < .05 was considered statistically signifi-
cant.

3. Results and Discussion

3.1. Synthesis. In this study, the PCDL soft segments were
reacted with HDI to prepare the isocyanate terminated
prepolymer, which further reacted with bis-MPA to form
the base polyurethane with pendant carboxyl groups. The
molar ratio of HDI : PCDL : bis-MPA was fixed as 3 : 2 : 1.
In order to obtain HA-immobilized PU films, a water-
soluble carbodiimide EDC is employed as cross-linking
agent for its well known ability to link HA with amines.
The cross-coupling reaction can be summarized as fol-
lows. EDC firstly reacts with carboxyl groups to form an
unstable intermediate O-acylisourea, which, in the absence
of nucleophiles, could be rearranged to be a stable N-
acylurea via cyclic electronic displacement. In the presence
of nucleophiles such as amines, the O-acylisourea formation
is followed by a nucleophilic attack, forming an amide
linkage between the amine and the acid. Moreover, the
reaction of EDC with carboxyl groups is dependent on
pH, and the optimal pH ranges from 4.0 to 5.0. Here,
amine groups were introduced onto the PU chains by
reacting with 1,3-diaminepropane. HA was then immobi-
lized onto the surface of PU-NH2 films by preactivating
the carboxylic acid groups of HA with coupling agent
EDC and they were subsequently reacted with the surface
exposed free amine groups of the films. The purification
of the products could be easily carried out by washing
these films in PBS solutions several times and rinsing them
with distilled water in an ultrasonic cleaner for 5 minutes.
After that, noncovalently conjugated HA and urea byproduct
can be removed. The synthetic route was illustrated in
Figure 1.
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Figure 3: ATR-FTIR spectra of PU-NH2 (a) and PU-HA films (b).
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Figure 4: Raman spectra of PU-NH2 (a) and PU-HA (b).

3.2. Spectral Analysis. To investigate the chemical struc-
ture, FT-IR, ATR-FTIR and Raman spectroscopy were per-
formed on PU, PU-NH2 and PU-HA. FT-IR spectra of PU
(Figure 2) showed characteristic bands of urethane groups at
3394.4 cm−1 (N-H stretching), 1744 cm−1 (NHCOO stretch-
ing), and 1531 cm−1 (C-N stretching, combined with N-H
stretching). All of these peaks provide convincing evidence
for the formation of polyurethane. From a preliminary study
of FT-IR, it was found that the spectra of PU-NH2 were
almost the same as that of the PU control. This is because the
absorption based on the amide (N-H) of the amino groups
in PU-NH2 was overlapped by the amide bond in PU itself.
A slight shift from 3394.4 cm−1 to 3409 cm−1 was observed,
which was mainly caused by the formation of amino groups
on PU chains. The existence of amino groups on PU films
was further confirmed by ninhydrin as the film could display
purple when amino reacted with ninhydrin at 80◦C for 10
minutes.
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Figure 5: Water absorption of different PU films; a: PU, b: PU-NH2, c: PU-HA1, d: PU-HA4 in PBS (a), deionized water (b), (c) contact
angle results.

Figure 3 shows the ATR-FTIR spectra of PU surfaces
immobilized with 1,3-diamine-propane (PU-NH2) and HA
(PU-HA). In the spectra of PU-HA, the peaks at 3350 cm−1

and 1657 cm−1 corresponding to the hydroxyl group (−OH)
and the amide C=O stretching respectively, are related to
the presence of HA. Raman spectroscopy (Figure 4) was
also used to characterize the surface change before and
after HA immobilization. A new peak was observed at
2919 cm−1 which was attributed to the hydroxyl group
(−OH) stretching of alcohol chelate since the hydroxyl
groups in HA could form a chelated structure.

3.3. Hydrophilicity. The water uptake for the samples in PBS
(a) and deionized water (b) at 37◦C as a function of time was
shown in Figure 5. Water uptake was measured to determine
the hydrophilicity of PU films before and after modification
and this parameter was expected to have an important
influence on cell responses. The chemical composition was

the main factor controlling the amount of absorbed water.
For PU almost no water could be absorbed into the polymer
matrix within 48 hours. The hydrophilicity of PU-NH2 was
improved slightly due to the appearance of amino groups.
A much more hydrophilic character, which increases as the
molecular weight of HA increases, was observed when HA
immobilized on the surface. This result was expected, given
the highly hydrophilic nature of HA.

The water contact angle measurement of PU, PU-NH2,
and PU-HA was shown in Figure 5(c). The PU-NH2 film
showed a slight decrease in water contact angle of 72◦

in contrast to unmodified PU film (80◦). This result is
consistent with that of water uptake experiment. After
immobilizing HA on PU-NH2 surface, the water contact
angle value further decreased, and decreased slightly with
increasing the molecular weight of HA. The decrease of
contact angle is an index of the chemical changes occurring
on the film surfaces, which renders the surface more
hydrophilic with respect to the virgin film. It was expected
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Figure 6: SEM images of the polymer surfaces made at 5000×. (a) PU shows a rough surface. (b) The surface of PU-NH2 displays a relatively
flat surface. (c) and (d) The surfaces of PU-HA1 and PU-HA4 show a semiporous structure.
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Figure 7: Comparison of anticoagulant properties of different
films: APTT and PT (n = 3, mean ± S.D.).

that the higher hydrophilicity for PU-HA could be induced
by a large amount of negatively charged carboxylic groups in
HA backbone and rough surface with a large surface area.

3.4. Surface Morphology. SEM micrographs in Figure 6 illus-
trated the surface morphology changes of PU films before

and after each step of treatment. As shown in Figure 6,
the surface of PU base polymer was rough with irregular
pores. After the first step of 1,3-diaminepropane conjugation,
the polymer surface became relatively smooth, which could
be interpreted by the improved compatibility of the hard
and soft segments after extending the side chain. After
the second step of immobilizing HA on the surface of
PU-NH2 film, a semi-porous structure was observed. The
surface morphology certainly affected the related properties
of the polymer including wettability, contact angle, and cell
responses.

3.5. Coagulation Time. The blood coagulation system
includes the intrinsic pathway, the extrinsic pathway, and the
common pathway. APTT and PT are used to examine mainly
the intrinsic and extrinsic pathway, respectively. Figure 7
shows the clotting time of modified and unmodified PU.
PU-NH2 shows essentially the same APTT and PT result
as the native PU. The APTT and PT for PU, PU-NH2,
and PU-HA were 29s, 12.5s; 27s, 11.7s; 110s, 29.8s; 114s,
30.1s. HA-immobilized PU instead exhibits a strong increase
in APTT and PT, thereby exerts an anti-coagulant effect.
And the molecular weight of HA has little effect on the
blood clotting time. The above results indicate that the
anticoagulant activity of the PU films has been retained after
HA immobilization. The prolonged APTT and PT of PU-HA
films suggested that the coagulation mechanisms probably
worked through two pathways: the intrinsic pathway and the
extrinsic pathway.
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Figure 8: Phase contrast images of HUVECs attached on the surface of PU, PU-NH2, PU-HA1 and PU-HA4 7 days postseeding. There is
a significant difference (P < .05) between PU and PU-NH2, PU-HA1, PU-HA2. No significant difference is between PU-HA1 and PU-HA2.
The scale bar in the micrograph of PU-HA4 stands for 100 μm and it is applicable for all micrographs in the panel.

3.6. Cell Attachment. Preliminary studies were performed
to evaluate in vitro cell attachment and proliferation on
the surfaces of the PU, PU-NH2 and PU-HA films using
HUVECs. Figure 8 shows the morphology of HUVECs
adhered to and proliferated on the surface of these polymer
films after 7 days post seeding. As shown in Figure 8, there
are only a few cells that could adhere to and proliferate
on the surface of PU. The number of attached HUVECs
decreases while 1,3-diaminepropane was conjugated to PU
probably due to the existence of amino groups which was
known to be cytotoxic. In contrast, cells adhere to and
proliferate better on PU-HA films. It was also found that the
molecular weight of the conjugated HA has some influence
on the attachment of the cells. There appeared to be fewer
cells adherent on the PU-HA surface with higher molecular
weight of HA. The cytotoxicity of the PU films before
and after modification was qualitatively investigated by the
MTT assay. The result indicated that the viability of cells
incubated on the HA immobilized PU-NH2 surface was
significantly greater than that on the PU and PU-NH2

(P < .05), suggesting that the HA immobilized PU in this
study had a better cytocompatibility. No difference was
found between PU-HA1 and PU-HA4.

There are many factors influence cell responses on
biomaterials: mechanical property [27], electrical surface
charge [28], hydrophilicity [29], and surface morphology
[30], and so forth. Usually the cell response is a combination
of all these different stimuli, so it is impossible to find a
unique factor to explain these data. The obtained results
can be explained as follows: (a) the difference of the cell
number between PU and PU-NH2 is mainly caused by the
electrostatic factor since negatively charged surfaces show
increase cells attachment; (b) cells prefer to adhere to PU-
HA not only because of its rough surface and anionic surface
charge, but also because HA is an extracellular matrix (ECM)
component; (c) fewer cells adherent to PU-HA4 with high
molecular weight may be influenced by hydrophilicity.

4. Conclusions

In this paper, we have synthesized a novel kind of
polyurethane with carboxyl groups at the side chain by
two-step solution polymerization. In order to provide a
convenient way to immobilize HA, free amino groups have
been introduced into the PU base polymer. The variation
of ATR-FTIR, RS, water contact angle and morphology
showed that HA was successfully immobilized on the
surface of PU. HA immobilization not only improved the
hydrophilicity, but also greatly prolonged the coagulation
time and improved the cell biocompatibility in comparison
with base PU and PU-NH2. Hence, it can be concluded
that the HA immobilization is a promising way to enhance
cell-material interaction, resulting in a blood-contacting
material with high efficiency to accelerate the endothelium
regeneration.
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Oral therapy utilizing engineered microorganisms has shown promise in the treatment of many diseases. By microencapsulation,
viable cells can overcome the harsh gastrointestinal (GI) environment and secrete needed therapeutics into the gut. These
engineered cells should be encased without escaping into the GI tract for safety concerns, thus robust microcapsule membrane
is requisite. This paper examined the GI performance of a novel microcapsule membrane using a dynamic simulated human
GI model. Results showed that the genipin cross-linked alginate-chitosan (GCAC) microcapsules possessed strong resistance
to structural disintegration in the simulated GI environment. Leakage of encapsulated high molecular weight dextran, a model
material to be protected during the simulated GI transit, was negligible over 72 h of exposure, in contrast to considerable leakage
of dextran from the non-cross-linked counterparts. These microcapsules did not alter the microflora and enzymatic activities
in the simulated human colonic media. This study suggested the potential of the GCAC microcapsules for oral delivery of live
microorganisms and other biotherapeutics.

1. Introduction

Advances in molecular biology research have introduced a
wide range of genetically engineered (GE) microorganisms
with a superior capacity to produce disease-modifying
substrates, such as cytokines, enzymes, vaccines, hormones,
antibodies, growth factors, and other therapeutic products
[1, 2]. The use of these microorganisms opens up new hopes
of treating a wide array of human diseases. Because the
secreted biologics are generally fragile and easily degraded
or denatured [3], encapsulation technology may offer sig-
nificant advantages over the conventional biotechnologi-
cal production methods. Being protected against external
stresses, encapsulated bacteria remain viable and functional.
They can be delivered proximally to the target site in
vivo and continuously secrete therapeutic products to the

host at a more effective concentration [4]. Recent research
on the microencapsulation of GE cells has demonstrated
great potential in the treatment of kidney failure, cancers,
hypercholesteraemia, and many other diseases [5–13].

Oral ingestion is usually a preferred route of administra-
tion for therapy; however, microcapsules containing bacterial
cells and other biotherapeutic molecules can be disrupted in
the harsh gastrointestinal (GI) system by a number of means
such as low pH, antimicrobial substances and mechanical
stress [14]. Furthermore, the eruption of microcapsules and
the subsequent release of engineered bacteria could induce
many adverse effects on the body [2]. It was previously shown
that oral administration of repeated doses of bacteria may
stimulate a host immune response [15, 16]. Propagation
of foreign bacteria in the GI tract may cause uncontrolled
and persistent production of harmful substances, and may
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detrimentally disrupt and/or replace the natural microflora
[2, 17]. There are also risks of immunomodulation and gene
transfer associated with the use of novel microorganisms
[18]. Therefore, it is essential that GE bacteria be encased
in the microcapsules, perform the therapeutic functions
during the GI transit, and be excreted along with the intact
microcapsules in feces without being retained in the body,
even though these GE cells are classified as nonpathogenic
[7]. To fulfill these requirements, it is important to maintain
the structural integrity of microcapsules and thus prevent cell
leakage during the GI transit. Current literature reports on
oral delivery systems mainly focus on the controlled release
of encapsulated contents, for example, probiotics and drugs
[4, 19–23]. Scanty research is available on microcapsules
intended to retain cells throughout the GI transit.

Alginate and chitosan are biomaterials widely studied for
cell encapsulation because of their excellent biocompatibility,
status as FDA approved food additives, and mild process
conditions [24–28]. It was reported that the ionically linked
alginate-chitosan (AC) membrane improved gastric survival
of probiotics, but some limitations such as inadequate
stability, susceptibility to degradation and cell leakage persist
[29–33]. Genipin and its derivatives, extracted from gardenia
fruits [34], have traditionally been used as a herbal medicine
and a natural colorant in the food industry [35]. Previous
research has demonstrated its low cytotoxicity and potential
in protein and live cell delivery [36–38]. We have previously
developed a novel covalently cross-linked microcapsule
system composed of a calcium alginate core with a genipin
cross-linked chitosan membrane [36, 39]. Our recent data
showed that this microcapsule membrane possessed strong
membrane stability and resistance to enzymatic degradation
[40]. The purpose of this study is to further evaluate
the potential of this genipin cross-linked alginate-chitosan
(GCAC) microcapsule system for GI applications by using
a dynamic human GI model. For comparison, the frequently
used AC microcapsules were also tested.

2. Materials and Methods

2.1. Chemicals. Sodium alginate (low viscosity), and fluo-
rescein isothiocyanate (FITC) labeled dextran (Mw 2,000
KD) were supplied by Sigma-Aldrich, USA. Chitosan (low
viscosity, Mv = 7.2 × 104, degree of deacetylation or
DDA = 73.5%) and genipin were purchased from Wako
BioProducts, USA. 4-nitrophenyl-α-D galactopyranoside, 4-
nitrophenyl-α-D glucopyranoside, and 4-nitrophenyl-β-D
galactopyranoside were obtained from Acros Organics, USA.
4-nitrophenol, 4-nitrophenyl-β-D glucopyranoside, and 4-
nitrophenyl-β-D glucuronide were purchased from Sigma-
Aldrich, USA. All other reagents and solvents were of reagent
grade and used as received without further purification.

2.2. Preparation of Microcapsules. The AC and GCAC micro-
capsules were prepared as per previously reported protocol
[39]. Unless otherwise specified, the cross-linking reaction
was performed by suspending the AC microcapsules in a
genipin solution (2.5 mg/mL) at room temperature (RT).
Sterile microcapsules were prepared similarly except that

the entire encapsulation procedure was carried out in a
biological containment hood and all solutions used were
either 0.22 μm filtered or autoclaved to ensure sterility.
Microcapsules containing high molecular weight FITC-
labeled dextran were prepared by mixing FITC-dextran
with an alginate solution, making the final concentrations
of alginate and FITC-dextran at 15 mg/mL and 2 mg/mL,
respectively. The subsequent processes, including the for-
mation of alginate beads, coating and cross-linking were
performed using the aforementioned procedures.

2.3. Simulation of the Human Gastrointestinal (GI) Environ-
ment. The human GI conditions used in this study were
simulated in vitro by means of five sequential bioreactors
(Figure 1). Each compartment simulates a different part of
the human GI tract: the stomach, the small intestine, the
ascending colon, the transverse colon, and the descending
colon [41, 44]. Human fecal slurries containing normal
human GI bacterial cells were inoculated into the simulated
colon (the last three vessels). Food content of human western
diet suspension, composed of (per liter) 1 g arabinogalactan,
2 g pectin, 1 g xylan, 3 g potato starch, 0.4 g glucose, 3 g
yeast extract, 1 g peptone, 4 g mucin, and 0.5 g cystein,
was fed to the first vessel three times a day. After feeding,
acidification of the stomach (pH ≤ 2) occurred, followed by
neutralization (pH ≥ 6.8) in the second vessel and addition
of simulated pancreatic juice (0.9 g pancreatin, 6 g bile salts,
and 12 g NaHCO3 per liter) to the simulated small intestine.
Afterwards, the suspension was transferred to the simulated
ascending colon, the transverse colon, and the descending
colon, and finally excreted as effluent. The first two reactors
were of the fill-and-draw principle with programmed peri-
ods of residence and stirring, and the last three were contin-
uously agitated (approximately 250 rpm). The whole system
was maintained under anaerobic conditions by flushing the
headspace of each vessel with N2 for 15 minutes every day
and the temperature of each vessel was kept constant at 37◦C
by a thermostat. The pH conditions, fluid volume, retention
time at each stage, as well as the entire transit were simulated
under computer control. This in vitro human GI model was
validated against in vivo data by earlier studies [41].

2.4. Resistance of Microcapsules to the Simulated Human
GI Transit. To study the microcapsule resistance to the
simulated human GI transit, microcapsules (0.80 g) were
exposed to the simulated human GI fluids for the estimated
maximum period of time for the human GI transit (Table 1)
[42]. Microcapsule samples were withdrawn at varied stages
for morphological examination under an inverted micro-
scope (LOMO, PC), and microphotographs taken as records
using a digital camera (Canon Power shot G2, Japan).
Percent defective microcapsules were estimated in three
randomly picked observation fields.

To assess the recovery of microcapsules after the simu-
lated human GI transit, microcapsules of known weight were
placed in a sealed teabag-like container and exposed to the
simulated GI media according to the timetable described in
Table 1. At the final stage, the retrieved microcapsules were
washed, dried using filter paper for approximately 10 min
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Figure 1: Computer controlled dynamic in vitro human GI model. (a) schematic; (b) 5-bioreactors set-up; and (c) online computer control.

and weighed. Percent recovery was defined as: % recovery
= (W0−W)/W0∗100, where W0 and W are the weights of
the microcapsules before and after being exposed to the
simulated GI transit, respectively.

2.5. Retention of Encapsulated Macromolecules against Leach-
ing to the Simulated Human GI Fluids. To evaluate the capac-
ity of the GCAC microcapsules to retain enclosed large-sized
materials, high molecular weight FITC-dextran was encap-
sulated as a model macromolecule. These FITC-dextran-
containing microcapsules (0.60 ± 0.01 g) were exposed to
2 mL of the simulated human gastric fluid taken from the GI
model and incubated in an Environ shaker at 37◦C, 100 rpm
for 1 hour, followed by a 72 hours incubation in 2 mL of the
simulated human intestinal fluid from the GI model (37◦C,
100 rpm). Samples of the incubation media were withdrawn
periodically and leaking of the encapsulated FITC-dextran
was assessed spectrofluorometrically using a Microplate
Fluorescence Reader (FLx800, Bio-Tek Instruments, Inc.) at

absorption and emission wavelengths of 485 nm and 528 nm,
respectively. Volume of the incubation medium was kept
constant by adding fresh simulated fluid after sampling. Data
are presented as mean± s.d. from triplicate experiments.

2.6. Effect of Microcapsules on the Simulated Gut Microflora.
To investigate the influence of oral administered microcap-
sules on gut microflora, sterile microcapsules (1.0 g) were
mixed with the suspension of the simulated transverse colon
(10 mL). After 0, 6, 12, and 24 hours of anaerobic incubation
at 37◦C, samples of the incubation medium were aseptically
withdrawn and serially diluted with physiological saline. Bac-
terial enumeration for specific fecal marker microorganisms,
Escherichia coli, Staphylococcus sp., Lactobacillus sp. as well
as total aerobes and total anaerobes, was performed using
an agar-plate-count assay. The plating media and incubation
conditions used in the experiments are listed in Table 2.
The simulated colonic suspension without microcapsules
was used as control.
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Table 1: Exposure of microcapsules to the simulated human GI transit (72 h in total) and the corresponding morphological changes.

Compartment Stomach Small intestine Ascend. Colon Transverse colon Descend. Colon

in GI model (V1a) (V2a) (V3a) (V4a) (V5a)

pH ≤2 7.2–7.4 5.6–5.8 6.2–6.4 6.6–6.8

Exposure time
(h)

2 4 18 24 24

Microcapsule
morphologyb

Intact
Swelled, ∼15%

deformed
Collapsed

Collapsed or
dissolved

Adhesive, ∼30%
ruptured

Microcapsule
morphologyc

Intact
Slightly

swelled,<1%
burst

Spherical, <2%
broken

Spherical intact Spherical intact

aVessel (V) of bioreactors in the GI model representing the human GI tract.
bMicrocapsules cross-linked by genipin at 4◦C.
cMicrocapsules cross-linked by genipin at RT.

Table 2: Media and incubation conditions used for enumeration of representative microbes in the simulated human colon.

Microbial group Medium Incubation conditions and time Colonies formed

Total aerobes Brain heart infusion agar Aerobic, 37◦C, 24 hours White

Total anaerobes Brain heart infusion agar Anaerobic, 37◦C, 72 hours White

Escherichia coli Mc Conkey agar Aerobic, 43◦C, 24 hours Red-purple

Staphylococcus sp. Mannitol Salt agar Aerobic, 37◦C, 48 hours White with yellow/purple zone

Lactobacillus sp. Rogosa agar Anaerobic, 37◦C, 72 hours White

2.7. Effect of Microcapsules on the Microbial Enzyme Activities
in the Simulated Colonic Media. To assess the effect of oral
administered microcapsules on the GI microbial enzyme
activities, the suspension from the simulated transverse colon
(20 mL) was incubated anaerobically at 37◦C in the presence
of sterile microcapsules (2.0 g) for up to 24 hours. At different
time points of 0, 12, and 24 hours, the enzymatic activ-
ities of β-galactosidase, β-glucosidase, β-glucuronidase, α-
galactosidase, and α-glucosidase in the incubation medium
were analyzed spectrometrically using the method described
earlier [43, 44]. The absorbance at 405 nm was recorded
by a μQuant multiplate reader (Bio-Tek Instruments). The
simulated colonic fluid free of microcapsules was used as
control. Results are expressed as percentage of enzymatic
activities relative to the control at each time point. Data of the
control samples at each time point were normalized to 100%.

Numerical values are shown as mean ± standard devia-
tion. Statistical analyses used the two-tailed Student’s t-test
with P < .05 considered significantly different.

3. Results

3.1. Resistance of Microcapsule to the Simulated Human GI
Transit. To assess the resistance to the GI environment,
the GCAC microcapsules were exposed to the simulated
GI media representing different phases of digestion for a
length of time based on the estimated maximum retention
in the human GI tract (Table 1). Figure 2 depicts the
photomicrographs of the microcapsules after exposure to
the simulated human GI fluids. The tested microcapsules
remained morphologically stable during the simulated gas-
tric incubation (2 hours, pH ≤ 2.0) (Figures 2(a), 2(d)), but

behaved differently in the subsequent simulated intestinal
transit depending on the extent of cross-linking. The GCAC
microcapsules cross-linked at 4◦C swelled appreciably in the
simulated small intestine (pH 7.2–7.4) (Figure 2(b)). They
became fragile and adhesive in the simulated descending
colon where shriveled or partially dissolved beads were
observed. When leaving the simulated descending colon,
30–40% of the microcapsules lost their structural integrity
(Figure 2(c)). In contrast, the majority of the GCAC micro-
capsules cross-linked at higher temperature (RT) maintained
their physical stability during the entire simulated human
GI transit (Figures 2(e) and 2(f)), with more than 80%
recovery after 72 hours exposure (Figure 3). In comparison,
the recovery of the GCAC microcapsules with less cross-link
(cross-linked at 4◦C) was lower (61.4%) (Figure 3).

