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Abstract In this study, two distinct systems of biomate-
rials were fabricated and their potential use as a bilayer
scaffold (BS) for skin bioengineering applications was
assessed. The initial biomaterial was a polycaprolactone/
poly(lacto-co-glycolic acid) (PCL/PLGA) membrane fab-
ricated using the electrospinning method. The PCL/PLGA
membrane M-12 (12% PCL/10% PLGA, 80:20) displayed
strong mechanical properties (stress/strain values of
3.01 £ 0.23 MPa/225.39 £+ 7.63%) and good biocompati-
bility as demonstrated by adhesion of keratinocyte cells on
the surface and ability to support cell proliferation. The
second biomaterial was a hydrogel composed of 2%
chitosan and 15% gelatin (50:50) crosslinked with 5%
glutaraldehyde. The CG-3.5 hydrogel (with 3.5% glutar-
aldehyde (v/v)) displayed a high porosity, >97%, good
compressive strength (2.23 £ 0.25 MPa), ability to swell
more than 500% of its dry weight and was able to support
fibroblast cell proliferation. A BS was fabricated by
underlaying the membrane and hydrogel casting method to
combine these two materials. The physical properties and
biocompatibility were preliminarily investigated and the
properties of the two biomaterials were shown to be
complementary when combined. The upper layer mem-
brane provided mechanical support in the scaffold and
reduced the degradation rate of the hydrogel layer. Cell
viability was similar to that in the hydrogel layer which
suggests that addition of the membrane layer did not affect
the biocompatibility.
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1 Introduction

Tissue engineering is a multidisciplinary field which aims to
regenerate native tissues from viable sources [1]. It provides
an alternative treatment for terminal clinical conditions
when tissue or organ transplantation is not available. With
the emergence of artificial skin, acute cases such as burns
and chronic cases like congenital nevi, disabling scars and
skin ulcerations are greatly benefited [2]. Artificial skin
scaffolds should be able to function as cover to protect the
wound against infection while allowing oxygen to permeate
and to stimulate fibroblast activity towards healing [3]. It
must protect the wound against fluid loss and provide a
moist environment for rapid epithelialization [4]. It must
be biocompatible and physiologically degradable as it
encourages native skin cells to grow. Ideally, it should be
able to withstand mechanical stress during implantation.
Native skin is composed of two layers with distinct
qualities. Thus, a BS should more accurately mimic the
physical structure of the normal skin. One of the most used,
commercially-available dermal substitute is Integra, which
is a BS composed of a silicone upper layer and a collagen-
glycosaminoglycan porous sublayer. The two separate
layers in the bilayer structure have distinct functions which
help it adapt to the complex environment of wound heal-
ing. The upper, dense layer serves as primary wound cover
and the lower biodegradable, porous layer allows for the
influx of native cells growth while maintaining moisture on
the wound bed. In constructing a bilayer structure, the
separate materials should first be characterized in order to
determine its suitability as a tissue engineering scaffold.
The initial biomaterial that will comprise the upper
dense layer is fabricated through electrospinning method.
Electrospinning is a relatively simple technique of pro-
ducing nano-scale fibers [5] and is highly efficient in
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providing high surface area to volume ratios producing an
extracellular matrix-like scaffold [6, 7]. A wide range of
natural and synthetic polymers can be used to fabricate
electrospun skin scaffolds. The combination of poly (lactic-
co-glycolic acid) (PLGA) and increasing concentrations of
polycaprolactone (PCL) was investigated in this study.
PCL is a polyester that exhibits good mechanical properties
[8], is atoxic [9] and can minimally support keratinocyte
growth and proliferation [10]. PCL, however, is hydro-
phobic, contains very few cell recognition sites and
degrades slowly [11]. In this regard, PLGA was combined
to increase the biodegradability and biocompatibility of the
material. PLGA is more tolerated by the human body since
its two components, lactic acid and glycolic acid, are
excreted physiologically [12, 13].

The second biomaterial that will eventually comprise the
lower porous layer is a hydrogel consisting of chitosan and
gelatin. Chitosan—gelatin blends in hydrogels are commonly
used because of their individual characteristics, which are
favorable for biological growth and structural strength
[14-18]. Chitosan, a natural polymer obtained from the
deacetylation of chitin, has a widespread application in tissue
engineering due to its anti-microbial properties, high bio-
degradability, biocompatibility and ability to aid in wound
healing and angiogenesis [19]. Gelatin is a widely-used,
water-soluble natural polymer derived from thermal dena-
turation of collagen and it displays low antigenicity and high
biocompatibility and bioabsorptivity [20].