3.2. Retention of Encapsulated HMW Dextran during the
Simulated GI Transit. To examine the capacity of the GCAC
microcapsules to encase large-sized materials in the GI envi-
ronment, encapsulated high molecular weight FITC-labeled
dextran was exposed to the simulated human GI media.
Being a large polymer of 2,000 KD, this fluorescent probe
was indefinitely withheld inside the intact microcapsules
and could not leak out unless the microcapsule membranes
became defective or damaged [45]. During the first hour of
exposure to the simulated gastric fluid, no FITC-dextran was
detected in the incubation medium (data not shown). In
the subsequent exposure to the simulated intestinal medium,
the leakage of the encapsulated FITC-dextran from the non-
cross-linked AC microcapsules increased gradually with the
incubation time, attaining the fluorescence intensity of 70,
100 and 115 at 24, 48 and 72 hours, respectively. In contrast,
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Figure 2: Microphotographs of the GCAC microcapsules cross-linked at 4◦C (a)–(c) and RT (d)–(f) during the simulated human GI transit
in the simulated stomach, small intestine, and descending colons. Original magnification at 90x.

negligible amounts of FITC-dextran escaped from the GCAC
microcapsules, with very low fluorescence intensity of the
medium detected (not exceeding 50) throughout the experi-
ment (Figure 4), which significantly outran those of the AC
microcapsules.

3.3. Oral Administration of Microcapsules on Gut Microflora
and Enzymatic Activities. The effect of microcapsules on
human GI microflora was assessed by investigating the
population of fecal marker microorganisms and the activity
of 5 representative GI microbial enzymes in the simulated
colonic media containing sterile microcapsules. Since the
simulated GI model is a dynamic system, static experiments
were performed in this study to maximize the effects. We
found no marked differences in the tested microbial pop-
ulation including total aerobes, total anaerobes, Escherichia
coli, Staphylococcus sp., and Lactobacillus sp. in the stimulated
colonic media containing tested microcapsules of either AC
or GCAC formulation when compared to the control media
in the absence of tested microcapsules (Table 3, all P > .05).

Figure 5 shows the effect of the microcapsules on the
activities of microbial enzymes in the simulated transverse
colon suspension. As time elapsed, a slight decline in the
tested enzymatic activities was found in the simulated
colonic fluids in the presence of microcapsules. As an
exception, a decrease of more than 20% in the activity of
β-glucuronidase was detected after 12 hours of contact with
microcapsules, yet the loss remained at a similar level with

extended incubation for up to 24 hours (Figure 5(c)). No
significant differences in the alteration of enzymatic activities
were found when the GCAC microcapsules were compared
with the AC microcapsules (P > .05).

4. Discussion

For successful exploitation of microcapsules as an oral
delivery device, understanding of their performance under
physiologically pertinent conditions that represent the
human GI tract is essential. Although in vivo research using
specific techniques such as histological sectioning [46],
radiography [47] and gamma scintigraphy [48, 49] can pro-
gressively track the microcapsules in the GI tract, it remains
difficult to follow the orally administered microcapsule
at every stage of digestion on either animals or humans
due to tedious processing, small size of the microcapsules,
limited detection resolution and ethical constraints. In vitro
simulation offers a number of advantages, for example,
well-controlled experimental conditions and easy sampling,
especially preferable for screening and examining a variety of
samples. Buffered solutions, for example, with pH at 1-2 or
6.5-7.5, are frequently reported in literature as the simulated
GI fluids [31, 50, 51]; however they only represent the pH
in the stomach and in the intestine, and do not mimic the
complex human GI microbial ecosystem. While other ex vivo
and in vitro simulated models including USP apparatus were
also reported [52], most of them were static systems, where



6 International Journal of Polymer Science

0

20

40

60

80

100
∗

GCAC at RT GCAC at 4 ◦C

80.3

61.4

M
ic

ro
ca

ps
u

le
re

co
ve

y
(%

)

Figure 3: Recovery of microcapsules after 72 hours of the simulated
human GI transit. ∗ indicates significant difference at P < .05.

0

20

40

60

80

100

120

140

0 20 40 60 80

R
el

at
iv

e
FI

T
C

-d
ex

tr
an

lib
er

at
ed

AC
GCAC

Incubation time (h)

Figure 4: Leaching of the encapsulated FITC-dextran into the
simulated intestinal medium following 1 hour simulated gastric
exposure. Error bars indicate standard deviation of the mean (n =
3).

fluids cannot be continuously transferred into the sequential
GI compartments. Our present study used a dynamic
computer-controlled human simulated GI model, which
mimics the gradual transit of ingested materials through
the simulated GI tract from feeding to discharge. It also
maintains the microbial community actually presented in

the human intestinal system, which allows for assessing the
behavior of the microcapsules under more physiologically
pertinent conditions.

As has been noted earlier, it is imperative that micro-
capsules maintain physical integrity during the GI transit
to prevent the leaking of genetically engineered cells, which
is strongly dependent on the microcapsule’s robustness and
stability. So far few studies were reported to address this
matter [44]. The present study investigated the behaviour
of the GCAC microcapsules in the simulated human GI
environment. When exposed to the simulated GI media, the
microcapsules experienced the simulated transit through the
GI tract including pH fluctuation, enzymatic degradation,
microorganism actions, mechanical stresses, as well as other
related chemical and physiological constraints. The exposure
time was chosen according to the maximum period retention
in the human GI tract that represents the most challenging
case for the tested microcapsules. The better-preserved
morphology and higher retrieval rate associated with the
GCAC microcapsules cross-linked at RT (Figures 2 and 3)
indicated improved membrane stability by higher degree of
cross-linking. Moreover, negligible amounts of encapsulated
fluorescent probe were released into the incubation GI media
from the GCAC microcapsules (Figure 4), suggesting that
the integrity of the microcapsule membrane was withheld. In
contrast, the non-cross-linked AC microcapsules were found
vulnerable to structural disruption in the harsh GI condition,
likely due to the relatively weak polyelectrolyte complexation
of membrane materials that are prone to gastric and
proteolytic degradation. These findings corroborated the
results reported previously [44, 53–55]. The present study
demonstrated that covalent cross-linking of microcapsule
membranes by genipin substantially improved the resistance
to membrane degradation in the simulated human GI
environment.

Another important prerequisite of oral therapy uti-
lizing microencapsulation is that the administration of
microcapsules should not disturb the natural colonic flora,
particularly when prolonged and repeated oral intake of
a rather large quantity of microcapsules is required for
therapy. Microcapsules are made of various materials and
chemicals through complexation and cross-linking reactions,
all of which may have an effect on the biocompatibility of
the final microcapsules. In particular, the well-balanced gut
microbiota are important in maintaining human health [56,
57] and should not be altered by the intake of microcapsules.
When taken into account the static nature and a rather large
dosage (1.0 g of microcapsules in 10 mL of intestinal fluid) of
the experiments in this in vitro study, our results suggested
that the materials used to construct the microcapsules did
not evoke appreciable adverse effects on the human intestinal
flora and that genipin cross-linked chitosan membranes did
not compromise the biocompatibility of the microcapsules
when compared to the non-cross-linked subjects. Decrease in
the activities of the tested microbial enzymes in the simulated
colonic media containing microcapsules was detected. It
could possibly be attributed to the binding effect or diffusion
of the enzymes to the microcapsules, though further research
may continue to elucidate the consequence.
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Figure 5: Percent microbial enzyme activities retained in the suspension of the simulated human transverse colon in the presence of
microcapsules relative to that in the absence of microcapsules (control). Values for the controls at each time point were normalized to
100 % and were used to calculate the percent enzyme activities retained in the microcapsule-containing media at corresponding time points.
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Table 3: Effects of microcapsules on fecal marker microbes in the simulated transverse colon.

Microbes Incubation time (h)
Log CFU/mL mediuma

GCACb ACb Controlc

Total aerobes

0 8.41 8.41 8.41

6 8.37 8.32 8.36

12 8.36 8.37 8.39

24 8.22 8.17 8.04

Total anaerobes

0 8.44 8.44 8.44

6 8.37 8.33 8.41

12 8.37 8.43 8.40

24 8.41 8.30 8.03

Escherichia coli

0 8.31 8.31 8.31

6 8.18 7.97 8.18

12 8.20 8.02 8.41

24 8.10 8.03 8.68

Staphylococcus sp.

0 6.96 6.96 6.96

6 6.52 6.60 6.81

12 6.61 6.72 6.77

24 6.57 6.62 6.54

Lactobacillus sp.

0 5.48 5.48 5.48

6 5.45 5.52 5.51

12 5.35 5.40 5.32

24 5.50 5.46 5.37
an = 3, standard deviation <0.20.
bColonic suspension in the presence of microcapsules.
cColonic suspension in the absence of microcapsules.

5. Conclusions

This study examined the performance of the genipin cross-
linked alginate-chitosan microcapsules under physiologically
pertinent GI conditions using a dynamic simulated human
GI model. Results showed that these GCAC microcapsules
possessed superior resistance against disintegration in the
simulated GI environment and did not appreciably alter the
normal gut flora. This novel microcapsule formulation is
promising for oral delivery of genetically engineered bacteria;
however, further studies on encapsulated cell viability in
the gut lumen are needed before its full potential can be
realized.
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Poly(3-hydroxy alkanoate)s, PHAs, have been very attractive as biomaterials due to their biodegradability and biocompatibility.
These hydrophobic natural polyesters, PHAs, need to have hydrophilic character particularly for drug delivery systems. In this
manner, poly(ethylene glycol) (PEG) and hydrophilic functional groups such as amine, hydroxyl, carboxyl, and sulfonic acid have
been introduced into the PHAs in order to obtain amphiphilic polymers. This review involves in the synthesis and characterization
of the amphiphilic PHAs.

1. Introduction

Biomaterials have been widely used in medical applica-
tions, such as drug delivery, tissue engineering, device-
based therapies, and medical imaging [1, 2]. Synthetic
and naturally occurring polymers have played important
role in the treatment of disease and the improvement of
health care. Among them, PHAs are promising materi-
als for biomedical applications in tissue engineering and
drug delivery system because they are natural, renewable,
biodegradable, and biocompatible thermoplastics. PHAs
have been used to develop devices, including sutures, nerve
repair devices, repair patches, slings, cardiovascular patches,
orthopedic pins, adhesion barriers, stents, guided tissue
repair/regeneration devices, articular cartilage repair devices,
nerve guides, tendon repair devices, bone-marrow scaf-
folds, tissue engineered cardiovascular devices, and wound
dressing. However the direct use of these polyesters has
been hampered by their hydrophobic character and some
physical shortcomings [3]. The key to biocompatibility
of biomedical implantable materials is to render their
surface in a way that minimizes hydrophobic interac-
tion with the surrounding tissue. Therefore, hydrophilic
groups have been introduced into the PHAs in order
to obtain amphiphilic polymer. This review has been
focused on the chemically modified PHAs with enhanced

hydrophilic character as biomaterials for medical applica-
tions.

2. PHAs

PHAs are accumulated as intracellular granules as a result
of a metabolic stress upon imbalanced growth due to a
limited supply of an essential nutrient and the presence
of an excess of a carbon source. These novel biopolymers
have material properties ranging from rigid and highly
crystalline to flexible, rather amorphous and elastomeric.
There have been many studies reported on the modification
reactions to enhance mechanical and thermal properties
to prepare new biomaterials for the medical applications
[4–13]. PHAs can be classified into three groups based
on the number of carbon atoms in the monomer units:
short-chain-length (sclPHA) containing 3–5 carbon atoms
that are produced by Ralstonia eutropha (also referred
Watersia eutropha, A. Eutrophus), medium-chain-length
(mclPHA) containing 6–14 carbon atoms, and long-chain-
length (lclPHAs), with more than 14 carbon atoms [14, 15].
Pseudomonas oleovorans is a very versatile microrgnism for
PHA production because it can produce medium chain
length polyesters (mclPHA) and long chain length polyesters
(lclPHA) from a wide variety of carbon substrates. These
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Table 1: Classification of the bacterial polyesters.

O

O

CH CH2 C[ ]

R (PHA)

Carbon source
Poly(3-hydroxy alkanoate) (PHA) Thermal and mechanical properties

Type Side chain (R) Name∗ Tg (◦C) Tm (◦C) Elongation (%)

Sugar, glucose, acetic acid Short chain length
Methyl, PHB

15 170 5
ethyl PHV

Alkanoic acids, alkanes, and alkanols Medium chain length

propyl, PHHx

−40 60 800
butyl, PHHp

pentyl, PHO

hexyl, PHN

heptyl PHD

Plant oily acids Long chain length
More than 14 carbon −50 40 Soft, sticky

per repeating unit
∗B: butyrate, V: valerate, Hx: hexanoate, Hp: heptanoate, O: octanoate, N: nonanoate, D: decanoate, Tg and Tm are glass transition and melting temperatures,
respectively.

types of the bacterial polyesters have been summarized in
Table 1.

3. Amphiphilic PHAs

Amphiphilic polymers can be synthesized by introducing
hydrophilic groups such as hydroxyl, carboxyl, amine,
glycol, and hydrophilic polymers such as PEG, poly(vinyl
alcohol), polyacryl amide, poly acrylic acids, hydroxy ethyl
methacrylate, poly vinyl pyridine, and poly vinyl pyrrolidone
to a hydrophobic moiety. Because of their ability to form
micelles, amphiphilic block copolymers are strong candi-
dates for potential applications as emulsifiers, dispersants,
foamers, thickeners, rinse aids, and compatibilizers [16, 17].
Similarly, amphiphilic PHAs can also be synthesized by
introducing hydrophilic groups such as hydroxyl, carboxyl,
amine, sulfonic acid, ethylene glycol, and PEG. PEG is
a polyether that is known for its exceptional blood and
tissue compatibility. It is used extensively as biomaterial in
a variety of drug delivery vehicles and is also under inves-
tigation as surface coating for biomedical implants. PEG,
when dissolved in water, has a low interfacial free energy
and exhibits rapid chain motion, and its large excluded
volume leads to steric repulsion of approaching molecules
[18]. These properties make PEG excellent biocompatible
material. Hydroxylation of the PHAs can be carried out
by using both biosynthetic and chemical modification. The
biosynthetic hydroxylation of the PHAs has successfully been
reviewed by Foster, recently [19]. Chemical modifications of
the PHAs have been extensively studied [6, 9, 15, 20–24].
In this review, selective chemical modification reactions in
order to obtain amphiphilic PHAs will be discussed.

4. Synthesis of Amphiphilic PHAs

Selective chemical modification of the PHAs involves func-
tionalization and grafting reactions of the PHAs. Hydrophilic

groups such as hydroxyl, carboxyl, amine, glycol and sulfonic
acid can be introduced into the PHAs by means of func-
tionalization. In grafting reactions, some hydrophilic groups
have been attached in the PHA chain to obtain amphiphilic
polymer.

4.1. Transesterification. Some ester group(s) of the PHA is
exchanged with an alcohol in transesterification process.
Transesterification is carried out in melt or in solution.
Hydroxylation of the PHBs via chemical modification is
usually achieved by the transesterification reactions to
obtain diol ended PHB. Transesterification reactions in the
melt between poly(ethylene glycol), mPEG, and PHB yield
diblock amphiphilic copolymer with a dramatic decrease
in molecular weight [25]. Catalyzed transesterification
in the melt is used to produce diblock copolymers of
poly([R]-3-hydroxybutyric acid), PHB, and monomethoxy
poly(ethylene glycol), mPEG, in the presence of a catalyst,
in a one-step process. The formation of diblocks is accom-
plished by the nucleophilic attack from the hydroxyl end-
group of the mPEG catalyzed by bis(2-ethylhexanoate) tin.

When the transesterification reaction between PHB and
ethylene glycol in diglyme as a solvent is carried out,
the telechelic PHB with MW at around 2000 Dalton is
obtained [26]. Stannous octanoate as a transesterification
catalyst causes the reaction of carboxylic end group and
diol, quantitatively. Basically, short chain diol or polyol
moiety can rarely renders a hydrophilic character to the
longer hydrophobic PHA. Therefore amphiphilic character
of the telechelic PHAs and PEGylated PHAs have been stood
poor.

Telecehelic PHB obtained by this way can be used in
the preparation of the polyester urethanes via diisocyanate
chain extension reaction with synthetic aliphatic polyester
as soft segment [27, 28]. PHB-g-Poly(ε-caprolactone) (PCL)
graft copolyester urethane samples exhibited the elongation
at break up to 900%.
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Figure 1: (a) Formation of the diol ended PHB via transesterification in the presence of ethylene glycol. (b) Transesterification reactions
of PHB with (i) butane diol, (ii) transamidation with bisaminopropyl ended PEG, and (iii) transesterification reactions of PHB with
methacryloyl oxy ethylene glycol in solution.

Two segmented biodegradable poly(ester-urethane)
series, based on bacterial PHB as the hard segments,
and either PCL or PBA as the soft segments, were
easily synthesized by one-step solution polymerizations.
Transesterification reaction of PHB with methacryloyl oxy
poly(ethylene glycol) (MW: 526), poly(ethylene glycol)
bis (2-aminopropyl ether) with MW 1000 and 2000
was achieved to obtain PHB-b-PEG telechelic diblock
copolymers [29]. Similarly, telechelic PHB can also be
obtained by transesterification with 1,4-butane diol
in 1,2-dichloro benzene under reflux conditions. The
transesterification reactions can be designed in Figure 1.

4.2. Carboxylation and Hydroxylation of the Pendant Double
Bonds. Most used unsaturated PHAs are mclPHAs obtained
from unsaturated edible oils and synthetic olefinic substrates.
When Pseudomonas oleovorans is grown on unsaturated
carbon source such as soybean oily acids, 7-octenoic acid and
10-undecenoic acid, unsaturated PHAs are obtained [30–33].
Figure 2 shows the synthesis of the unsaturated PHAs.

Microbial polyesters containing unsaturated side chains
are open the way for chemical modification reactions to
prepare PHA derivatives. Pendent double bonds of the
poly(3-hydroxy octanoate-co-10-undecenoate), PHOU, can
be oxidized to the diol (PHOU-diol) and carboxylic acid
(PHOU-COOH). KMnO4 is used as an oxidizing agent. In
mild conditions PHOU-diol is obtained [34]. While PHOU
was insoluble in a polar solvent, PHOU-diol was soluble

in methanol, acetone/water (80/20, v/v), and DMSO, even
with 40%–60% of double bonds unconverted, but it was
insoluble in nonpolar solvents such as chloroform, THF,
acetone. Figure 3 shows the PHOU-diol. The use of NaHCO3

even in hot solution (55◦C) resulted mainly in diol groups,
not carboxylic groups, while the same reaction at room
temperature using KHCO3, led to the conversion of the
pendant unsaturated groups to the carboxyl groups [35].
Figure 4 shows the PHOU with pendant carboxyl groups.

Carboxylation of PHOU using OsO4 as oxidant can be
performed with the small decrease in MW after the reaction
[36]. The quantitative hydroxylation of pendant vinyl groups
of poly(3-hydroxy-10-undecenoate) (PHU) with the use of
either the borobicyclononane or the borane–tetrahydrofuran
complex is also achieved in high yield [37, 38]. After
hydroxylation, the thermal stability and the molecular weight
of the hydroxylated PHU showed small decreases; however,
full solubility in methanol and almost full solubility in water
are achieved [37, 38].

Water wettability of saturated PHAs, poly(3-hydroxy
butyrate) (PHB) and poly(3-hydroxy butyrate-co-3-hydroxy
hexanoate) (PHBHHx) can also be improved by carboxyl
ion implantation. Ion implantation is performed at energy
of 150 keV with fluences ranging from 5 × 1012 to 1 ×
1015 ions/cm2. Contact angle measurements are confirmed
that the ion implantation improves the water wettability
[39].

Epoxidation of the unsaturated polyester with m-
chloroperbenzoic acid, as a chemical reagent, yields to
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Figure 2: Synthesis of two types of unsaturated PHAs from Pseudomonas oleovorans (i) grown on soybean (PHA-Sy) and (ii) 10-undecenoic
acid and octanoic acid (PHOU).
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quantitative conversions of the unsaturated groups into
epoxy groups [40]. Primary and secondary amines can
be reacted with epoxide groups to yield hydrophilic com-
pounds. Reaction between hexamethylene diamine with
epoxidized PHOU provides cross-linked polyester [41].
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(Diethanol amine)

(PHOE)

m′ n′

x yx
y

m′ n′

Figure 5: The conversion reaction of epoxidized-PHOU (PHOE) to
hydroxylated PHOU in the presence of diethanol amine (PHON).

Enhenced hydrophilicity of the PHOU has recently
been achieved by the reaction between epoxidized PHOU
and diethanol amine to give highly hydrophilic polyester,
PHON [42]. The first reaction involved the transformation
of the vinyl-terminated side chains of PHOU to epoxide
groups (PHOE). Figure 5 shows the conversion reaction of
epoxidized PHOU (PHOE) to hydroxylated PHOU in the
presence of diethanol amine.
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The successful side chain conversion was further substan-
tiated by the change in solubility when converting PHOU to
PHOE to PHON. As the functionalized side chains became
more polar, the polymer became soluble in more polar
solvents. In this aspect, PHON was soluble in water.

4.3. Quarternization and Sulfonation of the PHAs. Halogena-
tion of the polymers is a versatile method to open the way
for further functionalization [29, 43, 44]. Addition of the
chlorine and bromine into the double bond is quantitative
and halogenated PHAs can be easily obtained by this way
[29]. Chlorination is performed by either the addition to
double bonds of the unsaturated PHA obtained from soy-
bean oil (PHA-Sy) or substitution reactions with saturated
hydrocarbon groups [43, 44]. Chlorination of the sticky,
soft PHA-Sy with double bond provides polyester with hard,
brittle, and crystalline physical properties depending on the
chlorine content. By this way, it is possible to introduce
35 wt% chlorine to the PHA. In case of the chlorinated PHO,
glass transition temperature has been shifted to +2◦C from
−40◦C [44]. For further functionalization, quaternization
reactions of the chlorinated PHA with triethylamine (or
triethanol amine) can be performed. Additionally, aqueous
solution of Na2S2O3·5H2O can be reacted with solution
of chlorinated PHA (PHA-Cl) in acetone to give sulfonate
derivative of the PHO [44].

4.4. Grafting Reactions of the PHAs

4.4.1. Chitosan Grafting. Chemical modifications of chitosan
by grafting method are important to prepare multifunctional
materials in different fields of application and to improve
its chemical, physical, and mechanical properties [45, 46].
Chitosan-g-Poly(3-hydroxy butyrate-co-3-hydroxy valerate)
(PHBV) graft copolymer was synthesized and grafting of
linoleic acid on chitosan were performed by condensation
reaction under vacuum at 90–95◦C. Chitosan-g-PHBV graft
copolymers exhibit different solubility behavior such as
solubility, insolubility, or swelling in 2 wt% acetic acid and
in water as a function of degree of substitution of NH2 while
pure chitosan does not swell in water. Chitosan-g-PHBV
graft copolymer is shown in Figure 6.

4.4.2. Sugar Grafting. Glycopolymers are emerging as a novel
class of neoglycoconjugates useful for biological studies and
they are prepared either by copolymerization or grafting
methods [47]. Since it has been shown that thiosugars are
potent tools in glycobiology, 1-thiomaltose derivatives has
been grafted onto PHAs in two ways [48]; the thiol sugar
is added to the double bond and the reaction between thiol
sugar and bromo end groups of polyester biosynthesized
from 11-bromoundecanoic acid [49]. These new grafted
polymers are insoluble in dichloromethane and chloroform,
but very soluble in N ,N-dimethylformamide and dimethyl
sulfoxide, as opposed to their parent PHAs. As expected,
modified PHAs are more hydrophilic than their parent
compounds.
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Figure 6: Chitosan-g-PHBV graft copolymer.

4.4.3. PEG Grafting. Diazo linkaged PEG, a polyazoester
synthesized by the reaction of PEG and 4,4′-azobis(4-
cyanopentanoyl chloride) creates PEG macroradicals which
is easily attack to the double bonds of the unsaturated PHA to
obtain the PHA-g-PEG cross-linked graft copolymers [50].
PHAs containing double bonds in the side chain (PHA-DB)
were obtained by cofeeding Pseudomonas oleovorans with a
mixture of nonanoic acid and anchovy (hamci) oily acid (in
weight ratios of 50/50 and 70/30). PHA-DB was thermally
grafted with a [50].

Graft copolymers of the saturated mclPHAs can be syn-
thesized by using macroradicals via H-abstraction from the
tertiary carbon of the polyester [51, 52]. Similarily, macro-
radicals onto the PHAs are induced by the UV irradiation
via H-abstraction in the presence of a PEG-macromonomer
to prepare PEG-g-PHO graft copolymers [53, 54]. Homo-
geneous solutions of poly(3-hydroxyoctanoate) (PHO) and
the monoacrylate-poly(ethylene glycol) (PEGMA) monomer
in chloroform were irradiated with UV light to obtain
PEGMA-grafted PHO (PEGMA-g-PHO) copolymers. The
results of the protein adsorption and platelet adhesion tests
show that the blood compatibility was also enhanced by
grafting the PEGMA chains. The adsorption of proteins and
platelets was increasingly suppressed, as the grafting degree
of PEGMA onto PHO increased. Glycerol 1,3-diglycerol
diacrylate-grafted poly(3-hydroxyoctanoate) copolymers are
also prepared by heating homogeneous solutions of PHO,
diacrylate monomer, and benzoyl peroxide initiator [55].
The resulting copolymers have enhanced thermal properties
and mechanical strengths. The surfaces and the bulk of the
graft copolymers became more hydrophilic as the diglycerol-
diacrylate grafting density in the copolymer increased. Many
studies have reported that hydrophilic surfaces, such as
those of hydro gels and PEG-grafted polymers, suppress
protein adsorption and platelet adhesion. The surfaces of
this graft copolymers become more hydrophilic with grafted
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Table 2: Methods for the synthesis of the amphiphilic PHAs.

PHA Synthesis Product Reference

PHB Transesterification with
mPEG2000 (in melt)

PHB-b-PEG [25]

PHB Transesterification with
PEG2000 (in solution)

PHB-g-PEG [29]

PHB Transesterification with
Diethylene glycol (in melt)

PHB-diol [26]

PHO UV-irradiation with
methacrylated-PEG

PHO-g-PEG [53]

PHU UV-irradiation with
methacrylated-PEG

PHO-g-PEG [54]

PHO Free radical polymerization with
acrylate

PHO-g-Poly-glycerol diacrylate [55]

PHA-un-
Free radical polymerization with
saturated polyazoester based on
PEG

PHA-g-PEG [50]

PHOU Epoxidation and reaction with
diethanol amine

PHA with pendant amine side groups [42]

PHOU Epoxidation and reaction with
hexamethylene diamine

Cross-linked PHOU [41]

PHB Condensation with chitosan PHB-g-chitosan [45]

PHO Condensation with chitosan PHO-chitosan [46]

PHOU Hydroxylation of the double
bonds

PHOU with pendant-OH [34, 37, 38]

PHOU Carboxylation of the double
bonds

PHOU with pendant-COOH [35, 36]

PHB Urethane formation of PHB and
PCL containing dihydroxyl ends

PHB-g-PCL [27, 28]

PHOU Thiol addition of thio-maltose to
double bonds

PHOU-g-sugar [48]

PHOU Esterification of carboxylated
PHOU with PEG

PHOU-g- PEG [56]

diglycerol groups. These surface characteristics make this
graft copolymer to prevent protein adsorption and platelet
adhesion very effectively. Domenek et al. achieved the
amphiphilic copolymer based on PHOU and PEG [56].
Carboxylic acid terminal groups in the side chains are reacted
with PEG in the presence of dicyclohexyl carbamate at
room temperature. Amphiphilic graft copolymer obtained
is soluble in the mixture of H2O/acetone (80/20) whereas
precursor PHOU is not soluble.

As a summary, Table 2 indicates the sum of the chemical
modification reactions to obtain amphiphilic PHAs.

5. Conclusion

Microbial polyesters are biocompatible and biodegradable
hydrophobic natural thermoplastics. Amphiphilic PHAs
from swollen in water to soluble in water are much more
desirable in the drug delivery system and tissue engineering.
In most attempts to synthesize amphiphilic PHAs, degrada-
tion of the polyester chain has been unavoidable. To obtain
new amphiphilic PHAs with high molecular weight and their
medical applications have been attractive for scientists.

Acronyms

PHA: Poly(3-hydroxy alkanoate)
PEG: Poly(ethylene glycol)
sclPHA: Short-chain-length PHA
mclPHA: Medium-chain-length PHA
lclPHA: long-chain-length PHA
PHB: Poly([R]-3-hydroxybutyric acid)
mPEG: Monomethoxy poly(ethylene glycol)
PHOU: Poly(3-hydroxy

octanoate-co-10-undecenoate)
PHU: Poly(3-hydroxy-10-undecenoate)
PHBHx: Poly(3-hydroxy butyrate-co-3-hydroxy

hexanoate)
PHON: Diethanol amin derivative of PHOU
PHOE: Epoxide derivative of PHOU
PHA-Sy: PHA obtained from soybean oil
PHA-Cl: Chlorinated PHA
PHA-DB: Poly(3-hydroxyalkanoate)s containing double

bonds in the side chain
PEGMA: Monoacrylate-poly(ethylene glycol)
PHBV: Poly(3-hydroxy butyrate-co-3-hydroxy

valerate)
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We present many examples of surface engineered polymeric biomaterials with nanosize modified layers, controlled protein
adsorption, and cellular interactions potentially applicable for tissue and/or blood contacting devices, scaffolds for cell culture
and tissue engineering, biosensors, biological microchips as well as approaches to their preparation.

1. Introduction

On many parameters, polymeric materials satisfy the
requirements of biomedical applications. However, the last
ones are limited in most cases by the nonsufficient biocon-
tact properties of the polymer. Surface engineering creat-
ing nanosize layers with controlled chemical composition,
topography and roughness, and hydrophilic/hydrophobic
balance emerged as a simple, useful, and versatile approach
to solve the problem.

From the mid-1900s to the end of the last century,
biomaterials were petroleum-derived synthetic polymers
designed to be inert in vivo, that is, to perform their
function without interacting with the organism [1]. These
biomaterials are characterized with exclusively low protein
adsorption and weak interactions with blood, living tissues,
and cells. Over the past decades, many new synthetic and
biologically derived polymers have been studied and applied,
altering this paradigm [2, 3]. Now material scientists have
shifted toward the design of bioactive materials that integrate
with biological molecules or cells and regenerate tissue
[4–6]. Biomaterials for regenerative medicine and tissue
engineering gain special interests. Tissue engineering is based
on cell seeding on a substrate followed by culturing in
bioreactor or directly in the human body. The substrate is

often a polymeric biomaterial that should stimulate not only
the cell attachment and differentiation but also the extra
cellular matrix formation and tissue regeneration. Advanced
biospecific and biomimetic materials consisting of bioinert
environment enriched of ligands for adhesive receptors,
usually short amino acid sequences, like Arg-Gly-Asp or
carbohydrates and/or functional parts of hormones, enzymes
or growth factors, are currently under intense investigation
[7, 8].

Limited knowledge about the interface phenomena on
the border of the living and nonliving matter, such as protein
adsorption and bioadhesion, are the theoretical base for
the development of bioinert or bioactive surface engineered
biomaterials. The mechanisms of protein adsorption and
bioadhesion are a key question in many studies but despite
the enormous efforts, they remain not fully understood.

The biological cascade of all nondesirable reactions
against biomaterials begins with deposition of proteins.
Protein adsorption is the primary event in the biofouling.
Secreted by cells, adhesive proteins mediate their interaction
with the biomaterial surface. Therefore, many investigations
are devoted to studying the adsorption mechanism of single,
well-defined proteins or of concurrent adsorption from
double and multicomponent systems on different surfaces
[9–12]. Because of their versatile nature many proteins can
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be adsorbed via many mechanisms when they are in front
of complementary surfaces [13], which makes it difficult to
control protein adsorption.

Knowing the mechanism of cell/surface interaction is
very important for the design of biomaterial surfaces with
improved biocontact properties. General theory of bioad-
hesion does not exist up to now despite the fundamental
understanding of its molecular mechanisms can lead to the
creation of material surfaces that can reduce or support
the cell/biomaterial interface interaction [12, 14]. It is
known that different cell types use different mechanisms
when attaching to different surfaces and as a rule, cells
do not interact with the surface directly but via proteins
secreted by them and adsorbed on the surface adhesive,
forming their own nonorganized layer [15]. According to
a “classical scheme”, adhesive factors, like fibronectin and
vitronectin are present in the serum adsorbed on the
substrate and the adhesion is in fact an interaction with
them. This interaction is ligand-receptor because the cells
have specialized receptors (integrins) through which they
identify the adsorbed adhesive proteins-ligands [16, 17].
Guided by the substrate surface properties, conformational
alterations of the adsorbed proteins possibly change their
biological behavior [16]. In this context, the initial cellular
interactions depend on the surface physicochemical prop-
erties such as the surface wettability, charges, heterogeneity,
topography, roughness and presence of functional groups
[15]. It is not clear why, but it is well-known that some
materials with hydrophobic surface adsorb proteins in a
way decreasing their native bioactivity [16]. Evidently, the
adequate adhesive proteins adsorption is essential for the
initial cell adhesion. In addition, it is known that the initial
interface interaction between the cells and the contacting
biomaterial mimics to some extent the natural adhesive
interaction of cells and the extra cellular matrix. However,
the cells not only interact with the adsorbed soluble matrix
proteins, such as fibronectin and fibrinogen, they also tend
to reorganize them in fibrils. This cellular activity depends
significantly on different biomaterial surface parameters,
such as hydrophilicity, chemical composition and charges
[15]. Although the protein adsorption and cell/biomaterial
surface interaction mechanisms are not fully understood,
the surface physicochemical parameters known to influence
these two phenomena could be summarized as follows [9, 12,
14, 15]:

(i) surface free energy and related parameters,
hydrophilic/hydrophobic balance, polarity, water
contact angle and its hysteresis,

(ii) surface charge and related electrostatic interactions,

(iii) type and mobility of the surface functional groups,

(iv) micro and nanotopography features and surface
roughness [14, 18],

(v) thickness, density and adhesion of the modifying
layer,

(vi) crystallinity [19].

The shape and size of the biomaterial particles also influence
the cell recognition ability and interaction [20].

The effect of surface topography and chemistry on
cellular response is of fundamental importance, especially
where living systems encounter device surfaces in medical
implants, tissue engineering and cell-based sensors. To
understand these biological processes on the surfaces, there
is a widespread interest in tailored surface-active materials
produced by surface chemistry coupled with advanced
patterning processes [21].

Most biomolecules have immense recognition power
(specific binding) and at the same time demonstrate a
tendency to physically adsorb onto solid substrate with-
out specific receptor recognition (nonspecific adsorption).
Therefore, to create useful materials for many biotechnology
applications, interfaces are required that have both enhanced
specific binding and reduced nonspecific binding. Thus,
in applications such as sensors, the tailoring of surface
chemistry and the use of micro and nanofabrication tech-
niques became an important direction for the production
of surfaces with specific binding properties and minimal
background interference. Both self-assembled monolayers
and polymer brushes have attracted considerable attention
as surface-active materials [22].

Different surface engineering approaches to create bio-
materials with improved biocontact properties are based
on the relationship between the tissues, blood and other
living matter contacting material surface properties and the
interactions on the interface.

A variety of surface engineering methods is divided
by Hoffman [21] into two main groups: physicochemical
and biological. Examples of physicochemical methods are
the acid etching/oxidation, ionizing irradiation treatments
(various cold plasmas, ion or electron beams, and laser),
photo-lithography, surface grafting of functional groups
[23], based on well-known wet chemistry reactions. Plasma
treatment is usually accompanied by so-called “surface
reconstruction” tending to turn the surface back in its initial
state. Therefore the plasma treatment is usually followed
by chemical grafting or/and immobilization of biomolecules
[22, 24–29].

Matrix proteins such as collagen and fibronectin, pep-
tides or short peptide sequences such as RGD and GRGD
as well as different growth factors are immobilized on
the biomaterial surface besides chemical functional groups
grafting and topographic features creation, to design a
support mimicking the natural extra cellular matrix-specific
features or functions [30–35]. This is the essence of the
biological methods group including also simple physical
preadsorption of proteins, peptides and/or growth factors,
enzymes immobilization, and cell preseeding.

For a long time our research group has been developing
polymer surfaces with controlled protein adsorption and
initial cellular interactions potentially applicable in blood
and/or tissue contacting devices, scaffolds for cell culture,
and patterning of proteins. We present here examples of
such biomaterials as well as their preparation approaches
including some results from our investigations.
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2. Bioinert Biomaterials

The early stage of surface engineering is devoted mainly
to bioinert material surfaces design, that is, such that
do not cause any undesirable reactions, (foreign-body or
inflammatory reaction, encapsulation, thrombi formation
and blood coagulation) when in contact with living matter
(tissue, cells, blood) inside or outside the human body. Such
surfaces are still of interest for a variety of blood and/or tissue
contacting devices, intraocular lenses, patterned supports
for tissue engineering, micro fluidic devices, and biosensors.
Most of them have been designed on the concept of creatinng
low-adhesion and protein-repellent surfaces that have weak
interactions with cells.

Long ago, Ykada et al. [36] theoretically predicted that
there are two possibilities for the work of adhesion of
polymer surface in aqueous media to approach to zero, that
is, to be nonadhesive: one is to be super hydrophilic, that
is water-like with water contact angle, θ approaching to
0 and the other is to be strong hydrophobic with surface
tension, γ approaching to 0. This is the starting point in the
development of strong hydrophilic or strong hydrophobic
low-adhesion, protein-repellent biomaterials and biofouling
release surfaces.

The creation of hydrophilic low-adhesive surfaces is rel-
atively easy and the water-soluble (biocompatible) polymers
immobilization on the surface is one of the possibilities. Such
polymers could strongly adsorb water and the presence of
high water content on the surface have been accepted as
potential advance of the biomaterial regarding its similarity
to the living matter and especially for providing minimal
interface tension in contact with blood that can reduce the
protein adsorption and cells adhesion [25, 37–39]. A vari-
ety of polymer surfaces: hydrophilic poly(ether urethane),
sulphated polyethylene (PE), hydroxyethyl methacrylate and
other hydrogel-coated surfaces [9, 40, 41] have been designed
to reduce protein, cell and bacterial adsorption at interfaces
with biological tissues. Among them, PEG-coated surfaces
confers protein and cell resistance with considerable success
[42, 43]. A comparative ESCA study of the protein adsorp-
tion on different strong hydrophilic surfaces: positively
charged (N-vinyl-pyrrolidone, NVP), negatively charged
(Acrylic Acid, AA) and neutral (polyethylene glycol, PEG)
clearly demonstrate the advantages of the neutral, strongly
hydrophilic surfaces [44]. As it is seen from Table 1, the
nitrogen content, originating from adsorbed BSA, is one
order (and even more) lower on all PEG coated surfaces as
compared to NVP- or AA- coated hydrophilic surfaces or to
noncoated sulphated PE (PE-SO3H) and polyvinylchloride
(PVC) surfaces. The results of ellipsometry measurements
of the protein adsorption [45, 46] are similar. Therefore,
attempts to PEG immobilized surfaces preparation have been
made later by many researchers using different chemical and
plasma chemical methods including hydrogel formation on
the surface.

Photo-polymerized or photo-crosslinked coatings are
one of the most popular. Such can be prepared by poly-
merization in situ of deposited on a substrate photo-reactive
PEG resin. PEG acrylates or methacrylates are suitable for
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Figure 1: Two-step procedure for the photo-curing of a PEG-
acrylate layer for enhancement of the surface density of EO groups
[50].

free radical polymerization, initiated by photo-initiators like
benzophenones and thioxanthones [9, 45]. A pioneer work
[43, 45] describes a brush-like surface coating using mono-
functional PEG-acrylates and a two-step UV polymerization
to concentrate PEG chains on different polymer surfaces. The
principle sketch of the two-step procedure for the photo-
curing of a PEG-acrylate layer for enhancement of surface
EO groups’ density is presented in Figure 1. The two-step
procedure includes precuring at low UV dosage to obtain
a gel-like low cross-linked PEG coating with high mobility
and yet low water solubility. The following exposure in
water leads to migration of polar EO groups to the water
interface. Finally, the layer is subjected to a high UV dosage.
The structural features of these PEG hydrogel coatings are
presented in Figure 2. The two-step procedure enhances the
EO content at the interface of about twice. Strong hydrophilic
(water contact angle<10◦) protein repellent surfaces (protein
adsorption below 0.05 mg/m2) could be prepared in this way
on different polymers: PE, polyvinyl chloride, polystyrene,
natural rubber, and polydimethyl siloxane [47–52]. R.
Bischoff and G. Bischoff represent PEG hydrogel covering
of polysiloxane tubing and tracheal prostheses preceded by
plasma treatment [53]. Thin hydrogel formation by inferter-
based photo-polymerization of dithiocarbamylated PEGs
under UV irradiation or photo-polymerization has been
reported by Lee et al. [54], Known and Matsuda [55] and
Hahn et al. [56] aimed at photo-litographic patterning.
Sequential formation of covalently bonded hydrogel multi-
layers thorough surface initiated photo-polymerization by
using polymerizable PEG monoacrylates is described by
Kizilel et al. [57].
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Table 1: Cross-section corrected intensities of characteristic functional groups for various hydrophilic photo-polymeric films: N-
vinylpyrrolidone (NVP), acrylic acid (AA) or polyethylene glycol mono-acrylates (PEG) on PE-OSO3H and PVC after adsorption of bovine
serum albumin (BSA).

C−O−/−CH2− −COO−/−CH2− O(1s)/−CH2− N/−CH2− N+/−CH2− Cl(2p)/−CH2− I-CH2- (cs−1eV−1)

PE-OSO3H 0.57 0.27 0.45 0.15 0.04 2706

NVP 0.84 0.29 1.13 0.17 0.11 1040

AA 1.29 0.38 1.18 0.15 0.15 1062

PEG550 1.08 0.28 1.39 0.04 0.02 1402

PEG1900 2.06 0.46 1.47 0.03 0.01 1145

PEG5000 1.81 0.30 1.23 0.03 >0.01 1226

TMP(EO)20 2.32 0.25 1.55 0.06 >0.01 1086

PVC 0.72 0.21 0.41 0.13 0.04 0.23 1693

PEG550 0.80 0.20 0.64 0.09 0.02 0.18 1600

PEG1900 1.32 0.24 0.80 0.04 0.02 0.18 1332

PEG5000 2.20 0.30 1.35 0.03 0.11 1051

TMP(EO)20 0.76 0.19 0.55 0.11 0.04 0.11 1694

PEG-hydrogel

Grafted PEG

Adsorbed PEG
block-copolymer

PEO segment
Cross-linking or reactive group
PPO or other hydrophobic block

Figure 2: Schematic drawing that shows the structural features of
PEG layers obtained by different coating: photo-polymerization,
grafting and adsorption [50].

Ito et al. [58] performs photo-crosslinking immobiliza-
tion of PEG on different surfaces and study subsequent
interactions with proteins and cells, expecting that the
hydrated nonionic surface would reduce the interaction with
them. Photo-crosslinking immobilization is generally useful
for the preparation of micropatterned surfaces because it
uses a dry process. These researchers prepare photo-reactive
PEG and carry out surface modification in the absence or
in presence of a micropatterned mask. To assess nonspecific
protein adsorption on the micro patterned surface, they
adsorb horse radish peroxidase (HRP)-conjugated proteins
and confirm a reduced protein adsorption by vanishingly

small staining of HRP substrates on the immobilized regions.
COS-7 cells have been cultured on the micropatterned
surface. The cells do not adhere to the PEG-coated regions.
In conclusion, photo-reactive PEG immobilized on various
surfaces tends to reduce interaction with proteins and cells.

Chemical immobilization or grafting is another approach
to create bioinert polymeric surfaces using suitable chem-
ically reactive monomers such as hexaethylmetacrylate
(HEMA), acrylic acid (AA), and PEG, among which PEG
is most widely used. If the substrate surface is chemically
reactive, the chemical immobilization or grafting can be per-
formed directly. Otherwise, surface preactivation is necessary
prior to the chemical immobilization or grafting, employing
some wet chemistry methods to oxidize the surface or to
introduce surface amino- or other functional groups, or
ionizing irradiation using plasma, laser, and ion-beam.

A number of methods for covalent attachment of PEG
to different polymer surfaces are known, requiring the
employment of functionalized PEG (with derivative terminal
OH groups), able to interact with a functionalized substrate
surface. In case of strong hydrophobic and/or chemically
inert polymers, surface preactivation is necessary by ionizing
irradiation (plasma treatment, ion beam, laser, and HUV)
or wet chemistry prior to the grafting the functionalized
PEG. Figure 3 shows schematically the coupling procedure
of PEG-aldehyde by Schiff base reaction with surface -NH2

groups as an example and Figure 2 shows the structural
model of the PEG surface. This reaction is convenient
for use in aqueous media where it could be driven to
completion by addition of NaCNBH3, acting as a selective
reducing agent for the imine product –CH=N– in presence
of aldehyde. In order to increase the surface density of
PEG chains, the immobilization reaction can be performed
under solution conditions close to the cloud point when
the repulsion between the PEG chains is small. To induce
clouding at lower reaction temperatures, “salting out” with
potassium sulfate can be performed. PEG-aldehyde and
PEG-epoxide grafting at optimal reaction conditions leads to
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the formation of surfaces with very low protein adsorption—
below 0.05 mg/m2 (by ellipsometry) [45, 50, 59].