In this study, the physical properties, mechanical integ-
rity and biocompatibility of two separate biomaterials were
investigated. Morphological characterization was done
through SEM, determination of porosity by mercury intru-
sion porosimetry and density calculations. The mechanical
strength of the materials was examined to determine which
sample condition can withstand the applied stress. Bio-
degradation was investigated by immersing the samples in
PBS for 25 days to determine mass lost over time. The
amount of moisture that can be absorbed by the hydrogel
was determined by swelling studies in a span of 160 min.
Cytotoxicity tests, cell proliferation studies and visualiza-
tion of cell adhesion were done to check the biocompati-
bility of the scaffolds in vitro. The results of the tests
performed determined which conditions were optimums
and were used to construct the BS that will be eventually
used for skin tissue engineering applications.

2 Materials and methods
2.1 Materials

Chitosan (85% deacetylation, from crab), gelatin (from
porcine skin), PLGA (85:15), PCL (Mn 80,000),
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tetrahydrofuran (THF, minimum 99%), dimethylformam-
ide (DMF, 99%) from Sigma-Aldrich, USA. Dimethy-
sulfoxide (DMSO, 99.0%) from Samchun Pure Chemical
Co., LTD, Korea. (3-(4,5-Dimethylthiazol-2-yl)-2,5-diphe-
nyltetrazolium bromide (MTT) solution from Sigma. L.929
cell line was obtained from ATCC cell line (CCL—ITM,
NCTC clone 929 [L cell, 1.929, derivative of Strain L]).
Human keratinocytes from neonatal foreskin were pur-
chased from Dail Scientific Trade, Inc, Korea. The water
used in the entire experiment was deionized through
Milli-Q System (Millipore, USA). All other chemicals used
were of reagent grade.

2.2 Preparation of samples
2.2.1 Electrospun PCL/PLGA membranes

The electrospun membranes were prepared according to a
previous study in our laboratory with modifications [21].
PCL was separately dissolved in THF:DMF:MC (40:40:20)
solvent to obtain 12, 13 and 14% (wt/vol%). PLGA was
dissolved in the same solvent to obtain a 10% solution
(Table 1). These mixtures were mechanically stirred until
completely dissolved in their respective solvents. Different
concentrations of these solutions were later combined to
achieve a ratio of 80:20 (PCL/PLGA), 4 ml, and mechan-
ically stirred again for 12 h at ambient temperature until
the solution appeared completely homogenous. The mem-
branes were fabricated using an electrospinning machine
(NNC 30 kV-2 mA portable type, Nano NC, Korea) at a
voltage supply of 25.0 kV. A Luer-lock syringe (12 ml)
was used with a 25-gauge needle for electrospinning. The
solution flow rate was regulated at 0.50 ml/h and a distance
of 20 cm from the collector and ejecting needle. Spraying
distance was also regulated at 160 mm on the Y-axis of the
electrospinning machine. The electrospun membranes were
placed in a bottle of diethylether with a magnetic stirrer
overnight to remove the excess solvent.

2.2.2 Chitosan—gelatin hydrogel

Chitosan (85% deacetylation, from crab) was dissolved in
a 1% acetic acid solution to achieve a concentration of 2%
(wt/vol%). The solution was stirred mechanically for 24 h.
Minute particles remained after sufficient stirring, therefore,
the solution was filtered prior to use. Gelatin (from porcine
skin) was dissolved in deionized water (Milli-Q) to achieve a
15% w/v solution. The two solutions were combined and
mechanically stirred prior to addition of crosslinking agent.
Glutaraldehyde (GA) stock, 25%, was diluted to achieve a
5% solution. This was poured into the chitosan—gelatin
mixture in different volumes to achieve varying percent-
age content of glutaraldehyde concentrations relative to
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Table 1 Composition and physical characterization of electrospun PCL/PLGA membranes

Samples PCL (%) PLGA (%) Fiber diameter (um) Thickness (um) Density (g/cmS) Stress at break (MPa)  Strain at break (%)
M-12 12 10 0.975 £ 0.402 144.65 £+ 4.99 10.21 £+ 0.96 3.01 +£0.23 225.39 + 7.63
M-13 13 10 1.213 £ 0.539 287.78 + 8.86 11.42 £+ 4.43 2.26 + 0.30 116.03 £ 34.56
M-14 14 10 1.689 £ 0.707 42023 + 1421 1222 + 0.57 2.05 + 0.28 72.84 £ 19.56

Table 2 Composition and physical characterization of chitosan—gelatin hydrogels

Samples 5% GA content 2% Chitosan  15% Gelatin ~ Density (g/ Porosity Average pore diameter Compressive strength
(%) (%) (%) cm?) (%) (pm) (MPa)

CG-3 3 50 50 0.125 £ 0.014 97.5 240 + 114 1.03 £0.12

CG-3.5 35 50 50 0.125 £+ 0.002 97.485 290 + 109 223 £0.25

CG-4 4 50 50 0.112 £ 0.010 97.661 235 + 135 2.73 £ 0.60

CG-45 45 50 50 0.112 £ 0.003 97.542 272 £+ 138 3.02 £ 1.01

CG-5 5 50 50 0.115 4+ 0.002 97.555 264 + 134 3.50 £ 0.94

chitosan—gelatin mixture (3, 3.5, 4, 4.5 and 5%) (Table 2).
All hydrogels were poured into polysterene tissue culture
plates (Falco), pre-freezed at —20°C for 12 h then lyophi-
lized in a freeze drying machine (Ilshin Lab, Co. Ltd.,
Korea) at —81°C, 5 mTorr for 36 h.

2.2.3 Bilayer scaffold

Following the characterization of the electrospun PCL/
PLGA membranes and chitosan—gelatin hydrogels, the
M-12 membrane and CG-3.5 hydrogel were shown to
display favorable physical properties and cell-material
interactions. A BS was fabricated using these two materials
by underlaying and casting method. M-12 was fabricated
and was laid in a 6-well TCP to which 5 ml of CG-3.5 was
then poured. The resulting samples were pre-freezed then
freeze-dried under the above-mentioned conditions.

2.3 Characterization of samples
2.3.1 Morphology

Squares of 1 cm x 1 cm were cut from the electro-spun
PCL/PLGA membranes and lyophilized chitosan—gelatin
hydrogel samples were sputtered with a platinum sputter
coater (Cressington Sputter Coater). Samples were then
viewed using a field emission scanning electron microscope
(JSM701F, JEOL, Japan) at an acceleration voltage of 15 kV.
The average fiber diameter (n = 60) and membrane
thickness was determined by examining the cross-sections
taken at different areas for each sample. All measurements
were done using SEM-assisted image analysis software.
The average pore diameters of the CG hydrogels were
determined from cross-sections of three random samples of

each hydrogel taken at different areas. At least 100 pores
were analyzed for each CG hydrogel.

The density of the samples was calculated by dividing
the obtained mass by the calculated volume (length x
width x height). Average values were obtained from four
replicates with standard deviation.

2.3.2 Mechanical strength

The mechanical strength of a scaffold determines the stress it
can withstand before it undergoes significant contraction.
This intensive property of a material is measured as the force
causing the breakage on the material divided by the cross-
sectional area of the sample. During the time a material
undergoes stress, it undergoes deformation where particles
are relatively displaced. This deformational change is the
material strain and is expressed as a percentage.

A universal testing machine (UnitechTM, R&B, Korea)
was used in testing the mechanical strength of the fabri-
cated membranes, hydrogels and BS. An accompanying
Helio-X software program determined the stress and strain
values of the materials. Rectangular strips of 33 mm x
2 mm x T (where T is the thickness) were cut from each
fabricated electrospun PCL/PLGA membrane. The ends of
the membrane strips were glued to a paper frame to anchor
it to the tensile tester. The sides of the frame were cut upon
application of strain at crosshead speed of (I mm/min)
with a 500-g load cell.

Compressive strength was measured to determine the
strength of the 3D scaffold when uniaxial strength is
applied. Samples of the CG hydrogels were cut to dimen-
sions of 7 mm x 7 mm x 5 mm for all tests done in this
study, unless stated otherwise. Wet samples of CG
hydrogels were used to determine its compressive strength.
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A uniaxial displacement was applied to the specimen at a
crosshead speed of 0.5 mm/min and the load was measured
with a 20-g load cell. Reported results were the average of
five trials with standard deviation.