Feng et al. [60] and Schlapak et al. [61] utilize
PEG-amines for coupling with poly(N-hydroxysuccinimidil
methacrylate) and Patel et al. [62] for coupling with silanized
glass slides bearing aldehyde groups. Li et al. [63] graft living
poly(ethylene oxide) to chloromethylated and crosslinked
polystyrene and polypropylene substrates through the reac-
tion of alkoxide with chloromethyl group.

Aldehyde groups bearing silanised surfaces could be
grafted by NH2-terminated PEG and on the other hand OH-
containing surfaces can be immobilized with PEG-silanes.
The second approach is used by Popat et al. [64], Piehler et
al. [65] and Xu et al. [66] to improve the biocompatibility
of nanoporous materials, biosensors and poly(acrylonitrile-
co-maleic acid) asymmetric membranes, respectively. Groll
et al. [67] prepare and characterize ultrathin coatings from
isocyanate-terminated star PEG prepolymers. To interrupt
platelet adhesion, Choi et al. [68] and Xu et al. [69]
immobilize PEG derivatives on poly(acrylonitrile-co-maleic
acid) and polyurethane respectively.

Ko et al. [70], Sebra et al. [71] and Beyer et al. [72]
immobilize PEG or its sulphonate onto preoxidized in ozone
polymer surfaces. Acrylamide-coated surfaces have been
created also by radical graft copolymerization on preoxidized
in UV ozone plasma generator [73].

Goda et al. [74] prepare biofouling poly(dimethyl
siloxane) (PDMS) with excellent surface hydrophilicity
and good oxygen permeability by surface initiated radi-
cal graft photo polymerization of 2-metacryloil-oxiethyl-
phosphatydil cholin (MPC)—biomimetic synthetic phos-
pholipid polymer, containing phosphatydilcholin groups.

Quasi-irreversible adsorption opens another way to PEG
and other molecules of interest, immobilization on different
surfaces. High-molecular-weight copolymers of PEG or
other molecules can be adsorbed irreversibly, attaching
at multiple adsorption sites. Although the free energy of
adsorption for each side may be relatively small, the attach-
ment of a molecule to several sides leads to a multiplication
effect, so that the total free energy of adsorption of a
polymer becomes quite large. For this reason, polymers tend
to be adsorbed very strongly in many cases. One approach
to achieving firmly attached PEG coatings at negatively
charged surfaces is to physically adsorb a graft copolymer
of PEG and polycation such as polyethylene imine (PEI), for
example. Their structural features are shown in Figure 3 and
they also demonstrate very low protein adsorption (below
0.05 mg/m2) [75].

Dextran has recently been investigated as an alternative
to PEG for low protein-binding, cell-resistant coatings on
biomaterial surfaces [76]. Although antifouling properties
of surface-grafted dextran and PEG are quite similar, the
multivalent properties of dextran are advantageous when
high-density surface immobilization of biologically active
molecules to low protein-binding surface coatings is desired.
The preferred methods of dextran immobilization for bio-
material applications should be simple with minimal toxicity.
In this report, a method is described for covalent immobi-
lization of dextran to material surfaces, which involves low

residual toxicity reagents in mild aqueous conditions. With
dextran-based surface coatings, it will be possible to develop
well-defined surface modifications for better performance of
long-term biomaterial implants.

Thanawala and Chaudhury [77] use acrylamid perflu-
oroether to create high hydrophobicity and antiadhesive
properties of polymeric biomaterials.

The existing surface engineering strategies often require
the presence of specific surface functional groups and
extensive optimization, and they have limited capacity to
be used for modification of variety materials. Thus, there
is an ongoing need for versatile immobilization strategies
that are capable of robustly anchoring not only PEG but
also other antifouling polymers onto variety of medically
relevant material surfaces or to create other types bioinert
surfaces. Ober et al. [78–82] investigate different possibilities
for creating low-energy low-adhesive nonbiofouling surfaces
using mainly fluorine containing co-polymers.

Various irradiation methods, and especially both cold
plasma treatment and coating are widely used for preac-
tivation of different polymer surfaces with a creation of
desired for following chemical coupling surface function-
ality as well as for creation of thin layers with altered
hydrophilic/hydrophobic balance, chemical composition or
topography and structuring. Using plasma of different gases
and optimizing the operation conditions it is possible to
input different functional groups on the surface or to create
thin surface coating with varied properties. Figure 4 shows a
simple sketch of the chemical composition of different radio
frequency (RF) plasma discharge deposited films, based on
the results from X-ray photoelectron spectroscopy (XPS).
Comparative study of such plasma deposited films [83–85]
indicate that both, strong hydrophobic silicon and strong
hydrophilic PEG surfaces is characterized by very low protein
adsorption, weak complement system activation and low
cell and platelet adhesion that is in a compliance with the
prediction of Ykada et al. [36].

Sioshansi et al. [86, 87] find that the argon ion implanta-
tion of the polymer surface reduces significantly the friction
and biofouling of the catheters. The thrombogenicity and
endothelial cells adhesion onto artificial vascular grafts could
be also controlled by argon ion implantation [88].

Husein et al. [89, 90] establish that the ion implantation
on polysiloxane surface from plasma source leads to an
increase of the surface silanol groups similar to that when
the same polymer is plasma or argon ion beam treated.
Uncustomary differences in the cell sensitivity to similar
on chemical composition polysiloxane surfaces, obtained
by different irradiation methods are observed by some
researchers [91] attributed to differences in the surface
energy, especial electron structure and the corresponding
electrical properties of the surface layer.

Bhushan et al. [92] prepare (by gas-phase deposition)
ultra thin fluorosilane films to control the biomaterial
surface hydrophobicity and to reduce or prevent the protein
adsorption and cell interactions, the last ones of critical
importance for the work of some biomedical nanodevices.

Surface topography is accepted now as a parameter
influencing the wettability and hence the protein adsorption
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and biocontact properties of the biomaterials. Sear et al. [93]
study surface texturing and collagen coating of biomaterials
in respect to fibrosis inhibition and demonstrate that the
biomaterial surface texturing is as important as the matrix
proteins in the reduction of fibrosis and inflammatory
reactions. Some types of surface texture almost eliminate
the fibrous capsules formation whereas other inhibits their
collaps [94].

3. Surface Engineered Biomaterials for
Blood-Contacting Devices

The surface design of biomaterials for blood-contacting
devices is of special interest and different approaches to
creation of such with improved thrombo-resistance are
described in a number of reviews [95, 96]. Different concepts
are employed in the creation of biomaterials with improved
blood contacting properties: physicochemical (zero critical
surface tension or interfacial-free energy), micro hetero-
geneous surfaces (polymers with micro phase separated
structure and segmented polyurethanes), simulation of
blood vessel properties (surfaces with hydrophilic nature and
high mobility, negatively charged surfaces), utilization of
biologically active molecules (sustained release of heparin;
heparinized surfaces), and biomembrane-like surfaces com-
posed of polymer and phospholipids. However, the regula-
tion of blood-biomaterial surface interaction is difficult and
the many researches based on the abovementioned concepts
have partial success.
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It is experimentally established that an increase in the
surface hydrophilicity decreases the cell adhesion. However,
low cell adhesion does not certainly mean prevention of
the biological activation. Some researchers [9, 97, 98] have
established low platelet adhesion to strong polar surfaces and
high thrombin activation and coagulation.

Most cells have negatively charged surfaces and therefore
their electrostatic attraction or repulsion is of importance
[9, 99–101]. Cell proliferation is also influenced by the
biomaterial surface charge and hydrophilic/hydrophobic
balance [102].

Biomaterials with micro-domain surfaces on which
adsorbed proteins are able to self-organize accordingly the
surface micro heterogeneity are another group bioinert
biomaterials. It is demonstrated that the low-trombogeneity
of block co-polymers of the type ABA with hydrophilic/
hydrophobic micro-domain structure is due to a significant
oppress of adhering platelets activation [103–106]. Typical
representative of this group are the segmented poly(ether
urethanes) [107].

Low platelet adhesion has been found on acrylamid
or other hydrogel coatings as well as on collagen coatings
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onto corona preactivated polymer surfaces, reducing fibrosis
around the biomaterial implants as proved at experiments
with animals in vivo [108–111].

Mirzadeh et al. [112–118] create super-hydrophobic
polymer surfaces by laser treatment and turn them into
hydrophilic ones grafting hexamethylacrylate (HEMA) after
their preactivation by CO2-pulse laser treatment. The
data from in vitro investigations demonstrate significantly
reduced platelet adhesion and aggregation on the two
type modified surfaces but the best regarding the blood
compatibility appears to be the super-hydrophobic one.

Regarding blood compatible materials, heparinized sur-
faces seem to be one of the most promising approaches
and a number of ways to surface immobilization of heparin
have been described [9, 119]. Heparin, which together with
other sulphated gluco-amino-clucans naturally exists on the
intra vascular endothelial cells, is a potent anticoagulant.
Although graphitic carbon has been known and used as a
biomaterial for a long time, the excellent biocompatibility
of diamond-like carbon (DLC) films has been addressed
only in a few cases. Steffen et al. [120] anticipate the
combination of bioinert DLC films and surface immobilized
bioactive biomolecules with antithrombogenic properties,
such as the polysaccharide heparin, as a straightforward
concept to optimize haemocompatibility of a wide variety
of materials (vascular grafts, etc.), this strategy has been
applied at polytetrafluorethylene (PTFE), poly(dimethyl
siloxane) (PDMS), and polystyrene (PS). The DLC films
were deposited on polymer surface by an energetic acety-
lene plasma beam and subsequently exposed to ammonia
plasma before heparin was covalently coupled to such
functionalized surfaces by an end-point attachment method.
Ion-beam radiation of siloxane rubber at relatively high
energy (50–150 keV) alters its surface chemical composition
and wettability, leading to lower thrombus formation on
the ion implanted haemodialysis catheters, proved in vivo
experiments with animals [121–124]. Many basic concepts
for development of blood compatible surface engineered
polymeric biomaterials are described in the literature but the
perfect nonthrombogenic material has never been obtained.
The future trend is toward a combination of these con-
cepts and hybridization of artificial materials and biological
molecules.

4. Bioactive Biomaterials

Bioactivity is a necessary attribute of the current biomaterials
for in growing implants, some biosensors, tissue engineer-
ing and regenerative medicine. The bioactive biomaterials
establish specific interactions in contact with living matter
(tissue, blood, cells) and mimic some human functions. They
are actively interacting and integrating with their biological
environment [125].

The principal goal of the regenerative medicine is to
promote tissue regeneration and healing after injury or
disease, that can be achieved through a delivery of cells
and/or factors in tissue engineered scaffolds designed to
provide a biomimetic microenvironment conductive to

cell adhesion, proliferation, differentiation, and host tissue
integration [126, 127].

Currently, most scaffolds provide a three-dimensional
environment in which tissue can grow and develop, so that
to be able to reproduce the functions of the tissue that it
is intended to replace [128, 129]. Now scaffolds are being
developed that either mimic the extra cellular matrix or the
complete hierarchical structure of the tissue [130]. A variety
of natural and synthetic biodegradable or biocompatible
polymeric scaffolds is fabricated in a form of solid foam,
nanofibrous matrix, microspheres, or hydrogel to provide an
optimal microenvironment for cell proliferation, migration,
and differentiation and guidance for cellular in-growth from
host tissue. The scaffolds are further surface engineered to
provide an extracellular matrix mimicking environment for
better cell adhesion and tissue in-growth and in addition, to
release bioactive molecules, such as growth factors, DNA, or
drugs, in a sustained manner to facilitate tissue regeneration
[131].

Evidently, the cell/biomaterial interaction is of key
importance for all bioactive biomaterials and the knowledge
about its mechanism can guide the surface engineering in the
development of biomaterials with an optimal bioactivity.

5. Cell/Biomaterial Surface Interaction

The cell/biomaterial interaction is a complicated phe-
nomenon and despite the enormous efforts of many
researchers, its mechanism remains not fully understood
[12, 15]. It is well-known, that different cell types use
different attachment mechanisms to different surfaces but
any way the cell attachment is mediated by deposition of
adhesive proteins secreted by themselves. The initial interface
interaction when cells contact biomaterial surface resemble
to some extent the natural adhesive interaction of the cells
with their extra cellular matrix. In addition, the cells not
only interact with the adsorbed soluble matrix proteins, such
as fibronectin and fibrinogen, they also tend to reorganize
them in fibrils. This cellular activity depends strongly on
the physicochemical properties of the biomaterial surface,
such as hydrophylicity [9, 15], steric hindrance, the existence
of a “conditioning layer”, surface chemical composition
and charge, surface topography and roughness [132]. Many
chemical functional groups, such as hydroxyl, carbonyl,
carboxyl, and amine, are important for the fate modulation
of the attached cells [133]. For example, the macrophages
ability to form giant multinuclear cells (granular reaction) on
some hydrogel surfaces correlates with the presence of some
functional groups. The macrophages joining probability
decreases in the following row [134]:

–N(CH3)2 > –OH > –CONH- > –SO3H

> –COOH (–COONa).
(1)

Similar interaction hierarchy is observed at cell incuba-
tion onto functionalized surfaces at which the cell attach-
ment and growth decrease in the following row [135]

–CH2NH2 > –CH2OH > –CONH2 > –COOH. (2)
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Studying a number of model surfaces Altancov [15] con-
cludes that the hydrophilic surfaces support the cell adhesion
and proliferation, cell growth and the organization of the
focal adhesion complex delivering the signal via integrin
receptors. An optimum interaction with cells usually appears
at moderate hydrophilicity (water contact angle of ∼50◦–
65◦). The synthesis and organization of fibronectin matrix
by cells is better on surfaces bonding weakly fibronectin and
other matrix proteins. The conformation of the adsorbed
adhesive proteins plays also an important role in the adhesive
interaction on strong hydrophilic noncharged surfaces [15,
75]. The shape and size of biomaterial surface structure can
to control the cell proliferation and orientation [136].

6. Surface Engineered Biomaterials via
Physicochemical Modification

In general, surface properties of implantable biomaterials
dictate protein adsorption and behaviors with concomitantly
determining of the cellular interactions. In most cases,
specific cellular interactions are required for the formation
of a desired tissue. A way to promote implant, scaffold
and engineered tissue integration is to design the surface
chemical composition and topography of the biomaterials to
specifically enhance tissue integration [137–142]. The scaf-
fold surface can be functionalized either by physical adsorp-
tion or chemical modification [143]. The surface chemical
modification employs different organic chemistry reactions,
ionizing radiation treatments (plasmas, ion-beams, and
laser) and coatings, immobilization of biomolecules or the
combinations of different approaches to control the surface
characteristics of the biomaterial.

As mentioned above, despite that the reason is not
fully understood, the moderate hydrophilic surfaces are
preferred by the cells. Therefore, simple hydrophilization
of hydrophobic surfaces is one the main approaches to
improve their interaction with cells. The adsorbed adhesive
proteins conformation, together with the possibility for easy
detachment from the hydrophilic substrates [16] seems to be
other important factors, because the cells “try” to organise
their own matrix on the biomaterial surface [144–146]. The
most physicochemical treatments lead in fact to some surface
hydrophilization. PS treated with sulphuric acid or in glow
discharge plasma, characterises with increased number of
charged groups on the surface that improves the attachment
and growth of many types of cells [147]. The natu-
rally nonadhesive polymer poly(2-hydroxyethyl metacrylate)
(PHEMA) demonstrates improved adhesion and prolifera-
tion of endothelial cells after sulphuric acid treatment [148].
RF cold plasma treated poly(ethylene terephthalate) (PET)
surface demonstrate an improved attachment and spreading
of fibroblasts and mioblasts [149]. PEG-coated surfaces are
usually prepared to be protein repellent, antifouling and
bioinert. But surprisingly, PEG coatings prepared by quasi-
irreversible adsorption of a graft copolymer of poly(ethylene
imine) (PEI) and PEG (PEI-PEG) demonstrate an unusu-
ally good cellular interaction: cell spreading, proliferation,
adhesion, “early” and “late” matrix formation [75, 144]. The

PEG coatings prepared in this way are strong hydrophilic
(equilibrium water contact angle <10◦) and characterize
with very low adsorption of HSA, IgG, Fng, Fn, C3 and
Cq1 (<0.05 mg/m2 by ellipsometry) as shown in Table 2. In
general, for such surfaces good biocompatibility is expected,
in the sense of bioinertness but low cellular interactions.
The observed unexpected good interaction with fibroblasts
despite the strong hydrophilicity and very low protein
adsorption is thought to be due to a specific PEG layer
structuring providing an optimal conformational freedom
for the protein reorganization [144].

Cold plasma obtained in low-pressure glow discharge
has been often used to activate polymer surface, including
siloxane membranes [25, 27, 29, 150] for further grafting
of suitable monomers like acrylic acid (AA), hydroxyethyl-
metacrylate (HEMA), and so forth. aimed at improvement
of its interaction with living cells. On the other hand,
ion-beam without following grafting [151, 152] is known
as other possible way to improve biocontact properties of
polysiloxanes [153, 154]. Plasma based Ar+ beam performed
in RF (13, 56 MHz) low-pressure with a serial capacitance
can be employed for surface modification of PDMS to
combine some advantages of both: ion-beam and plasma
treatment, namely the durability of the modifying effect
of the ion-beam with the simplicity of the plasma as
compared to ion-beam equipment [155]. The presence of
a serial capacitance ensures arise of an ion-flow inside the
plasma volume directed toward the treated sample and the
discharge power vary ensures varied ion-flow density. A
partially mineralized surface layer, similar to that obtained
after a conventional ion-beam is the result of plasma based
Ar+ beam treatment of PDMS surface as proven by XPS
analysis and contact angle measurements [156, 157]. Plasma
based Ar+ beam treatment transforms the initially strong
hydrophobic PDMS surface into a durably hydrophilic one,
mainly due to raising of the polar component of the surface
tension, this effect being most probably due to an enrichment
of the modified surface layer with permanent dipoles of
a [SiOx]-based network and elimination of the original
methyl groups [156]. Such modification is accompanied
also with altering of the surface topography and roughness
[157] and leads to significant improvement of the initial
cell adhesion not only in presence but also in absence of
precoated fibronectin [156, 157].

Bearing radicals and hence activating PDMS surface,
Ar+ beam treatment opens a way to further grafting of
suitable monomers. The acrylic acid (AA) grafted, in this
way preactivated PDMS surface, is moderate hydrophilic
(water contact angle of 62–73◦, depending on the AA grafting
density). The initial adhesion of human fibroblasts to AA
grafted surfaces is significantly higher as compared to that
on nonmodified PDMS surface but only in presence of
precoated fibronectin [156, 157].

Oliveira et al. [158] have developed a new methodology
to obtain bioactive coatings on bioinert and biodegradable
polymers that are not intrinsically bioactive. Three types
of materials have been used as a substrate: high molecular
weight PE and two starch-based blends: starch/ethylene vinyl
alcohol and starch/cellulose acetate. Blowing agent has been
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Table 2: Protein adsorption (mg/m2) as measured by ellipsometry.

Surface AHSA AIgG AFgn AFn AC3 AC1q

Silika 0.35 1.10 2.9 1.90 3.10 1.90

PEI/PEG1500 — <0.05 <0.05 — — —

PEI/PEG6000 <0.05 <0.05 <0.05 <0.05 <.05 <0.05

PEI/PEG12500 — <0.05 <0.05 — — —

HAS: human serum albumin; IgG: immunogammaglobulin; Fgn: fibrinogen; Fn: fibronectin; C3: complement component; C1q: complement component.

used to prepare 3D porous architectures. Three type baths
have been developed in order to produce the newly proposed
auto-catalytic Ca-P coatings.

If the scaffold is bioactive gel-glass or an inor-
ganic/organic nanocomposite, surface OH group will be
present because of Si-OH (silanol) bonds, and many poly-
mers also have high surface OH content (e.g., COOH-) that
can be functionalized with APTS. Materials with OH groups
will therefore attract proteins when implanted in vivo [159].

7. Surface Engineered Biomaterials via
Biomolecules Immobilization

Surface modification of implant devices by immobilization
of biological molecules is discussed in a number of reviews,
for example [160]. In natural environment, cells grow onto
substrate consisting different proteins and polysaccharides—
extra cellular matrix (ECM). The last one not only provides
mechanical support for the cells but also interacts directly
with them and influences their growth, migration, morphol-
ogy and differentiation. Surface modification of synthetic
polymers that have suitable mechanical parameters and
processability with biofunctional species providing similar
to the natural ECM interaction allows combining advances
of the synthetic and natural materials and resembling the
interactions with specific ECM ligands [161]. To provide
a support more closely resembling the natural ECM, in
addition to the chemical functional groups, matrix proteins
like collagen, fibronectin, and so forth could be immobilized
on the synthetic polymeric material surfaces [162, 163]. This
is the nature of biomimetic approach, that is, of the group of
the biological methods aiming at resembling of some specific
structural or functions features of the natural extra cellular
micro environment [164]. This group of methods includes
simple protein preadsorption, enzymes immobilization, and
cell preseeding. However, it is not yet clear which proteins
and how they affect the cell response. Interactions between
peptides and scaffolds can result in completely different
surface chemistry, topography, surface energy and charge.
They can also lead to conformational changes in the peptide
structure, which is usually undesirable. Proteins are usually
adsorbed or bonded onto material surfaces in solution by
immersing the material in phosphate buffer saline (PBS)
containing proteins [165].

Various strategies have been attempted to immobilize
biomolecules or small biological motives onto the surfaces
of synthetic biomaterials devoid of active functional groups
[166]. Physical adsorption is one of the methods for

preparation of surfaces with well-defined properties that do
not rely on chemical processing. It utilizes weak nonspecific
intermolecular interactions between the surface and peptide
species involved such as hydrogen bonding, hydrophobic
interactions, Van der Waals forces, and weak valence electron
interactions. To obtain biomimetic materials, surfaces can be
simply coated with biomimetic peptides or another material
possessing active functional groups, for example, poly-L-
lysine (PLL) that can be subsequently used to chemically
react with oligopeptides. Materials can also be coated
with hybrid molecules such as PLL-RGD polymer-peptide
molecules, which can be physically adsorbed to material
surfaces. While physical adsorption is an effective way to
immobilize biomimetic peptides to the surface of materials,
coating only provide a transient modification of the material
surface. The inability to control the peptide conformation
and orientation upon the adsorbing substrate, peptide
desorption or wash-off, diffusion kinetics, and inaccessibility
to large molecules on the material surfaces are deficiencies
of this method. Substances including PLL, collagen and cell
adhesive proteins such as fibronectin, laminin or vitronectin
have been adsorbed onto the surface of polymeric matrix to
promote cell attachment [167, 168].

In order to fabricate biomimetic materials that can with-
stand long-term survival, a stable immobilization of such
biomolecular motives to the substrate surface is critical to
maintain the bioactivity and ultimately proper functioning.
Substrate-immobilized biomimetic oligopeptides should be
able to withstand the contractile forces extended by adhered
cells upon the biomaterial surface during initial cellular
attachment and resist the internalization by cells [166].
Covalent binding of functional biomolecules is necessary
to provide a more stable cell adhesive stratum that can
be achieved by direct or indirect chemical immobilization
of collagen, gelatin, heparin, hyaluronic acid, short peptide
sequences, originating from cell adhesive proteins such as
the arginine-glycine-aspartic acid (RGD) or YIGSR, and
sugar moieties such as galactose or lactose, have been grafted
onto polymer surfaces to modulate cell-matrix interactions
[169, 170].

Direct immobilization via chemical methods; however,
can be accomplished when surface reactive groups are
presented, which is not always the case with certain materials.
Plasma-treated surfaces have been used to introduce active
functional groups to biomaterial surfaces for direct covalent
immobilization of biomolecules. Plasma treatments under
a wide range of reacting gas types (ammonia, nitrogen,
hydrogen, oxygen, and ozone) have been employed to
be introduced various functional groups (e.g., carboxyl,
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hydroxyl, carbonyl, ether, peroxide, and amine) of material
surface. Karkhaneh et al. [171] modify the chemically
inert PDMS simultaneously with acrylic acid (AA) and
2-hydroxyethyl methacrylate (HEMA) employing so-called
“two-step plasma treatment”, followed by collagen immo-
bilization and study the cellular response to the modified
surfaces. Such surface design significantly increases the
number of the adhered and proliferated cells.

In plasma-induced graft polymerization, material surface
is bombarded with energetic gaseous species (ions, electrons,
free radicals, and low-energy photons) whose energy is
transferred and dissipated thorough the solid by a variety
of chemical and physical processes. The result is surface
functionalization with amine, peroxide, carboxyl, and so
forth. groups that can be utilized in a further chemical
immobilization of biomolecules via graft polymerization
[172–174]. Graft polymerization can result in producing
specific surface properties for use in various applications
to improve cell adhesion and spreading, to enhance the
surface wettability and improve material biocompatibility.
Graft polymerization can also be used to treat defined surface
areas by using photo-masks or resists [175].

Plasma polymerization can be used to produce surfaces
that are either nonadherent or keratinocyte adherent for
tissue engineering of skin [176]. This technique is used to
produce a background surface coated with octadiene, which
is nonadhesive for the majority of cells. Onto this is placed a
template of the letters “TONY” coated with acrylic acid. The
placed on this surface cells adhere to the acrylic acid-coated
surface but failed to adhere to the octadiene-coated surface.
Thus, biomaterials can assist the transport and delivery of
keratinocytes to a wound bed [177].

The covalent attachment of biologically recognizing
molecules to the surface of some biomaterials is hampered
by the lack of surface chemical reactivity. To overcome
this problem, researchers utilize many different approaches
to create functional groups on the surface of biomate-
rials to support covalent bonding of biological recogni-
tion motives, that is, they preactivate biomaterial surface
employing different organic chemistry methods or ionizing
radiation treatment (cold plasmas of different gases, ion-,
laser beams, etc.). For example, Li et al. [178] immobilize
RGD peptide fragments on the PDMS surfaces for cell
culture indirectly. The immobilization procedure includes
preliminary photochemical grafting of NHS-groups on the
PDMS surface, followed by RGD bonding to the NHS groups
via coupling reaction in presence of bi-functional photo-
cross-linker. As compared to other methods for peptides
bonding to PDMS, this one is relatively easy, effective
and free of organic fouling of the PDMS surface. This
approach could be employed for coupling other peptides
or proteins to most polymeric materials. Such surface-
engineered materials are stable during autoclaving and UV
treatment, which make them suitable for repeat use at cell
culture.

A liquid phase modification of PDMS micro fluidic
channels includes an acid H2O2 solution oxidation and
following silanation reaction, using pure silane reagents.
Two different functional groups, PEG- and amino- have

been included in this way on the PDMS surface for the
protein adsorption passivation and biomolecules coupling,
irrespectively. Biomolecules immobilized biomaterials could
be used for cell seeding and incubation [179].

Carbodiimide chemistry is high effective and widely
used method to covalently immobilized biomimetic peptides
onto various carboxylated biomaterial surfaces via stable
amide bonds [180–183]. Carbodiimides are widely used
for carboxyl group activation via formation of mediating
high reactive O-acylisocarbamide compounds. These active
species interact with amine nucleophyls forming stable
amide bonds [184]. Unfortunately, this method is not high
enough selective. The biomimetic peptides often contain
reactive functional groups presenting within the constituent
amino acid side chain (e.g., carboxyl and guanidine groups)
that leads to unwanted side reactions. N-hydroxysuccinimide
(NHS) is often used to assist the carbodiimide coupling by
forming an active ester intermediate via condensation of
surface carboxylic acid groups and NHS. The ester derivative
is less prone to hydrolyses, it can be prepared in advance and
stored and used as an activated species in situ (e.g., in the
presence of the amine nucleophile) without the risks of the
unwonted reactions. The NHS-reactive ester intermediate is
susceptible to nucleophilic attack by primary amines and
results in the formation of stable amide bonds between the
biomaterial surface and the N-terminus of the biomimetic
peptide.

The immobilization of biomolecules to hydroxyl groups
presenting on various biomaterial surfaces can be easily
and directly accomplished with the use of highly reactive
sulphonyle chlorides. Hydroxyl-containing surfaces can also
be preactivated with tresyl chloride [185–187] to yield
sulfonated surfaces that can readily undergo nucleophylic
attack by primary ammines, thiols and imidasole groups
[188–190]. Aminated surfaces can be effectively immobilized
with bioactive peptides by reacting the solid surface with
homobifunctional linkers, such as glutaraldehyde, disuc-
cinimidil glutarate, or phenylene diisothiocyanate [191–
193] via the N-terminus of the peptide. Carboxyl-terminus
immobilization can also occur via carbodiimide-mediated
immobilization of aminated surfaces. PE covered with
cellular matrix proteins and cell-membrane antigens charac-
terises with improved human endothelial cells adhesion and
proliferation [194]. Surface functionalized micelles and shell
cross-linked nanoparticles are research objective of Wooley
group [195–198].

Collagen is a major structural component forming the
natural ECM of connective tissue and organs [199]. Surface
immobilization of collagen is one of the most established
methods for endowing cell adhesive properties to the scaf-
folds. Poly(lactic acid) (PLA) and PLGA scaffolds chemically
grafted with collagen after plasma treatment [200] and PLA
scaffolds collagen immobilized by conjugation reaction via
grafted poly(methacrylic acid) [201] show enhanced cell
adhesion, spreading and growth. Collagen can be deposited
on some surfaces from aqueous solution, for example, by
using dip-pen nanolithography, to form nanoscale patterns
with some control on the assembly for bone tissue growth
[202, 203].
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The direct covalent bonding of biomolecules to chem-
ically inert polymer surfaces such as PE, PTFE, PDMS, is
difficult and surface preactivation, followed by a multistep
bonding procedure is necessary. For example, preactivation
of PTFE by plasma treatment opens a way to a multistep
procedure for peptide immobilization on its surface [204].
Plasma based Ar+ beam treatment of PDMS also opens a
way to its biofunctionalization by a multistep procedure
including acrylic acid (AA) grafting and flexible PEG-spacer
coupling prior to a collagen immobilization by peptide syn-
thesis reaction. AA grafted PDMS surfaces are reacted with
PEG bearing two terminal NH2-groups. A known peptide
synthesis reaction is used for the immobilization of collagen,
type I on the AA grafted and PEG spacer coupled samples.
Surface chemical composition, wettability, topography and
roughness are controlled on every stage of the multistep
procedure by XPS analysis, contact angle measurements
and atom force microscopy (AFM) observations. Collagen
immobilization via flexible spacer improves significantly the
cellular interaction on the scarcely adhesive PDMS surface,
this effect depending on the length of the PEG chain.
This multistep procedure to biofunctionalization of strong
hydrophobic chemically inert polymers has a potential to
be used whenever need arises to control cellular interaction
with the surface, for example cell culture, tissue engineering,
biointegrating biomaterials.

Collagen’s immunogenicity, due to its various biological
functions, limits some applications. Gelatin is a good
alternative for collagen because of absence of antigenity and
easy of handling at high concentrations. Gelatin immobilized
porous scaffolds (by physical entrapment and chemical
cross-linking of the gelatin) show significantly enhanced sur-
face properties for attachment, proliferation and osteoblasts
ECM deposition [205].

Controlled deposition of ultra thin layers of silk and
collagen by exploiting self-assembly can be performed
using modified layer-by-layer techniques. Collagen has been
deposited in ultra thin film format from aqueous solution
based on hydrophobic interactions [206]. In addition, spray
coated and deposited collagen films with entrapped drugs or
cell growth factors have been reported [207]. An all-aqueous,
stepwise deposition process, where control of silk structure
locks in the formation of physical cross-links (β-sheets)
determining the coating stability is the approach of Chen et
al. [208] for silk layer deposition. Layer-by-layer techniques
are widely used to form polymer-layered surfaces/structures
of biologically functionalized coatings. Usually, the primary
driving force in more traditional layer-by-layer assembly
is the electrostatic interactions between oppositely charged
polyelectrolytes that form interpenetrated layers when the
substrate is immersed in an alternating fashion in two
solutions. For collagen and silk, the driving force is primarily
hydrophobic. The nanoscale silk-layered biomaterials are
stable under physiological conditions and support human
bone marrow stem cell adhesion, growth, and differentiation,
and the incorporation of small or large molecules [209].
Since the ultrathin layers are stabilized by β-sheet physical
cross-links, no post processing chemical cross-linking is
required to stabilize the materials and the thin films.

Silk proteins coating onto different biomaterial substrates
for cell culture and tissue engineering applications have
been reported, including poly(D,L-lactic acid) films, two-
and three-dimensional polyurethane scaffolds, and two-
dimensional poly(carbonate-urethane). Methanol treatment
of the silk coatings induces the structural transition to the
β-sheet and stabilizes the coatings [210–213]. Silk fiber
composites have been optimized for surface chemistry and
architecture, seeded with human adult bone marrow derived
mesenhymal stem cells or fibroblasts, and cultivated in vitro
under static or complex mechanical forces in specialized
bioreactors to simulate a knee-like environment [214, 215].

Hyaluronic acid (HA) is nonsulfated glycosoaminegly-
can that is a major substance of the gel-like component
in the extra-cellular matrix of connective tissues. HA is
capable of specific cell interaction via the CD44 receptor,
which promotes wound healing and induces chondrogenesis.
Therefore, HA has been chemically and physically incor-
porated into various tissue engineering scaffold matrices.
HA modified chitosan-gelatin composite scaffolds increase
the adhesion of fibroblasts [216] and HA modified PLGA
scaffolds support the growth of chondrocytes with mainte-
nance of its original phenotype, showing great potential for
cartilage tissue engineering [217].

The sugar galactose has been utilized in scaffolds for
liver tissue engineering. Porous scaffolds immobilized with
galactose demonstrate improved hepatocyte attachment,
viability and metabolic functions such as release of lactate
dehydrogenase (LDH), albumin secretion and urea synthesis.
Perfusion culture of hepatocytes with galactose-derivatized
PLGA scaffolds further improves viability and functional
activity of the cells [218, 219].

Immobilization of short chain peptide derivatives from
the cell adhesive proteins onto the polymer surface can be a
much more effective strategy rather than immobilization of
whole protein. The surface immobilization of short peptides
has several advantages: higher stability against conforma-
tional change, easy controllability of surface density and
orientation, more favorable for ligand-receptor interaction
and cell adhesion [220–222]. A blend mixture of PLGA and
amine-end-functionalized PLGA has been used to fabricate
scaffolds allowing surface immobilization of the peptide.
Porous PGLA scaffolds exposing functional end groups
toward the aqueous medium have been prepared by a gas
foaming/salt leaching method, followed by immobilization
of GRGDY onto the surface oriented functional groups via
a bi-functional cross-linking agent. It has been demon-
strated that seeding and cultivation of bone marrow steam
cells within GRGDY modified scaffolds lead to enhanced
cell adhesion and differentiation into osteoblast-like cells.
The same immobilization method has been applied in
electrospinning process to fabricate RGD modified PLGA
nanofibers [223].

Peptides can also be attached to the surface of silica-based
scaffolds by adsorption (hydrogen bonding) or by covalent
bonding to create functionalized nanoporous surfaces. Pro-
tein attachment is assisted by the large concentration of OH
groups (Si-OH) on the surface of sol-gel derived inorganic
materials. Certain proteins may not be attached to simple
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OH-groups; however the OH-group-covered glass surface
can be functionalized with other organic groups that are
tailored for specific protein attachment, such as amines (via
aminepropylthriethoxy silane, APTS) [224, 225].

Many peptide sequences involved in cellular interactions
by receptor binding have been identified, including RGD,
IKVAV and YIGSR [226]. Among these, the RGD sequence,
which was first discovered in fibronectin, is probably one of
the best known for use in tissue engineering applications.
Immobilization of RGD onto 3D matrices improves their
cell adhesive properties. RGD, along with other short peptide
sequences such as IKVAV, YIGSR, RNAIAEIIKDI from
laminin and HAV from N-cadherin, have been enzymatically
incorporated into fibrin matrices to enhance neuritis exten-
sion [227, 228].

Smaller biologically active molecules, for example pep-
tides, containing recognizable by cell receptors amino-acid
sequences, can be also employed in the design of surfaces
with improved cell attachment [229]. Arg-Gly-Asp (RGD)
sequence, that is a peptide fragment presented in many cell
adhesive proteins and bonding to the integrin receptors of
different type cells, is the most intensively studied [230]. Sim-
ilar peptide fragments have been immobilized onto the PTFE
[231], poly(acrylamide) [232], poly(urethanes) [233, 234],
poly(carbonate urethane), PEG [235], and other substrates.
RGD-sequences adding induce cell adhesion and assists cell
spreading and focal adhesion contacts formation on the
otherwise nonadhesive polymers [236–238]. RGD coupling
and plasma treatment have a significant influence on the
mechanical strength of the yarns as well as cell responses in
terms of adherence, proliferation, and differentiation [239].
To improve the endothelial cells adhesion and growth onto
the surface of PEG modified poly(urethane), Lin et al. [240]
graft the cell adhesive peptide Gly-Arg-Gly-Asp (GRGD)
photo chemically. The improvement of cell growth appears
to be depending on the density of GRGD grafting.

Be Bartolo et al. [241] modify the surface of
poly(etherimid sulphone) membrane to mimic the outside
cell environment, that is able to cause specific interac-
tions with hepatocytes and hence the cell adhesion and
organisation. They perform plasma deposition of acrylic
acid followed by covalent immobilisation of RGD peptide
via hydrophilic flexible spacer (linear diamino-PEG). The
last one bonds covalently with one of its amino-groups to
carboxyl group on the surface and with the other amino-
group forms peptide bond with carboxyl group of the RGD
peptide.

Human tissues such as connective, bone, and cardiac
are working under mechanical loading and stress in vivo.
Lateef et al. have aimed at an increase of the different cell
types adhesion to poly(siloxane) surface at in vitro dynamic
bending. Therefore they have developed surface modification
method, based on a polysiloxane membrane water plasma
treatment for 3-aminopropyl-three-ethoxy silane bonding
and the aminosilane to be utilized for covalent GRGDSP-
peptide sequence immobilization to the amino-groups by
maleinimid cross-linker. Cardiac myoblasts demonstrate
improved adhesion to such peptide-coupled membranes
[242]. RGD immobilized plasma pretreated PLA scaffolds

have demonstrated not only improved adhesion of osteoblast
cells but also supported growth and differentiation and
enhanced mineralization and formation of bone-like tissues
[243, 244].

The natural environment for most cells is tissue extra
cellular matrix, which is generally a type of hydrogel. Hydro-
gels are therefore potential materials for tissue engineering.
The surface of hydrogels can be modified to tailor them
to specific cell types. For example, the attachment of two
extra cellular matrix protein sequences (Arg-Cly-Asp and
Pro-His-Ser-Arg-Asn) to PEG hydrogel has been shown
to increase osteoblasts cell function and also to decrease
extracellular matrix production [245]. The immobilization
of other biological molecules, like poly- and oligosaccharides
or glycolipids also influences not only the cell attachment but
also their function [246].

Chemo-selective legation is a more recent approach to
chemical modification of biomaterial surfaces that involves a
selective covalent coupling of unique and mutually reactive
functional groups under mild conditions. Selected pears
of groups are used to couple biomimetic peptides and
other bioactive molecules to material surfaces via stable
bonds without the needs of activating agent or interfering
with other functional groups [247]. These reactions are
highly chemoselective and behave like molecular “Velcro”
[248]. The high efficiency and selectivity of the amino-oxy-
aldehyde coupling reaction has been successfully demon-
strated by attaching a variety of substances to proteins
and immobilizing amino-oxy terminated RGD cyclopeptides
to substrate surfaces [249, 250]. The oxime ligatation is
compatible with most standard amino acid residues and the
oxime bond is known to be reasonably stable both in vitro
and in vivo.

Another approach to generate biomimetically-enhanced
environment is to recreate the topographical context of
native ECM through engineered three-dimensional nanofi-
brous matrices. The well-established, polymer-based pro-
cessing method of electro-spinning and thermally induced
phase separation, and protein self-assembly are all used to
generate nanofibrous metrices [251–253]. Surface functional
groups can be introduced in this case also by chemical
treatments, such as alkaline hydrolysis, aminolysis, and
oxidation/reduction reactions, silanation, chlorination, acy-
lation, and quaternisation reactions.

Mata et al. [254] prepare micro textured PDMS surfaces
to study the behavior of human bone connective tissue pro-
genitor cells. Nanostructured poly(hydroxy-methyl siloxane)
surfaces have been prepared by plasma treatment or low-
energy ion beam to study the adhesion and proliferation of
both, peritrocites and endothelial cells. It is supposed that
the biomaterial surface properties can mediate and modulate
the cell/surface adhesion via stereo-specific chemical inter-
actions and/or electrostatic repulsion that can explain the
different behavior of the peritrocites and the epithelial cells
[255].

Polymeric scaffolds could be designed to function more
actively in tissue remodeling and regeneration by growth
factors incorporation. Heparin modification has been inten-
sively studied for growth factor releasing matrices in tissue
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engineering. Heparin is a highly sulfated glycosoamino-
glycan (GAG) constituting the extracellular matrix known
for its specific interaction with various angiogenic growth
factors [256]. Heparin binding preserve the stability and
biological activity of the growth factors. A wide variety
of scaffold matrices, including nanofibers, prepared from
collagen, fibrin, chitosan, alginate, PLA and PLGA, have been
immobilized with heparin to achieve sustained release of
growth factors [257–262]. Growth factors can be incorpo-
rated into the scaffold matrix either by bulk encapsulation,
specific or nonspecific surface adsorption and adding micro-
spheres encapsulating them.

The formation of blood vessels, providing facile trans-
port of oxygen and nutrients is essential for the survival of
growing tissue or organ in the tissue engineering [263]. Vari-
ous angiogenetic growth factors, such as vascular endothelial
growth factor (VEGF), acidic or basic fibroblast growth
factor (aFGF, bFGF), angiopoietin, and platelet-derived
growth factor (PDGF), have been incorporated into 3D
matrices. However, serious problems reside in maintaining
structural integrity and bioactivity of the protein at the direct
encapsulation [264]. Simple physical adsorption of growth
factors on the surface of scaffolds could partially solve this
problem [265]. Porous poly(lactic acid) (PLA) sponges have
been surface coated with bFGF. Engraftment of hepatocytes
followed by implantation has resulted in improved blood
vessel in-growth with increasing the extent of cell survival.
However, the physical adsorption method failed to induce
angiogenesis when implanted, due to lack of long-term
sustained release effects at the local tissue side. To achieve
sustained release of angiogenic growth factors from the
scaffold, heparin immobilized scaffolds have been prepared
which can interact with heparin-binding angiogenic growth
factors, including VEGF and bFGF with specific binding
affinity [266–268].

Yoon et al. [269] fabricated macroporous PLGA scaffolds
using blending mixture of PLGA and NH2-PEG-PLGA to
generate surface amine groups for heparin immobilization.
bFGF binding and release studies showed that bFGF sus-
tained release while retaining its bioactivity as determined
by proliferation of endothelial cells in vitro. When bFGF
loaded heparin modified scaffolds have been implanted in
vivo, significantly enhanced neovascularization has been
observed. Heparin immobilized microspheres also release
out bioactive bFGF in a sustained manner and exhibit
pronounced angiogenic effect in an animal model [270, 271].

Porous scaffolds for bone and cartilage regeneration
can be further enhanced by altering the surface properties
through covalent coupling of cell growth factors. Cova-
lently couplet protein gradients within three-dimensional
fibrous scaffolds are crucial for generation of the gradient
futures required in the formation of more complex skeletal
tissues, such as osteohondral systems [272]. The majority
of currently used implant materials in orthopedics lacks
osteoconductivity. A number of surface modification tech-
niques (hydrothermal-electrochemical deposition, plasma
spraying, ion beam assisted deposition, and biomimetic
deposition) have been employed to solve this problem.
Furthermore, biomimetic processes have been also employed

to render nonbioactive polymer tissue engineering scaffolds
osteoconductive [273].

Stimuli (physical-, chemical- or biological)-responsive
biomaterials creation is one of the latest directions. For
example, the polymer hydrogels may be induced to swell or
shrink in response to a variety of environmental stimuli, such
as changes in pH or temperature, or the presence of a specific
chemical substrate. When hydrogels swell or shrink, complex
patterns may be generated on their surface. The character of
gel surface can be modified by selectively depositing another
material using a mask, for example, deposition of small areas
of N-isopropylacrylamide (NIPA) gels on the surface of an
acrylamide gel [274]. Ebara et al. [275] create PDMS micro
channel system with stimuli responsive surface grafting
poly(N-isopropylacryl amide) (PNIPA) onto the photoini-
tiator preadsorbed channel walls. The grafting density and
the corresponding reversible hydrophilic/hydrophobic prop-
erties (water contact angle of about 35◦ below the critical
solution temperature and of 82◦ above it) are controlled
by varying the UV irradiation time and the photoinitiator
amount. Stoica et al. [276] present new synthetic rout to
couple selectively a modified octa-peptide, that is able to
gel at low temperature, to the prototypical thermoresponsive
poly(N-isopropylacryl amide) to give bioconjugate that
exhibits double thermoresponsiveness.

8. Summary and Future Outlook

Polymeric biomaterials with controlled protein adsorption
and cellular interactions are currently of extremely increasing
interest, mainly because of their potential for applications in
the regenerative medicine and tissue engineering. Repairing
or replacing of damaged tissues or organs requires bio-
compatible materials that emulate living tissues. A future
challenge is to modify biomaterials used for this purpose
in a way that they imitate in their composition and/or
structure the native physiological conditions for the tissue
specific cells. Surface engineering plays an important role in
the development of such biomaterials. Enormous research
activity is focused now on the delivering of new and
improved biomimetic biomaterials.

The level of biological complexity that needs to be
recapitulated within a synthetic three-dimensional envi-
ronment is still uncertain and further understanding of
the interactions occurring at cell surface/substrate interface
requires. It is likely that biofunctionalization strategies will
continue to play a key role because they integrate micron-
and nanoscale features into designed scaffolds better.

Development of stimuli-responsive polymeric biomate-
rials is expected to enable feedback-controlled scaffold struc-
tures for tissue engineering. Having a built-in adaptation
of physical properties, such as elasticity or permeability, for
example, similar synthetic polymer architectures will come
closer to dynamic nature of the living matter.

The development of new strategies to creation of surface
engineered biomaterials with improved biocontact proper-
ties (providing a biomimetic microenvironment conductive
to cell adhesion, proliferation, differentiation, and host tissue
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integration) requires a more in-depth investigation on the
mechanisms of protein adsorption and reorganization, as
well as of the bioadhesion and cell/biomaterial and cell/extra
cellular matrix interactions, cell signaling and cell growth
biology.
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Luna, “Sequential formation of covalently bonded hydrogel
multilayers through surface initiated photopolymerization,”
Biomaterials, vol. 27, no. 8, pp. 1209–1215, 2006.