2.3.3 Swelling ability of chitosan—gelatin hydrogels

CG hydrogel samples and BSs were pre-weighed then
immersed in phosphate buffer solution, pH 7.4, 37°C, at
different time intervals. Swelling ratio (SR), which was
expressed as a percentage, was calculated as follows:

(W, — Wo) x 100

SR(%) = W

where W, was the initial weight prior to experimentation
and W, was the weight measured after each observation
time.

2.3.4 Porosity

The porosity of the samples was determined using mercury
intrusion porosity meter (Quantachrome Porosity Meter,
FL, USA). CG hydrogels, 5 mm x 5 mm x 3 mm, were
placed inside quartz penetrometers after sufficient drying
and the porosity was determined using the accompanying
Poremaster software.

2.3.5 In vitro biodegradation

Lyophilized CG hydrogel samples, at the dimensions
described above and electrospun PCL/PLGA membranes
(25 mm x 20 mm) and BSs were pre-weighed then
immersed in phosphate buffer solution, pH 7.4, 37°C, for a
25-day observation. PBS was replaced every week. After
each observation time, the samples were freeze-dried for
6 h and the remaining weight was measured after 5, 10, 15,
20 and 25 days. The degree of degradation was calculated
as follows,

(Wo — W;) x 100

Degree of degradation (%) = W
0

where W, was the original weight and W, was the weight
per time interval. All samples were tested four times each
for every observation time. In the case of PCL/PLGA
membranes, mass retention was computed as the ratio of
weight during a sampling day against the original weight.

2.3.6 Cytotoxicity
Samples (CG hydrogels, electrospun PCL/PLGA mem-
branes and BS) were incubated in 5 ml RPMI media with

10% (v/v) of fetal bovine serum (FBS) and 1% penicillin/
streptomycin antibiotics for 3 days at 37°C, while shaking
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at 100 rpm in an incubator to obtain an extract solution.
Fibroblast cells, 1 x 10* cells/100 pl, were seeded in
96-well culture plates then incubated for 24 h at 37°C, 5%
CO,. Extract solutions were filtered with 0.20 um filters
then diluted to the following concentrations relative to
fresh media: 12.5, 25, 50 and 100%. Diluted extract solu-
tions were added to the cell-seeded tissue culture plates and
incubated for another 3 days at 37°C and 5% CO,. Cell-
seeded wells without an extract solution (0%) were also
prepared as a control. MTT solution was added to the wells
after 3 days and re-incubated for 4 h. Media was discarded
from the wells and replaced with 200 pl of DMSO to
dissolve the formazan salts. Cell viability was quantified by
measuring the absorbance at 595 nm using an ELISA
reader (Turner Biosystems CE, Promega Corporation,
USA). These experiments were conducted in four repli-
cates and cell viability was calculated as percentage rela-
tive to the cell-seeded wells containing media without the
extract solution.

2.3.7 Cell proliferation

Fibroblast cells, 1 x 10* cells/ml, were seeded on the
electrospun PCL/PLGA membranes that were 15 mm in
diameter, and CG hydrogel samples that were 8 mm x
8 mm x 1.5 mm and incubated for 1, 3 and 5 days in
24-well culture plates. Media was replaced every other day.
After each incubation time, media was discarded and MTT
solution was added and re-incubated for another 4 h.
DMSO was then added and plates were shaken for 1 h and
the absorbance was read at 595 nm using an ELISA plate
reader. Cell viability was calculated as the ratio of absor-
bance to the control after 1 day of incubation and expres-
sed as a percentage.

2.3.8 Cell adhesion behavior

SEM visualization of cell adhesion behavior was done by
seeding electrospun PCL/PLGA membranes with keratino-
cyte cells, 1 x 10* cells/ml, and CG hydrogel with fibro-
blast cells, 1 x 10* cells/ml, after sufficient sterilization
with 70% ethanol. Samples were incubated for 1 and 3 days.
Fixation was done using 2% glutaraldehyde for 15 min,
increasing alcohol series (50, 60, 70, 80, 90, 95 and 100%)
for dehydration and hexamethyldisilazane (HMDS) twice
for critical point drying. Dried cell-seeded samples were
sputtered and examined by scanning electron microscopy.
Polysterene coverslips were used as control for this test.