[58] Y. Ito, H. Hasuda, M. Sakuragi, and S. Tsuzuki, “Surface
modification of plastic, glass and titanium by photoimmo-
bilization of polyethylene glycol for antibiofouling,” Acta
Biomaterialia, vol. 3, no. 6, pp. 1024–1032, 2007.
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Peripheral nerve regeneration is a complicated and long-term medical challenge that requires suitable guides for bridging nerve
injury gaps and restoring nerve functions. Many natural and synthetic polymers have been used to fabricate nerve conduits as
well as luminal fillers for achieving desired nerve regenerative functions. It is important to understand the intrinsic properties of
these polymers and techniques that have been used for fabricating nerve conduits. Previously extensive reviews have been focused
on the biological functions and in vivo performance of polymeric nerve conduits. In this paper, we emphasize on the structures,
thermal and mechanical properties of these naturally derived synthetic polymers, and their fabrication methods. These aspects are
critical for the performance of fabricated nerve conduits. By learning from the existing candidates, we can advance the strategies
for designing novel polymeric systems with better properties for nerve regeneration.

1. Introduction

Peripheral nerve injury is a serious health problem that
affects 2.8% of trauma patients annually [1]. There are
around 360,000 cases of upper extremity paralytic syndromes
in the United States and more than 300,000 peripheral
nerve injuries in Europe on an annual basis [2]. These
cases can potentially lead to lifelong disabilities although
peripheral nerves exhibit the capacity of self-regeneration
for less severe injury. Researchers have developed various
strategies for better recovery of nerve functions. End-to-end
suturing is one effective method for short nerve gaps whereas
tubular structures are necessary for bridging longer gaps [3].
Autologous nerve grafts are considered as “gold standard”
for bridging long gaps, but they suffer from limited tissue
availability, donor site morbidity, and potential mismatch of
tissue structure and size [1–3].

Therefore, various bioengineered nerve grafts have been
developed from polymeric materials that have well-tailored
properties and dimensions to meet the requirements for
peripheral nerve regeneration. These materials range from
naturally derived polymers to conventional nondegradable
and biodegradable synthetic polymers. Generally, an ideal
nerve guide should be non-cytotoxic, highly permeable,
and sufficiently flexible with suitable degradation rate and
products to provide guidance for regenerative axons and to

minimize swelling and inflammatory responses [4]. Inner
luminal fillers, offering larger surface area and platform
for incorporating bioactive substances, are often used to
improve the performance of nerve conduits. The required
properties of both tubes and fillers are highly dependent
on the intrinsic characteristics of these materials, such
as the chemical structure and molecular weight, as well
as the fabrication method for making them [5–7]. The
polymers for fabricating tubes and their physical properties
and manufacturing techniques are summarized in Table 1.
Although these materials should have complete information
about their molecular characteristics and properties, we only
list the information found in the references.

Because of the importance of this topic, there exist a
number of review articles on guided nerve regeneration
using polymeric materials for constructing nerve conduits
and luminal fillers [1–24]. Instead of elaborating on their
biocompatibility and in vivo regenerative performance, this
paper is to focus on the intrinsic properties of these
polymeric materials and their specific fabrication techniques.
We provide readers with the knowledge about these poly-
meric biomaterials and fabrication methods that have been
investigated for peripheral nerve regeneration, as well as the
material design strategies that can be used to control the
physical properties and regenerative functions of synthetic
nerve conduits.



2 International Journal of Polymer Science

T
a

bl
e

1:
Su

m
m

ar
y

of
po

ly
m

er
s

u
se

d
fo

r
fa

br
ic

at
in

g
n

er
ve

co
n

du
it

s.

M
at

er
ia

l
C

h
em

ic
al

st
ru

ct
u

re
T
g

(◦
C

)
T
m

(◦
C

)
M

ol
ec

u
la

r
w

ei
gh

t
(g

/m
ol

),
in

tr
in

si
c

vi
sc

os
it

y
[η

],
an

d
co

m
po

si
ti

on
[r

ef
er

en
ce

(s
)]

Fa
br

ic
at

io
n

m
et

h
od

[r
ef

er
en

ce
(s

)]
M

ec
h

an
ic

al
pr

op
er

ti
es

[r
ef

er
en

ce
(s

)]

A
lg

in
at

e/
C

h
it

os
an

bl
en

d
A

lg
in

at
e:

57
%

m
an

n
u

ro
n

ic
ac

id
;C

h
it

os
an

:8
9%

∗
an

d
91

%
∗

M
an

dr
el

co
at

in
g

[3
1]

0.
38
±

0.
16

N
(p

u
ll-

ou
t

fo
rc

e)
37

±
1,

40
±

4,
an

d
61
±

1
kP

a
(s

h
ea

r
m

od
u

lu
s)

u
n

de
r

n
or

m
al

fo
rc

es
of

3,
10

,a
n

d
30

N

C
h

it
os

an

O
O

O
H

H
O

N
H

2n
20

3

21
0

k,
93

%
∗

D
ip

-c
oa

ti
n

g
[2

5]
22

k,
92

.3
%
∗

In
je

ct
io

n
m

ol
di

n
g

[2
6]

40
0

k,
89

%
∗

In
je

ct
io

n
m

ol
di

n
g

[2
9]

85
%
∗

So
ft

lit
h

og
ra

ph
y

an
d

m
ol

di
n

g
[2

7]

1.
8

M
,8

5.
1%

∗
B

ra
id

in
g

an
d

m
ol

di
n

g
[2

8]

U
n

re
in

fo
rc

ed
p

or
ou

s
co

n
du

it
s:

0.
41
±

0.
17

M
Pa

;
Fi

be
r-

re
in

fo
rc

ed
co

n
du

it
s:

3.
69
±

0.
64

M
Pa

(t
en

si
le

st
re

n
gt

h
)

C
h

it
os

an
/P

LA
bl

en
d

C
h

it
os

an
:2

2
k,

92
.3

%
∗ ;

P
LA

:
46

0
k

M
an

dr
el

co
at

in
g

[3
0]

C
ol

la
ge

n

D
ip

-c
oa

ti
n

g
an

d
cr

os
sl

in
ki

n
g

[3
2,

33
]

In
je

ct
io

n
m

ol
di

n
g

an
d

cr
os

sl
in

ki
n

g
[3

4–
36

]
Fi

be
r

w
in

di
n

g
[3

7]
U

n
id

ir
ec

ti
on

al
fr

ee
zi

n
g

an
d

fr
ee

ze
-d

ry
in

g
[3

8–
40

]

Fi
lm

ro
lli

n
g

an
d

cr
os

sl
in

ki
n

g
[4

1,
42

]

C
ro

ss
lin

ke
d:

32
.6
±

0.
6

or
22

.5
±

0.
7

kP
a;

U
n

cr
os

sl
in

ke
d:

16
.7
±

0.
7

kP
a.

(t
en

si
le

m
od

u
lu

s)
[4

2]

C
ol

la
ge

n
/C

h
it

os
an

bl
en

d

U
n

id
ir

ec
ti

on
al

fr
ee

zi
n

g
an

d
fr

ee
ze

-d
ry

in
g

[4
3]

C
h

it
os

an
:1

50
k,

96
.7

%
∗ ,

C
ol

la
ge

n
:C

h
it

os
an

=
4

:1
87
±

7
kP

a
(t

en
si

le
m

od
u

lu
s)

C
ol

la
ge

n
:C

h
it

os
an

=
3:

1
Fr

ee
ze

-d
ry

in
g

an
d

st
ea

m
-e

xt
ru

si
on

[4
4]

32
6
±

11
kP

a
(t

en
si

le
m

od
u

lu
s)

C
ol

la
ge

n
:C

h
it

os
an

=
4:

3
88

6
±

3
kP

a
(t

en
si

le
m

od
u

lu
s)

G
el

at
in

bl
oo

m
n

u
m

be
r:

30
0

In
je

ct
io

n
m

ol
di

n
g

an
d

cr
os

sl
in

ki
n

g
[4

5–
47

]

Po
ro

u
s:

0.
94
±

0.
22

M
Pa

;
N

on
po

ro
u

s:
7.

25
±

4.
1

M
Pa

(t
en

si
le

st
re

ss
)

[4
6]

D
ip

co
at

in
g

an
d

cr
os

sl
in

ki
n

g
[4

8–
50

]



International Journal of Polymer Science 3

T
a

bl
e

1:
C

on
ti

n
u

ed
.

M
at

er
ia

l
C

h
em

ic
al

st
ru

ct
u

re
T
g

(◦
C

)
T
m

(◦
C

)
M

ol
ec

u
la

r
w

ei
gh

t
(g

/m
ol

),
in

tr
in

si
c

vi
sc

os
it

y
[η

],
an

d
co

m
po

si
ti

on
[r

ef
er

en
ce

(s
)]

Fa
br

ic
at

io
n

m
et

h
od

[r
ef

er
en

ce
(s

)]
M

ec
h

an
ic

al
pr

op
er

ti
es

[r
ef

er
en

ce
(s

)]

C
in

n
am

oy
lH

A
O

O
O

O

O

O

O

N
H

H
O

O
H

O
H

n

H
A

H
O

In
je

ct
io

n
m

ol
di

n
g

an
d

ph
ot

o-
cr

os
sl

in
ki

n
g

[5
2]

H
ya

ff
B

ra
id

in
g

[5
4]

SF
In

je
ct

io
n

m
ol

di
n

g
[5

5]

D
ry

co
n

di
ti

on
:1

0.
9
±

0.
3

M
Pa

(m
ax

im
u

m
fr

ac
tu

re
st

re
n

gt
h

),
27

.7
±

0.
8

g
(c

om
pr

es
si

ve
st

re
n

gt
h

);
W

et
co

n
di

ti
on

:5
.5
±

0.
4

M
Pa

(m
ax

im
u

m
fr

ac
tu

re
st

re
n

gt
h

),
2.

5
±

0.
5

g
(c

om
pr

es
si

ve
st

re
n

gt
h

).
E

le
ct

ro
sp

in
n

in
g

an
d

fi
lm

ro
lli

n
g

[5
6]

PA
N

-P
V

C

C
l

C
N

n
m
 

W
et

-p
h

as
e

in
ve

rs
io

n
[5

7,
58

]

P
D

M
S

or
si

lic
on

e
n

O
O

Si
Si

Si
C

om
m

er
ci

al
ly

av
ai

la
bl

e
[5

9–
63

]

P
E

n
C

om
m

er
ci

al
ly

av
ai

la
bl

e
[6

4,
65

]

P
H

E
M

A
-M

M
A

O

O

O
n

m

O
H

M
eO

C
en

tr
if

u
ge

ca
st

in
g

an
d

cr
os

sl
in

ki
n

g
[6

6–
73

]

17
7
±

26
kP

a,
31

1
±

51
kP

a
(t

en
si

le
m

od
u

lu
s)

[7
1]

26
3
±

13
kP

a
(t

en
si

le
m

od
u

lu
s)

[7
3]

P
P

y

NH

N H
n

E
le

ct
ro

-p
la

ti
n

g
an

d
m

ol
di

n
g

[7
4]

P
C

D
O

O
O

O

O
m

n
[η

]
=

2.
09

dL
/g

,P
C

L:
P

D
O

=
95

:5
In

je
ct

io
n

m
ol

di
n

g
[7

5]

P
C

L
O

O
n

∼
−6

0
∼6

0
65

k
[7

6]
D

ip
co

at
in

g
[7

6,
77

]
B

ra
id

in
g

[7
8]

80
k

M
el

t
ex

tr
u

si
on

[7
9]

W
ir

e
m

es
h

an
d

m
an

dr
el

co
at

in
g

[8
0]

20
6–

34
5

M
Pa

(t
en

si
le

m
od

u
lu

s)
20

–3
4

M
Pa

(t
en

si
le

st
re

n
gt

h
)

P
C

L/
C

u
lt

iS
ph

er
W

ir
e

m
es

h
an

d
m

an
dr

el
co

at
in

g
[8

0]
0.

13
±

0.
1

M
Pa

(t
en

si
le

m
od

u
lu

s)
0.

51
±

0.
3

M
Pa

(t
en

si
le

st
re

n
gt

h
)



4 International Journal of Polymer Science

T
a

bl
e

1:
C

on
ti

n
u

ed
.

M
at

er
ia

l
C

h
em

ic
al

st
ru

ct
u

re
T
g

(◦
C

)
T
m

(◦
C

)
M

ol
ec

u
la

r
w

ei
gh

t
(g

/m
ol

),
in

tr
in

si
c

vi
sc

os
it

y
[η

],
an

d
co

m
po

si
ti

on
[r

ef
er

en
ce

(s
)]

Fa
br

ic
at

io
n

m
et

h
od

[r
ef

er
en

ce
(s

)]
M

ec
h

an
ic

al
pr

op
er

ti
es

[r
ef

er
en

ce
(s

)]

P
C

L
/g

el
at

in
an

d
P

C
L

/P
L

L
gr

af
te

d
ge

la
ti

n

P
C

L:
80

k;
ge

la
ti

n
:b

lo
om

n
u

m
be

r
30

0;
FI

T
C

-l
ab

el
ed

P
LL

:3
0–

70
k;

P
LL

br
om

id
e:

15
0–

30
0

k

M
el

t
ex

tr
u

si
on

an
d

in
n

er
su

rf
ac

e
tr

ea
tm

en
t

[7
9]

P
C

LA
O

O

O
O

O
n

O

O
O

O

n

∼
−6

0
39

3.
5

k
In

je
ct

io
n

m
ol

di
n

g
an

d
ph

ot
o-

cr
os

sl
in

ki
n

g
[8

1]
70

.0
±

31
.1

M
Pa

(t
en

si
le

m
od

u
lu

s
at

37
◦ C

)

P
C

L
F

O

O

O

O
n

P
C

L

∼
−5

9
42

9
k

In
je

ct
io

n
m

ol
di

n
g

an
d

ph
ot

o-
cr

os
sl

in
ki

n
g

[8
2–

84
]

13
8
±

17
M

Pa
(t

en
si

le
m

od
u

lu
s)

0.
42
±

0.
03

N
(p

u
ll-

ou
t

fo
rc

e)
73

.4
±

12
.7

M
Pa

(fl
ex

u
ra

l
m

od
u

lu
s)

P
D

LL
A

O
n

O

46
.7

k
[8

5]
D

ip
co

at
in

g
[6

5,
85

,8
6]

P
D

LL
C

O
O

O

O
n

m

LA
:C

L
=

50
:5

0;
l:

d
in

LA
=

85
:1

5
D

ip
co

at
in

g
[8

7]

LA
:C

L
=

80
:2

0
In

k-
je

t
m

ic
ro

di
sp

en
si

n
g

[8
8]

P
D

O
O

O

O

n
−1

6
11

0
[η

]
=

1.
89

dL
/g

In
je

ct
io

n
m

ol
di

n
g

[7
5]

P
G

A
O

O

n
45

–5
0

[8
9]

22
5–

23
5

[8
9]

15
0

k
B

ra
id

in
g

an
d

di
p-

co
at

in
g

w
it

h
co

lla
ge

n
[9

0–
94

]

P
G

C

O
O

O

O
n

m
[η

]
=

1.
63

dL
/g

,
G

A
:C

L
=

65
:3

5
In

je
ct

io
n

m
ol

di
n

g
[7

5]

P
G

S

O
O

O
O

m
n

O
R

5.
23

,
37

.6
2

[9
5]

In
je

ct
io

n
m

ol
di

n
g

an
d

cr
os

sl
in

ki
n

g
[9

5,
96

]
0.

28
M

Pa
(t

en
si

le
m

od
u

lu
s)
>

0.
5

M
Pa

(t
en

si
le

st
re

n
gt

h
)

P
H

B
H

H

O

O

O
H

H
3

C

n

Fi
lm

ro
lli

n
g

[9
7,

98
]

C
om

m
er

ci
al

ly
av

ai
la

bl
e

[9
9]

P
H

B
H

H
x

H
O

O
H

n
O

O
H

m
O

H

H
3

C
C

3
H

7

D
ip

co
at

in
g

an
d

le
ac

h
in

g
[1

00
]

C
on

du
it

s
w

it
h

n
on

-u
n

if
or

m
w

al
l

po
ro

si
ty

:2
.2

9
±

0.
37

M
Pa

,w
it

h
u

n
if

or
m

w
al

lp
or

os
it

y:
0.

94
±

0.
19

M
Pa

(w
et

st
at

e
te

n
si

le
st

re
ss

)



International Journal of Polymer Science 5

T
a

bl
e

1:
C

on
ti

n
u

ed
.

M
at

er
ia

l
C

h
em

ic
al

st
ru

ct
u

re
T
g

(◦
C

)
T
m

(◦
C

)
M

ol
ec

u
la

r
w

ei
gh

t
(g

/m
ol

),
in

tr
in

si
c

vi
sc

os
it

y
[η

],
an

d
co

m
po

si
ti

on
[r

ef
er

en
ce

(s
)]

Fa
br

ic
at

io
n

m
et

h
od

[r
ef

er
en

ce
(s

)]
M

ec
h

an
ic

al
pr

op
er

ti
es

[r
ef

er
en

ce
(s

)]

P
H

B
V

/P
(l

-d
,l

)L
A

/P
LG

A
bl

en
d

O

O
H

n
O

O
H

m

C
2

H
5

C
H

3

P
H

B
V

P
H

B
V

:9
5%

P
H

B
;

P
(l

-d
,l

)L
A

:P
LL

A
:P

(d
,l

)L
A
=

70
:3

0,
[η

]
=

5.
5–

6.
5

g/
dL

;
P

LG
A

:5
0

:5
0+

,[
η

]
=

0.
32

–0
.4

4
g/

dL

So
lv

en
t

ca
st

in
g

fr
om

m
ic

ro
pa

tt
er

n
ed

si
lic

on
te

m
pl

at
es

an
d

th
en

fi
lm

ro
lli

n
g

on
el

ec
tr

os
pu

n
m

at
[1

01
]

So
lid

fi
lm

:1
.0

5
±

0.
23

M
Pa

,
Po

ro
u

s
fi

lm
:0

.0
8
±

0.
02

M
Pa

(t
en

si
le

m
od

u
lu

s)

O

O

n
O

O
m

P
(L

-D
,L

)L
A

O
O

O
O

n
m

P
LG

A

P
LC

O
O

O

O
n

m

C
H

3

60
13

4
[η

]
=

1.
58

dL
/g

,L
A

:C
L
=

60
:4

0
In

je
ct

io
n

m
ol

di
n

g
[7

5]

P
LG

A

O

O

O

O
n

m

11
3

k,
75

:2
5+

,5
2

k,
50

:5
0+

,
P

lu
ro

n
ic

F1
27

(E
G

99
P

G
65

E
G

99
,1

2.
5

k)
ad

de
d.

Im
m

er
si

on
pr

ec
ip

it
at

io
n

[1
02

,1
03

]

[η
]
=

0.
5–

0.
79

dL
/g

,5
0

:5
0+

;
[η

]
=

1.
2–

1.
59

dL
/g

,9
0

:1
0+

[1
04

]5
1.

9
k,

[η
]
=

0.
9–

1.
2

dL
/g

,8
5

:1
5+

[1
05

]

D
ip

co
at

in
g

an
d

im
m

er
si

on
pr

ec
ip

it
at

io
n

[1
04

,1
05

]

[η
]
=

0.
2

dL
/g

,5
0

:5
0+

W
et

ph
as

e
in

ve
rs

io
n

[1
06

]

94
k,

85
:1

5+
[1

07
]

12
2

k,
75

:2
5+

[1
08

]
58

.8
k,

50
:5

0+
;

92
k,

75
:2

5+
;1

20
k,

85
:1

5+

[1
09

]
75

k,
85

:1
5+

[1
10

]
80

–1
20

k,
11

–2
4

k,
75

:2
5+

[1
11

]1
36

k,
85

:1
5+

[1
12

,1
13

]

In
je

ct
io

n
m

ol
di

n
g

[1
07

–1
13

]

7-
ch

an
n

el
,p

or
os

it
y

of
78

.6
%

:0
.8

±
0.

2
kP

a;
7-

ch
an

n
el

,p
or

os
it

y
of

78
.6

%
:5

10
±

13
0

kP
a

(c
om

pr
es

si
on

m
od

u
lu

s)
[1

08
]P

or
ou

s
m

u
lt

ip
le

lu
m

en
co

n
du

it
s

u
si

n
g

80
–1

20
K

(p
or

og
en

:p
ol

ym
er

=
12

:1
):

13
4

kP
a

(c
om

pr
es

si
on

m
od

u
lu

s)
[1

11
]

37
.4

k,
75

:2
5+

E
xt

ru
si

on
[1

14
]

Po
ro

u
s

co
n

du
it

s:
∼8

M
Pa

(t
en

si
le

m
od

u
lu

s)

10
0

k,
10

:9
0+

E
le

ct
ro

sp
in

n
in

g
[1

15
]

10
:9

0+
M

ic
ro

br
ai

di
n

g
[1

16
]

64
.7

k,
85

:1
5+

D
ip

co
at

in
g

[1
17

]



6 International Journal of Polymer Science
T

a
bl

e
1:

C
on

ti
n

u
ed

.

M
at

er
ia

l
C

h
em

ic
al

st
ru

ct
u

re
T
g

(◦
C

)
T
m

(◦
C

)
M

ol
ec

u
la

r
w

ei
gh

t
(g

/m
ol

),
in

tr
in

si
c

vi
sc

os
it

y
[η

],
an

d
co

m
po

si
ti

on
[r

ef
er

en
ce

(s
)]

Fa
br

ic
at

io
n

m
et

h
od

[r
ef

er
en

ce
(s

)]
M

ec
h

an
ic

al
pr

op
er

ti
es

[r
ef

er
en

ce
(s

)]

P
LG

A
/g

el
at

in
bl

en
d

M
ol

di
n

g
[1

18
]

C
om

po
si

ti
on

de
pe

n
de

n
t:

∼0
.2

5–
∼3

.7
5

M
Pa

(t
en

si
le

st
re

n
gt

h
)

P
LG

C
O

O

O

O

O

O

n
m

l
30

0
k,

LA
:G

A
:C

L
=

75
:8

:1
Fi

lm
ro

lli
n

g
[1

19
]

P
LL

A
O

O

x

C
H

3

55
–6

0
17

0–
17

5

46
.5

k
E

xt
ru

si
on

[1
14

]
Po

ro
u

s
co

n
du

it
s:
∼8

0
M

Pa
(t

en
si

le
m

od
u

lu
s)

B
ra

id
in

g
[1

20
]

46
.5

k
[1

21
]

So
lv

en
t

ca
st

in
g,

ex
tr

u
si

on
,a

n
d

pa
rt

ic
u

la
te

le
ac

h
in

g
[1

21
,1

22
]

81
.7
±

35
.1

M
Pa

(t
en

si
le

st
re

n
gt

h
),

1.
0
±

0.
4

M
Pa

(t
en

si
le

m
od

u
lu

s)
[1

21
]

Fu
se

d
de

po
si

ti
on

[8
9]

10
0

k
[1

17
]

D
ip

co
at

in
g

[1
17

,1
23

]

P
LL

A
an

d
P

G
A

13
0

k
[9

4]
B

ra
id

in
g

an
d

di
p

co
at

in
g

w
it

h
co

lla
ge

n
[9

4]

P
LL

A
-P

E
G

-M
A

O
O

O
O

O

O

n
m

O
lO

C
H

3

C
H

3

C
H

3

C
H

2

C
H

2

H
3

C

LL
A

:P
E

G
=

2
:1

an
d

4
:1

C
en

tr
if

u
ge

ca
st

in
g

an
d

cr
os

sl
in

ki
n

g
[1

24
]

P
P

E
,o

r
P

(B
H

E
T

-E
O

P
/T

C
)

O
O

O
O

O
O

O

O
O

O
O

O

O
O

P O
C

H
2

C
H

3

y
x

14
.9

k
an

d
18

.9
k,

E
O

P
/T

C
=

80
:2

0,
x

:y
=

4
:1

D
ip

co
at

in
g

[1
25

–1
27

]

P
P

F-
P

C
L

O
O

O

O

O
n

O

m

−5
7

17
.1

29
k,

P
P

F:
P

C
L
=

10
:9

0
In

je
ct

io
n

m
ol

di
n

g
an

d
ph

ot
o-

cr
os

sl
in

ki
n

g
[1

28
]

2.
68
±

0.
05

M
Pa

(t
en

si
le

m
od

u
lu

s)
;s

in
gl

e-
ch

an
n

el
co

n
du

it
s:

52
.0
±

1.
2

M
Pa

(fl
ex

u
ra

lm
od

u
lu

s)
;

se
ve

n
-c

h
an

n
el

co
n

du
it

s:
66

.0
±

3.
7

M
Pa

(fl
ex

u
ra

lm
od

u
lu

s)
;0

.1
1

N
(p

u
ll-

ou
t

fo
rc

e)

P
SU

S
O

O O
n

C
H

3

C
H

3
18

5
C

om
m

er
ci

al
ly

av
ai

la
bl

e
[1

29
–1

31
]

P
T

M
C

-C
L

O
O

O

O
O

n
m

47
T

M
C

:C
L
=

30
:7

0,
[η

]
=

1.
31

dL
/g

D
ip

co
at

in
g

[1
32

,1
33

]

44
T

M
C

:C
L
=

15
:8

5,
[η

]
=

1.
27

dL
/g

P
U

ba
se

d
on

P
E

G
an

d
P

C
L

di
ol

O
N H

N H
O

xO
O

O
y

H
O

(C
H

2
) 4

O
H

11
0

k
D

ip
co

at
in

g
[1

34
]

R
ap

id
pr

ot
ot

yp
in

g
[1

35
]

∼8
–∼

15
M

Pa
(t

en
si

le
st

re
n

gt
h

)

P
U

ba
se

d
on

P
H

B
V

-d
io

l
an

d
P

G
C

-d
io

l
O

O
H

x
y

O

O
NH

N H
H

O

O
H

n
O

O
H

m

H
3

C
C

2
H

3
−3

5
12

0
17

8
k

1.
9

M
Pa

(t
en

si
le

m
od

u
lu

s)
−3

5
12

2
10

5
k

E
xt

ru
si

on
[1

36
]

8.
4

M
Pa

(t
en

si
le

m
od

u
lu

s)
−3

0
12

3
16

0
k

46
M

Pa
(t

en
si

le
m

od
u

lu
s)

∗ D
ea

ce
ty

la
ti

on
de

gr
ee

;+
L

ac
ti

de
:G

ly
co

lid
e

(L
A

:G
A

)
ra

ti
o.



International Journal of Polymer Science 7

2. Tube Materials

2.1. Natural Polymers for Fabricating Nerve Conduits. Natural
polymers utilized for fabricating nerve conduits include chi-
tosan [25–31], collagen [32–44], gelatin [45–50], hyaluronic
acid (HA) [51–54], and silk fibroin (SF) [55, 56]. These nat-
ural polymers offer excellent biocompatibility, support cell
attachment and functions, avoid serious immune response,
provide appropriate signaling to cells without the need
of growth factors and can degrade by naturally occurring
enzymes [5–7, 22]. However, natural polymers generally suf-
fer from batch-to-batch variance and need extensive purifi-
cation and characterization [5–7]. Further, most of them
lack adequate mechanical strength and degrade relatively
fast in vivo [5–7]. Oftentimes natural polymers need to be
chemically modified and crosslinked or blended with other
structural components such as synthetic polymers to meet
the mechanical requirements. Due to their low denaturing
temperature and thermal stability, natural polymers are
usually fabricated via injection molding, dip-coating, and
electrospinning from their solutions at ambient or lower
temperatures [5–7]. Although these fabrication methods are
mentioned in this section, the detailed descriptions will be
elaborated in Section 4.

Chitosan, a copolymer of d-glucosamine and N-acetyl-
d-glucosamine, is a well-known biodegradable polysaccha-
ride obtained from N-deacetylation of chitin, which can be
extracted from the shells of crabs and shrimps [5, 6, 22].
Chitosan has been used to fabricate nerve tubes and scaffolds
because of its excellent biocompatibility and antibacterial
activity [5, 6, 22]. Due to its high glass transition temperature
(Tg) of ∼ 203◦C and relatively low thermal stability, pure
chitosan cannot be melted and is usually processed in solu-
tions. In one study, chitosan was dissolved in trifluoroacetic
acid (TFA) first and added with methylene chloride (MC)
to prepare a solution [25]. This chitosan/TFA/MC solution
was electrospun onto a rotating Steel use Stainless (SUS)
bar to form macro/nanofibrous scaffolds as the inner layer
while chitosan-acetic acid solution is dip-coated on the
SUS bar to form an outer layer [25]. Immobilization of
laminin peptides to these bilayered chitosan tubes was also
achieved [25]. Multichanneled chitosan nerve conduits with
more complex patterned designs and precise dimensions
have been achieved by molding chitosan/acetic acid solution
in polydimethylsiloxane (PDMS) molds prepared through
soft lithography [27]. Chitosan is relatively brittle and can
degrade rapidly in solutions at high temperatures; therefore,
many studies have been conducted to improve the mechani-
cal properties of chitosan scaffolds via crosslinking or blend-
ing with reinforcing fibers or other polymers [26, 28–31].
Chitosan dissolved in acetic acid was injected in a tubular
stainless-steel mold and crosslinked with formaldehyde into
a porous viscous gel [26]. Nerve conduits were formed by
subsequent freeze-drying or lyophilization and inserted with
longitudinally aligned poly (glycolic acid) (PGA) fibers as
luminal fillers [26]. Chitosan tubes prepared using mold
casting were strengthened by over 9 times with braided
chitosan yarns [28]. In another study, reinforcing poly (l-
lactide-co-glycolide) (PLGA) coils were mounted into a mold

before chitosan solution was injected and dried [29]. Poly
(lactic acid) (PLA) was also incorporated with chitosan
in preparing nerve tubes using the dip-coating method to
improve the resistance to tension and compression [30].
Physically crosslinked hydrogel nerve tubes can be formed
by adding alginate aqueous solution into chitosan/acetic acid
solution because these two polysaccharides are oppositely
charged [31].

Collagen is comprised of a group of 28 proteins with a
same triple helical structure as an extended rod stabilized
by hydrogen bonding [5, 6, 23, 24]. Collagen (types I and
III) can be derived from animal tissues such as porcine
skin [32] and bovine deep flexor (Achilles) tendon [33–
35, 42, 44]. As one major form of extracellular matrix (ECM)
protein, collagen provides excellent biocompatibility and
weak antigenic activity [5, 6]. Collagen has been extensively
employed to form both outer tubular structures and central
lumen for nerve regeneration. By crosslinking collagen
between amine groups, the relatively low mechanical prop-
erties of collagen can be circumvented and the structural
stability of fabricated nerve conduits can be achieved. The
crosslinking reagents for collagen include formaldehyde,
glutaraldehyde, and 1-ethyl-3-(3-dimethylaminopropyl)-1-
carbodiimide (EDC)/N-hydroxysuccinimide (NHS) pair for
a zero-length crosslinking method. Among several com-
mercially available nerve guides [5, 32, 36], there exists an
FDA-approved nerve conduit made from crosslinked bovine
collagen (type I). This collagen nerve conduit is known as
NeuraGen (Integra) tube [5, 32, 36]. Besides conventional
injection molding and dip-coating methods for preparing
nerve conduits [32–36], collagen can be extruded in its
water solution and coagulated into filaments [37]. These
collagen filaments can be wound up around a mandrel to
form a tubular structure and also used as longitudinally
aligned luminal fillers [37]. Collagen sponge tubes with
parallel oriented interconnected pores have been achieved
through unidirectional freezing followed by lyophilization
[38–40]. Microwave irradiation was also used to crosslink
collagen and this method is advantageous because potentially
toxic crosslinking agents such as glutaraldehyde can be
avoided [41, 42]. The average tensile modulus of microwave-
crosslinked collagen tubes was enhanced from 16.7 ± 0.7 kPa
for uncrosslinked tubes to 32.6 ± 0.6 kPa [42]. Collagen
was blended with chitosan homogeneously in acidic solu-
tions to fabricate nerve conduits [43, 44], which exhibited
much higher tensile modulus of 886 ± 3 kPa when the
collagen:chitosan ratio was 4 : 3 after crosslinking and freeze-
drying [44].

Gelatin is a biodegradable polymer derived from collagen
by thermal denaturation of chemical and physical degra-
dation. Gelatin has excellent biocompatibility, plasticity,
and adhesiveness. The water solubility of gelatin renders
convenient processing in aqueous solutions but the resulted
products suffer from poor mechanical properties and han-
dling characteristics [5, 6]. Thus, subsequent crosslinking
using proper crosslinking agents is crucial to improve the
chemical and physical characteristics of gelatin for pre-
venting toxicity and fabricating suitable tubular structures
for nerve regeneration [5, 6]. Gelatin tubes are usually
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prepared by injection molding or dip-coating followed by
immersing the mold or mandrel into crosslinking agent
solutions [45–50]. Styrenated gelatin was synthesized and
photopolymerized into nerve conduits and fibers under
visible light irradiation in the presence of camphorquinone
[45]. Other than chemical modification of gelatin, three
commonly used agents, genipin, proanthocyanidin, and
EDC/NHS, can be used to crosslink gelatin via primary
amino groups along the chain backbone [46–50]. The residue
free amino groups are a useful indicator for estimating
the crosslinking density [47, 48]. Crosslinking degree has
been revealed to be crucial in tuning the degradation rate
so as to influence nerve regenerative responses because a
too low crosslinking density results in more degradation
products to evoke more severe foreign body reaction while
a too high crosslinking density impedes the degradation and
causes nerve compression with thickened perineurium and
epineurium [48].

Hyaluronan (HA or hyaluronate) is a high molecular
weight glycosaminoglycan (GAG) that can be found in ECM
of humans [22]. HA demonstrates a unique combination
of advantages including nonimmunogenic, nonadhesive,
bioactive GAG that has been associated with several cellular
processes and axonal ingrowth [22, 51–54]. HA has to be
modified to be crosslinkable for forming three-dimensional
(3D) structures with mechanical strength. HA, conjugated by
cinnamic acid to the carboxyl group using aminopropanol as
a spacer, can be injected into a silicone mold and cured under
ultraviolet (UV) light [51, 52]. Crosslinked HA is so weak
for handling that augmentation of an outer layer made from
another biodegradable material is required for the operation
procedure and during the nerve regeneration period because
the nerve conduits should keep their structure with sufficient
elasticity and flexibility for the fixation to the nerve stumps
[52]. Another crosslinkable HA is glycidyl methacrylate HA
or GMHA [53]. Nerve conduits based on an esterified
hyaluronan derivative (Hyaff) have been prepared from
individually knitted strands and strengthened by coating
a thin layer of the same polymer [54]. Although Hyaff
nerve tubes demonstrated excellent biocompatibility, a quick
degradation, massive ingrowth of cells, and fibrous tissue
formation can possibly hamper the ultimate goal of the tubes
in peripheral nerve repair [54].

SF, a core structure protein derived from natural silk,
can be used as a textile material. SF is also a candidate
biomaterial for nerve regeneration applications [55, 56].
Similar to other naturally derived polymers, SF is also
water soluble with excellent biocompatibility, but it has
a high resilience and a relatively slower degradation rate
[55]. Fabrication method is crucial for achieving desired
properties from SF. Normal injection molding techniques
followed by demolding via lyophilization result in fragile
sheets with weak compressive and tensile properties under
wet conditions [55]. Tubes woven from electro-spun SF
fibers are easily crushed and the degradation is slow in
vivo although they have an improved tensile strength [55].
Tubes with a unique eggshell-like microstructure have been
developed by combining a molded tubular structure with
inner oriented SF filaments [55]. Tubes with this eggshell-like

microstructure have a good compressive strength of 10.9 ±
0.3 MPa at the dry state and a lower value of 5.5 ± 0.4 MPa
at the wet state [55]. Using electro-spinning, SF nanofibers
have been fabricated after blended with poly(ethylene oxide)
(PEO), which helps achieve stable and continuous processing
[56]. SF membranes decorated with SF nanofibers were
hydrated and rolled around a mandrel and glued using
cyanoacrylate glue to form a tube, which was further coated
with PLGA [56].

2.2. Synthetic Polymeric Tubular Materials. Compared with
their naturally derived counterparts, synthetic polymers
have advantages such as unlimited supply and tailorable
properties via varying their chemical structures [12–22].
The ease of copolymerization facilitates the development
of regulating and optimizing material characteristics
such as degradation behavior, mechanical performance,
thermal properties, and wettability [12–22]. These polymers
(Table 1) are generally classified into two categories based
on degradability. Non-biodegradable polymers used in
fabricating nerve conduits include silicone rubber or
PDMS [59–63], polyethylene (PE) [64, 65], polysulfone
(PSU) [129–131], poly(acrylonitrile-co-vinyl chloride)
(PAN-PVC) [57, 58], poly(2-hydroxyethyl methacrylate-
co-methyl methacrylate) (PHEMA-MMA) [66–73], and
polypyrrole (PPy) [74]. Biodegradable polymers used in
fabricating nerve conduits include poly(ε-caprolactone)
(PCL) [76–80], PCL acrylate (PCLA) [81], PCL fumarate
(PCLF) [82–84], polypropylene fumarate-co-PCL (PPF-
PCL) [128], polydioxanone (PDO) [75], PCL-co-PDO
(PCD) [75], PGA [90–94], poly(glycerol sebacate) (PGS)
[95, 96], PLGA [102–118], poly(l-lactic acid) (PLLA)
[89, 114, 117, 120–123], poly(d,l-lactic acid) (PDLLA)
[65, 85, 86], poly(d,l-lactide-co-caprolactone) (PDLLC)
[87, 88], poly(l-lactide-co-caprolactone) (PLC) [75],
poly(glycolide-co-caprolactone) (PGC) [75], poly(lactide-
co-glycolide-co-caprolactone) (PLGC) [119], poly(l-
lactide-co-ethylene glycol) methacrylate (PLLA-PEG-MA)
[124], poly(3-hydroxybutyrate) (PHB) [97–99], poly(3-
hydroxybutyrate-co-3-hydroxyhexanoate) (PHBHHx) [100],
poly(3-hydroxybutyrate-co-3-hydroxyvalerate)/poly(l-lac-
tide-co-d,l-lactide)/PLGA [PHBV/P(l-d,l)LA/PLGA] blend
[101], polyphosphoester (PPE) [125–127], polytrimethylene
carbonate-ε-caprolactone (PTMC-CL) [132, 133], and
polyurethane (PU) [134–136]. Among these polymers,
one of the authors and his colleagues recently developed
injectable and photocrosslinkable PCLA [81], PCLF
[82–84] and PPF-PCL [128], which have well controlled
material properties, slow degradation rates, and nonswelling
characteristics in water. Figure 1 demonstrates nerve
conduits made from crosslinked PCLF before and after
implantation in the rat sciatic nerve for 17 weeks [83].

Nerve guides made from non-biodegradable materials
can lead to chronic nerve compression and may damage
the regenerating nerves [5–7, 15]. Therefore, a secondary
surgery is needed to remove these nondegradable conduits
after nerve regeneration is fulfilled. Silicone rubber tubes are
the earliest and widely used synthetic nerve tubes because
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Figure 1: Polymer nerve conduits made from crosslinked poly (ε-caprolactone) fumarate (PCLF) before (a) and after (b) implantation in
the rat sciatic nerve. (Source: [83], copyright with permission from Elsevier Science).

of their inertness, availability, and flexibility [15, 59–63].
It can be processed directly without the need of a solvent,
which may cause problems such as evaporation and toxicity.
Because silicone nerve conduits are not biodegradable or
permeable for large molecules, they only supply an iso-
lated environment for nerve regeneration [59–63]. Other
commercially available PE or PSU tubes were also used to
evaluate the role of luminal fillers such as gel rod and aligned
filaments or electro-spun fibers in guiding neurite extension
and promoting axon growth in long-gap nerve injuries
[64, 65, 129–131]. Although PHB conduits are normally
prepared using the film rolling method [97, 98], they are also
commercially available [99].

PAN-PVC copolymer was used to fabricate nerve guides
via a wet-phase inversion technique [57, 58]. Semipermeable
membranes can be formed from the polymer solution using
an annular spinneret with deionized water as a liquid
precipitant [57, 58]. Using different starting polymer solu-
tions, various hollow fiber membranes were fabricated with
different wall thicknesses and hydraulic permeabilities [58].
The wall architectures of these membranes were anisotropic
and consisted of a fingerlike macrovoid structure [58].

Poly(2-hydroxyethyl methacrylate) (PHEMA) is an elas-
tic and inert polymer. Hydrogel-based tubular structures
made from PHEMA are too soft to be handled in implan-
tation [66]. A hydrophobic monomer methyl methacrylate
(MMA) was copolymerized with HEMA in the presence
of crosslinking agent ethylene dimethacrylate to obtain
PHEMA-MMA hydrogel with a higher mechanical strength
[66–73]. A biphasic wall structure can be created with
an inner porous sponge-like layer and an outer gel-like
layer because of phase separation during the polymerization
with centrifugal forces [68–73]. Because PHEMA-MMA
nerve conduits are still weak, PCL coils have been used to
further enhance their mechanical strength and prevent tubes
from partial collapse during implantation [72]. Mechanical
stability can be also improved by wrapping small PHEMA-
MMA tubes in an expanded polytetrafluoroethylene (e-
PTFE) membrane [73].

As electrical stimulation has been demonstrated to have a
beneficial effect on axonal regeneration, electrically conduc-
tive nerve conduits are promising for enhancing restoration

of lost nerve function [74]. Nerve conduits made from
PPy could optimally utilize the polymer properties, such
as controllable charge density, erodability, and wettability
[74]. To fabricate 3D PPy structures, PPy monomer has
been oxidized to form a tubular structure on an electrode
while subsequent reduction allowed mechanical dissociation
from the cylindrical electrode mold to separate PPy from its
conductive template [74]. PPy can be also incorporated with
PCL network in preparing nerve conduits [84], which will be
discussed later.

Biodegradable nerve conduits are generally more promis-
ing in bridging nerve gaps as they can degrade away
after accomplishing their task. Further, biodegradable nerve
conduits offer possibilities of incorporating bioactive chem-
icals such as nerve growth factor (NGF), laminin, and
fibronectin inside the wall and then releasing them in a
controlled manner during polymer degradation [5–7, 12–
22]. In order to achieve this goal, polymer degradation
rate should match the rate for axon growth along the gap.
The thermal and mechanical properties of biodegradable
polymers can be readily controlled at the molecular level
using advanced synthetic routes. These properties are crucial
for handling and implantation of conduits and axonal
ingrowth. Many biodegradable polymers are semi-crystalline
and their thermal properties such as melting temperature
(Tm), crystallinity, crystallization rate, and morphology of
crystalline domains are important for determining their bulk
and surface physicochemical properties. The existence of
crystalline regions can enhance mechanical strength and
structural stability while it reduces the degradation rate and
permeability of the nerve tubes made from these semi-
crystalline polymers, consequently affecting cellular and
regenerative functions [5–7].

Polyesters such as PGA, PLA, PCL, PDO, and their
copolymers are most commonly used biodegradable poly-
mers in constructing tubular structures for peripheral
nerve regeneration. These polyesters are usually synthesized
via ring-opening polymerization and can degrade via the
hydrolysis of ester bonds along the polymer backbone [5–
7]. As shown in Table 1, there are many methods to fabricate
polyesters into nerve conduits, such as dip-coating, immer-
sion precipitation, injection molding, extrusion, braiding,
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and electro-spinning. These polyesters dissolved in solutions
can also be electro-spun to fibers or fibrous mats, which
can be subsequently braided or rolled into flexible, porous,
and highly permeable tubes. There are also commercially
available fibers of these polyesters for braiding. Fabrication
of nerve conduits using fibers is an advantageous way
to overcome the inherent rigidity of polylactides such as
PGA, PLA, and their copolymer PLGA with Tg higher than
the body temperature [90–94, 115, 116, 120]. In order
to improve their processability and the flexibility of the
produced conduits, polylactides can be plasticized adding 2%
triethyl citrate, a plasticizer [65].

Material properties can be readily tailored by varying
the composition and block length in the copolymers such
as PCD [75], PLC [75], PGC [75], PDLLC [87, 88], and
PLGC [119]. Besides copolymers, PLGA was also blended
with gelatin in a co-solvent MC to obtain composition
dependent mechanical properties with tensile strength varied
from ∼0.25 to ∼3.75 MPa [118]. Besides making single-
component nerve conduits [76–80], PCL was also blended
with gelatin, poly(l-lysine) (PLL)-grafted gelatin [79], or
porous collagen-based beads (CultiSphers) [80] for prepar-
ing nerve conduits, which have the combination of good
processability of PCL and the optimal biocompatibility
of natural polymers. Crosslinkable PLLA-PEG-MA was
synthesized by the ring-opening polymerization of LLA
in the presence of PEG with two hydroxyl end groups
as the initiator and then end-coupling PLLA-PEG with
methacrylate groups [124]. Porous PLLA-PEG-MA nerve
conduits were fabricated using the same centrifugal cast-
ing method for preparing PHEMA-MMA nerve conduits
[124].

PGS synthesized via polycondensation between glycerol
and sebacic acid is a viscous prepolymer that can be further
crosslinked in a mold into an elastomeric device with
a desired shape and excellent mechanical properties [95,
96]. PGS films with a tensile modulus of 0.28 MPa were
fabricated to mimic the mechanical properties of ECM and
the biocompatibility evaluation suggested PGS an excellent
candidate material for neural reconstruction applications
[96].

PCL-derived crosslinkable copolymers such as PCLF,
PCLA, and PPF-PCL have been synthesized and nerve
conduits have been fabricated via a technique that combines
injection molding and photo-crosslinking [81–84, 128]. The
synthesis routes of PCLF and PCLA were simplified by
reacting the hydroxyl groups in PCL diols or triols that have
different molecular weights with acryloyl chloride or fumaryl
chloride in the presence of potassium carbonate [81–83, 137]
as the proton scavenger other than triethylamine (TEA)
[138]. The use of this new proton scavenger can avoid
colorization and contamination from the reaction between
TEA and unsaturated acyl chloride/anhydride and greatly
simplify the purification steps [139]. Using PCL diol or triol
precursors with different molecular weights, controllable
thermal properties such as Tg , Tm, and crystallinity for
both uncrosslinked and crosslinked PCLF or PCLA were
obtained and used to further modulate the mechanical and
rheological properties of PCL networks [81–83]. When the

molecular weight of PCL diol or triol precursor was low, the
resulted PCL network was amorphous at room temperature
with low-tensile modulus because the crosslinks completely
suppressed the crystalline domains [81–83]. In contrast, a
higher molecular weight (>2000 g/mol) PCL diol can result
in a semi-crystalline network with significantly higher tensile
modulus and strength, and resistance to tear in suturing [81–
83]. PCLAs generally exhibited better crosslinking efficiency
than PCLFs because of more reactive acrylate segments
during the reaction and higher crosslinking densities [81–
83].

Well-tuned architecture, crystallinity, mechanical and
surface characteristic of crosslinked PCLAs and PCLFs
have been shown to support and correlate with nerve cell
attachment, proliferation, differentiation, and axon myeli-
nation [81–84]. Mechanical properties enhanced by PCL
crystalline structures were found to play an important role
in controlling Schwann cell precursor line (SpL201) cell
behavior [81, 83]. In vivo studies of crosslinked PCLF nerve
conduits (Figure 1) showed no inflammatory reaction or
existence of macrophages [83]. Nerve cable with myelinated
axons has been found after 6 or 17 weeks of implantation
[83]. Taking advantages of the roughness and flexibility
of crosslinked PCLF [82, 83], a conductive PCLF-PPy
composite nerve conduit has been prepared recently in
the Yaszemski group by polymerizing pyrrole with benzoyl
peroxide and naphthalene-2-sulfonic acid sodium salt in a
swollen PCLF nerve conduit in MC [84].

In order to achieve a wider range of mechanical prop-
erties, PCLF or PCLDA can be blended and crosslinked
with PPF [140, 141]. Meanwhile, a series of multiblock
PPF-PCL copolymers have been synthesized via a three-step
polycondensation between PPF and PCL diol [142]. Through
controlling the block size and composition in PPF-PCL
copolymers, both uncrosslinked and crosslinked PPF-PCL
have a broad range of thermal and mechanical properties
that can be used to satisfy the requirements in hard and soft
tissue replacements such as bone and nerve repair [128, 142].
Similar to crosslinked PCLF nerve conduits [83], single-
lumen and multi-channel PPF-PCL nerve conduits have
been fabricated using the molding and photo-crosslinking
technique and implanted in the rat sciatic nerve transection
model for 4 and 16 weeks to demonstrate biocompatibility
and guided axonal growth [128].

PHB is a granular constituent of bacterial cytoplasm,
having the advantage of ease of synthesis via microorganisms
and its adjustable mechanical properties, biocompatibility
and biodegradability. PHB conduits have been fabricated by
rolling PHB sheets around a mandrel followed by thermal
sealing [97, 98]. PHBHHx was developed with a better
flexibility than PHB [100]. Conduits with uniform wall
porosity and those with nonuniform wall porosity were
fabricated using dip-coating and particulate leaching with
NaCl-sized particles as porogen [100]. PHBV containing
95% PHB was blended with P(l-d,l)LA and PLGA to form
a porous micropatterned film by solution casting from a
silicon template and then the film can be rolled together with
a electro-spun PHBV/PLGA aligned fibrous mat inside to
prepare nerve conduits [101].
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PPE is biocompatible with a controllable rate of degra-
dation via hydrolysis due to their relatively low molecular
weight. Porous tubular structure can be easily achieved via
dip-coating followed by immersion precipitation [125–127].
The drawbacks of PPE are fast degradation and swelling
in water that will reduce its mechanical properties in the
duration for axon growth and then may cause tube distortion
or even failure [125].

PU has elastic and flexible properties that are favor-
able for nerve guidance tubes [134–136]. A biodegradable
polyurethane has been developed from PCL and PEG with
1,6-hexamethyl diisocyanate as the chain extender and dip-
coated into tubes for repairing peripheral nerve injuries
[134]. The hydrophilic PEG segment can accelerate the
degradation rate of hydrophobic PCL, making the degrada-
tion kinetics more compatible with the nerve regeneration
rate [134]. Porous nerve conduits can also be processed
via rapid prototyping using a double nozzle, low tempera-
ture, deposition manufacturing system that combines phase
separation and chemical crosslinking simultaneously [134].
PUs made from crystalline PHB segments and amorphous
segments of glycolide and ε-caprolactone have shown con-
trollable physical properties with varied crystallinity and
Young’s modulus from 1.9 to 46 MPa when the composition
is varied [136].

3. Luminal Fillers

To modify hollow nerve tubes to achieve enhanced perfor-
mance, luminal fillers have been employed as a structural
component [23, 24]. The internal filler substances can
provide more surface area and have potentials to incorporate
cells and growth factors [17, 23, 24]. Various factors such as
composition, mechanical properties, and the permeability of
nerve conduits may influence the organization of the inside
filler. Fillers may also affect the physical properties of the
whole tube and reduce the cross-sectional area for growth
of regenerative nerves [17, 23, 24]. Therefore sophisticated
design of the filler form should be performed by taking con-
sideration of these factors to achieve optimal enhancement
based on the hollow tubes. Widely used structural luminal
fillers are summarized in Table 2 and seven major filler forms
are demonstrated in Figure 2. Two comprehensive reviews
on the roles of luminal fillers in nerve regeneration have
been published earlier [23, 24], which also include support
cells and neurotrophins. In this section, we focus on the
polymeric fillers inside nerve conduits in the forms of gel rod
and sponge, gel inner layer, and aligned fibers.

Natural polymers, such as agarose, collagen, laminin,
and fibrin, are often used as luminal fillers in the form
of solutions, hydrogels, filaments, and porous sponges as
platforms for incorporating cells, growth factors, and drugs
[17, 23, 24]. Their soft characteristics and biocompatibility
can help regenerative guidance for the reconstruction of
nerve gaps [17, 23, 24]. Agarose can form hydrogels con-
taining gradients of laminin-1 and NGF molecules in PSU
conduits as anisotropic scaffolds [129]. Distributed micro-
or nanosized fibers or films in 3D gels are growth permissive

(a) Gel rod (b) Gel layer

(c) Electro-spun fiber layer (d) Microsphere-embedded layer

(e) Sponge (f) Electro-spun fiber mat roll

(g) Aligned filaments

Figure 2: Forms of luminal fillers in polymer nerve conduits.

as the gels can serve to distribute the fibers in 3D space,
and the fibers would provide a 2D surface for regenerating
axons [3]. Collagen has been formed into filaments [37,
63, 90], sponges [90–93], and gel inner layers [135] in
PGA, PU, silicone conduits. Collagen sponges were prepared
by pouring homogenized collagen aqueous solution into
PGA tubes and freezing the solution at −20◦C followed by
freeze-drying for 3 h [90–93]. The tubes were then subjected
to dehydrothermal treatment at 140◦C for 24 h to induce
crosslinking among the collagen molecules [90–93].

Laminins as major proteins found in basal lamina are
important molecules widely investigated for regeneration of
nerve tissues [5–7]. Laminins contain various cell binding
sites including the Ile-Lys-Val-Ala-Val (IKVAV) sequence,
a bioactive peptide that can promote neurite outgrowth
[5]. One commercially available laminin-containing gel,
Matrigel, and the above-mentioned agarose hydrogels con-
taining laminin have been used as filler materials in nerve
conduits [65, 129, 132]. Fibrin, a fibrous protein made
from fibrinogen, can be formed into a matrix as structural
support for neural tissues [5–7]. In one case, the liquid-state
mixture of collagen, laminin, and fibronectin can be injected
through a precooled micropipette into the lumens inside
silicone rubber chambers prior to crosslinking of collagen in
vivo [60]. These gel-like luminal fillers can also be used as
injectable materials with the capability of carrying support
cells, NGF, and drugs for central nerve repair and other
degenerative diseases [22].

Synthetic filler polymers are usually inserted into nerve
conduits as aligned fibers or filaments. For this purpose,
these polymers have been fabricated into fibers using
traditional fiber spinning techniques or electro-spinning:
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Table 2: Summary of structural luminal fillers in polymer nerve conduits.

Filler material Structure Filler form Tube material(s) [reference(s)]

Agarose coupled with laminin
O

O
OO

O

H
n

OHOH
OH

OH

OH Gel rod PSU [129]

Alginate with or without fibronectin Gel rod PHB [99]

Chitosan immobilized with peptides

O
O

n
NH2

OH

HO Electrospun fiber
mesh inner layer

Chitosan [25]

Collagen

Aligned fibrils Collagen [37], Silicone [63]

Fiber PGA coated with collagen [90]

Sponge PGA coated with collagen [90–93]

Gel layer PU [135]

Collagen-GAG Gel rod Collagen and silicone [34]

Fibrin Gel rod Silicone [60], PLGC [119], PHB [97]

HA

OO OO

O

O

O

n
NHHO

HO

OH

Gel rod PE [64]

Gelatin Fiber or gel rod Gelatin [45]

Matrigel Gel rod PTMC-CL [132], PDLLA and PE [65]

SF Longitudinal aligned
fiber

SF [55]

Polyamide

O
n

NH2 Filament Silicone [62]

PAN-MA

n m

CN
OMeO Electrospun fiber PSU [130]

PGA O

O

n

Longitudinal aligned
fiber

Chitosan [26]

Filament PTMC-CL [133]

PHBV/PLGA blends
O

O H

n
O

O H

m

C2H5

PHBV

CH3

Electro-spun mat PHBV/P(l-d,l)LA/PLGA blends [101]O

O

O
On m

PLGA

PLLA
x

CH3

O

O

Filament Silicone and P(l-d,l)LA (75 : 25) [61]

PLGA
O

O

O
On m

Electro-spun fiber
mat roll
(LA:GA = 85 : 15)

PSU [131]

PHEMA inner layer
embedded with PLGA
microspheres
(LA:GA = 85 : 15)

PHEMA-MMA [68]

PCL inner layer
embedded with PLGA
microspheres
(LA:GA = 50 : 50)

PCL [76]

PP n Filament PAN-PVC [57]
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polyamide [62], polyacrylonitrile-co-methylacrylate (PAN-
MA) [130], PGA [26, 133], PLLA [61], and PLGA [131].
For example, eight polyamide filaments (250 μm, diameter)
were placed inside silicone tubes to increase the overall
cross-sectional area that can support myelinated axon [62].
Longitudinal PGA filaments (14 μm, diameter) have been
inserted into a chitosan conduit to serve as a directional
guide for axons [26]. Electro-spun fibers of PLGA with
diameters from 100 nm to 3 μm, which can be controlled
by the polymer concentration, were aligned on a rotating
mandrel and later this electro-spun fiber mat was rolled into
a nanofilament “cigar” and inserted into a PSU tube to guide
neurite extension; however, the degradation of PLGA fibers
was so fast that distortion of fibers reduced the alignment
[131]. To overcome this problem, non-degradable PAN-MA
electro-spun fibers (∼400–600 nm, diameter) were applied in
the same group and successfully promoted regeneration of
axons over a 17 mm nerve gap [130].

Other than gel rod/sponge and aligned fibers/filaments,
an inner layer can be prepared inside nerve conduits. As
shown in Table 2, electro-spun fiber mesh [25], collagen gel
[135], and an inner PCL layer embedding PLGA double-
walled microspheres [76] have been incorporated with a
stronger outer tube made from chitosan, PU, and PCL,
respectively. These inner layers supply helpful environment
and bioactive substances for axon growth while the outer
tube is strong enough to endure the implantation period.

4. Fabrication Methods

As mentioned in Section 2, a variety of techniques have
been utilized to fabricate different natural and synthetic
polymers into 3D tubular nerve guide, depending on
their material characteristics. In this section, we supply
detailed descriptions about these techniques using schemes
demonstrated in Figure 3. There are seven widely-used
techniques such as injection molding, mandrel coating or
dip coating, centrifuge casting, film rolling and sealing,
extrusion, electrospinning, and microbraiding of filaments.
Although not included in Figure 3, polymer nerve conduits
can also be fabricated using wet phase inversion [57, 58,
106], immersion precipitation [102–105], and advanced
computer-aided microfabrication techniques such as fused
deposition and soft lithography [27, 88, 89, 135].

Injection molding (Figure 3(a)) is the most commonly
used technique for fabricating nerve conduits because it can
be applied to most polymers except for very brittle materials
such as PHB. Polymers with relatively a high thermal stability
and a relatively low Tm, such as PCL (Tm = ∼ 60◦C), can be
melt extruded while alternatively they can be dissolved in an
evaporative solvent, referred to as solvent casting. Polymer
melts or solutions with appropriate viscosities can be injected
into one specific tubular mold to form a desired shape after
solidification at T < Tm or Tg or solvent removal. Due to
finite length effect, polymer physical properties such as ther-
mal and mechanical properties normally demonstrate sharp
molecular weight dependence when the molecular weight is
smaller than a critical value. A molecular weight higher than

(a) Injection molding (b) Dip-coating

(c) Centrifuge casting (d) Film rolling

(e) Extrusion

V
−

+

(f) Electro-spinning (g) Braiding

Figure 3: Widely used methods for fabricating polymer nerve
conduits.

the entanglement molecular weight (Me) of a polymer is
generally required for injection molding because otherwise
the polymer may lack adequate mechanical strength for
structural applications. For low molecular weight oligomers
or natural polymers, crosslinking or curing is needed.
Chemical crosslinking for collagen or gelatin can occur in
a mold by adding crosslinking agent prior to injection.
Photo-crosslinkable polymers such as PCLFs and PCLAs
can be cured in a transparent glass mold by UV light
exposure [81–84]. Permeable conduits can be also easily
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prepared using particulate leaching, gas foaming, and phase-
separation methods [5–7]. Freeze drying or lyophilization
is commonly used for natural polymers to dehydrate and
demold. Unidirectional freezing followed by freeze-drying
has recently been developed to obtain oriented porous
structure in the collagen tubes [38–40, 43].

Mandrel coating or dip coating (Figure 3(b)) is another
facile technique to fabricate nerve conduits with better con-
trolled thickness and homogeneity. This technique involves a
rotating metal or Teflon or water-soluble poly(vinyl alcohol)
(PVA) mandrel [80] that can be coated with or dipped into
polymer solutions to form a thin polymer layer after drying.
The wall thickness depends on the solution concentration
and coating cycles. Dip coating is usually followed by solvent
evaporation or immersion precipitation in a nonsolvent,
allowing quick formation of a polymer membrane that can
have a porous structure on the rotating mandrel. Moreover,
the potential of this technique exists to incorporate a myriad
of features for each individual layer, such as one layer that
can be more permeable and porous than the other [125–
127]. Preparing conductive PPy nerve conduits also needs an
electrode mold although the synthesis of PPy occurs directly
onto the electrode via electroplating [74].

Liquid-liquid centrifuge casting method (Figure 3(c))
developed in the Shoichet group has been used for acrylate-
based hydrogels such as PHEMA-MMA [66–73]. The cen-
trifugal casting process is based on phase separation of the
polymer phase from the monomer phase during polymeriza-
tion in a centrifuging mold. The polymer phase with higher
viscosity and density can be pushed to the outer edges by
centrifugal forces to forming a stable tube. PHEMA-MMA
conduits prepared using this method are semipermeable, soft
and flexible, and with mechanical properties similar to those
of nerve tissue [66–73].

Film rolling (Figure 3(d)) around a mandrel is a very
simple method to achieve tubular structure using a polymer
sheet or an electro-spun mat. It is particularly convenient
for a two-dimensional (2D) substrate with surface patterns
that can be only fabricated on a surface to be rolled into a
3D nerve conduit [101]. The sealing step is critical in this
method and it can be achieved by heating [97, 98], fusing
or gluing the overlapping ends with organic chemicals [56,
119], or dipping the roll in a solution containing crosslinking
agents [41, 42].

Melt extrusion (Figure 3(e)) is a conventional method
for processing thermoplastic polymers with suitable flow
temperatures, melt viscosities, and thermal stabilities. A
single-screw extruder can be used to fabricate nerve conduits
through melt extrusion [79, 114]. The nozzle or die in
this extruder and the rod moving together with the piston
determine the outer and inner diameters of the nerve conduit
[114]. Melt extrusion is often combined with particulate
leaching to prepare porous biodegradable conduits [114, 121,
122].

Electro-spinning (Figure 3(f)) has been extensively used
to fabricate fibers with submicron size. These fibers can serve
as fillers directly or be microbraided into highly permeable
and flexible tubes, especially for PGA, PLLA, and PLGA fibers
[90–94, 116, 120]. The microbraiding machine (Figure 3(g))

involves a Teflon mandrel with a controlled diameter that
allows fiber to be pulled upward from bottom through a
convergence point and forming point [116]. The porosity
of the tubular structure can be modulated by the braiding
angle, number of fibers in a bundle, and the number
of fiber bundles [116]. As discussed in Section 3, electro-
spun luminal filler fibers and nerve conduits have porous
structures, which are advantages for neurite extension and
axon growth along the fiber direction [131].

Because of limitations of precise manufacturing pro-
cesses, techniques aforementioned cannot reproduce tubes
with uniform channel diameter and designed patterns at
microscale. Soft lithography has been newly developed to
manufacture silicon-based structures and replicate them
with PDMS for producing chitosan nerve conduit subunits
which can be stacked coaxially [27]. Because of its precise
capability, soft lithography is well suited for fabricating nerve
conduits with complex structures for controlling regenera-
tive pathways and degradation rate [27]. Soft lithography
can be potentially applied to manufacture injectable and
photo-crosslinkable polymers to achieve precisely controlled
networks. Novel microfabrication system also involves rapid
prototyping, which is the general term for a manufactur-
ing process used to produce complicated 3D structures
automatically based on computer-aided designs (CADs).
Several rapid prototyping processes such as fused deposition
modeling [89] and ink-jet microdispensing [88] have been
utilized for biodegradable polymers to form nerve conduits
with precise dimensions and complex internal structures. In
one study, polylactides including PLA, PGA, and PLGA were
heated up at 200◦C and extruded through a fine nozzle as the
nozzle traces an XY surface [89]. The process was repeated
layer by layer until the microstructure was completed [89]. A
double nozzle, low temperature, deposition manufacturing
system has been developed to process PU and collagen simul-
taneously, combining both phase separation and chemical
crosslinking to form a double layered tubular structure [135].

5. Conclusions and Perspectives

This paper summarizes natural and synthetic polymeric
materials and fabrication methods to produce tubular
structures and luminal fillers for guided nerve regeneration
and repair. The importance of material properties such
as chemical structure, thermal, and mechanical properties
have been discussed to correlate with their performance.
Understanding the design strategies for developing novel
tubular materials and luminal fillers is crucial to fur-
ther improve the biological performance and regenerative
functions of nerve guidance conduits. Nerve cell-material
interactions are also important in examining the suitability
of a polymer candidate for nerve repair and regeneration
[143–147]. Numerous studies have been performed on the
differentiation of pheochromocytoma (PC12) cells, dorsal
root ganglia, and neuronal stem/progenitor cells on the
polymer substrates with controllable mechanical properties
[146–151]. It should be noted that surface stiffness plays
different roles in regulating neuronal cells and glial cells:
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soft substrates can stimulate neurite extension and branching
while inhibit glial cell spreading and proliferation [147–151].
In order to meet the requirements in optimizing regenerative
conditions in vivo, the physical properties, especially thermal
and mechanical properties of the material should be char-
acterized extensively prior to fabrication of nerve conduits
and animal implantation. Injectable and photo-crosslinkable
materials with sufficient mechanical properties and lower
degradation rates have demonstrated great promise for feasi-
ble and effective treatment to bridge nerve gaps. Novel in-situ
crosslinkable polymers and their manufacturing methods,
particularly microfabrication methods, need to be developed
for fabricating nerve conduits with more complicated struc-
tures and advanced functions. In particular, heterogeneous
conduits that can precisely combine different materials,
varied geometric architecture, and bioactive substances will
be promising for nerve regeneration and repair.

Abbreviations

2D: Two-dimensional
3D: Three-dimensional
CAD: Computer-aided design
CultiSpher: Porous collagen-based bead
ECM: Extracellular matrix
EDC: 1-ethyl-3-(3-dimethylaminopropyl)-

1-carbodiimide
e-PTFE: Expanded polytetrafluoroethylene
FDA: Food and Drug Administration
GAG: Glycosaminoglycan
GMHA: Glycidyl methacrylated HA
HA: Hyaluronic acid
Hyaff: Esterified hyaluronan derivative
MC: Methylene chloride
Me: Entanglement molecular weight
MMA: methyl methacrylate
NGF: Nerve growth factor
NHS: N-hydroxysuccinimide
PAN-MA: Poly(acrylonitrile-co-methylacrylate)
PAN-PVC: poly(acrylonitrile-co-vinyl chloride)
P(BHET-EOP/TC): Poly(bishydroxyethyl terephthalate-

ethylorthophosphorylate/
terephthaloyl chloride)

PC12: Pheochromocytoma
PCD: Poly(ε-caprolactone)-co-

polydioxanone
PCL: Poly(ε-caprolactone)
PCLA: Poly(ε-caprolactone) acrylate
PCLF: Poly(ε-caprolactone) fumarate
PDLLA: Poly(d,l-lactic acid) or

poly(d,l-lactate)
PDLLC: poly(d,l-lactide-co-caprolactone)
PDMS: Polydimethylsiloxane
PDO: Polydioxanone or poly(p-dioxanone)
PE: Polyethylene
PEO: Poly(ethylene oxide)
PEG: Poly(ethylene glycol)
PGA: Poly(glycolic acid)
PGC: Poly(glycolide-co-caprolactone)

PGS: Poly(glycerol sebacate)
PHB: Poly(3-hydroxybutyrate)
PHBHHx: Poly(3-hydroxybutyrate-co-3-

hydroxyhexanoate)
PHBV: Poly(3-hydroxybutyrate-co-3-

hydroxyvalerate) or
poly[(R)-3-hydroxybutyric
acid-co-(R)-3-hydroxyvaleric acid]

PHEMA: Poly(2-hydroxyethyl methacrylate)
PHEMA-MMA: Poly(2-hydroxyethyl

methacrylate-co-methyl
methacrylate)

PLA: Poly(lactic acid) or polylactide
PLC: Poly(l-lactide-co-caprolactone)
P(l-d,l)LA: Poly(l-lactide-co-d,l-lactide)
PLGA: Poly(l-lactide-co-glycolide)
PLGC: Poly(lactide-co-glycolide-co-

caprolactone)
PLL: Poly(l-lysine)
PLLA: Poly(l-lactic acid) or poly(l-lactide)
PLLA-PEG-MA: Poly(l-lactide-co-ethylene glycol)

methacrylate
PP: Polypropylene
PPE: Polyphosphoester
PPF-co-PCL: Polypropylene

fumarate-co-poly(ε-caprolactone)
PPy: Polypyrrole
PSU: Polysulfone
PTMC-CL: Polytrimethylene

carbonate-ε-caprolactone
PU: Polyurethane
PVA: Poly(vinyl alcohol)
SF: Silk fibroin
SpL201: Schwann cell precursor line
SUS: Steel use Stainless
TEA: Triethylamine
TFA: Trifluoroacetic acid
Tg : Glass transition temperature
Tm: Melting temperature
UV: Ultraviolet.
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