2.4 Statistical analysis

Characterization tests were done in four replicates, unless
otherwise stated. Values were expressed as the mean of
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four replicates and standard deviation. Experimental results
done in a continuous time interval were also analyzed by
one-way ANOVA, single factor with a confidence level of
P > 0.05 using Microsoft Excel 2007 to determine if the
changes were statistically significant.

3 Results
3.1 Electrospun PCL/PLGA membranes
3.1.1 Morphology

Fibers appeared distinctly separated and randomly inter-
spersed. Individual fibers were found to be cylindrical and
continuous. Further investigation on the morphology of the
fibers revealed that the average fiber diameter and fiber
diameter frequency distribution varied among the samples.
M-12 (Fig. la) had an average fiber diameter of
975 £ 402 nm and more than 60% of the fibers examined
(n = 60) had a diameter below 1,000 nm. M-13 (Fig. 1b)
had an average fiber diameter of 1,213 £ 539 nm and
M-14 (Fig. 1c) had an average fiber diameter of
1,689 + 707 nm. Analysis of the frequency of the fiber
distribution showed that an increased PCL concentration
resulted to a shift in the frequency of the fiber size towards
the larger diameter.

The average thickness of the membranes was also
measured after the spraying distance of the syringe nozzle
in the electrospinning machine was calibrated to 160 mm
and the volume of the solution at 4 ml. In these experi-
ments, the thickness of the membrane was shown to vary as
a function of PCL concentration where the thickness of the
cross-section of the membranes increased as the concen-
tration of the PCL increased. Consequently, there was a
corresponding increase in density when the membrane
thickness increased (Table 1).

3.1.2 Mechanical strength

The PCL/PLGA membranes are two-dimensional scaffolds
that usually undergo breakage from the application of
stress by means of pulling or stretching the membrane. The
amount of uniaxial stress applied was quantified by mea-
suring the tensile strength. An increased concentration of
PCL lowered the tensile strength, and the elongation of the
membrane was more evident (Fig. 2a). The tensile strength
of M-12, M-13 and M-14 was 3.01 £+ 0.23, 2.26 &+ 0.30
and 2.05 £ 0.28 MPa, respectively. A low tensile strength
breaks the membrane before it can further elongate. Thus,
the strain values were also reduced for the membranes with
increasing PCL concentration. M-12 showed the highest
strain value of 225.39 £+ 7.63% (Fig. 2). M-13 and M-14

had strain at break values that are 116.03 £ 34.56 and
72.84 + 19.56%, respectively. All of these results are
numerically presented in Table 1.

3.2 Chitosan—gelatin hydrogel
3.2.1 Morphology

Figure 3 showed the SEM photomicrographs of hydrogels
at different GA concentrations. The porosity was deter-
mined to be around 97% for all samples. The average pore
diameter ranged from 235 + 135 to 290 + 109 pm. Den-
sity values were 0.112 + 0.003 to 0.125 + 0.014 g/cm®
(Table 2).

3.2.2 Mechanical strength

Three-dimensional scaffolds like the CG hydrogels fabri-
cated in this study may undergo compression stresses
during handling. Thus, the compressive strength was tes-
ted. Figure 4 showed the values obtained after application
of uniaxial displacement to the samples and was measured
with a 20-g load cell. The minimum compressive strength
was 1.03 £ 0.12 MPa for CG-3 and the maximum was
3.50 & 0.94 MPa for CG-5. An increasing compressive
strength was observed as the amount of crosslinker was
increased.

3.2.3 Swelling ability

The swelling behavior of CG hydrogels was shown in
Fig. 5. All CG hydrogels swelled to more than 100% of
their dry weight within 15 min and continued to swell for
up to 75-90 min of observation when the swelling rate
relatively slowed down. Notably, CG-3, which contained
the lowest GA content, swelled fastest at more than 300%
of its original weight in the first 15 min. It continued to
swell to more than 600% of its weight until the end of
160 min of observation. The other hydrogels plotted
swelling values between CG-3 and CG-5.

3.2.4 In vitro biodegradation

The biodegradation of the PCL/PLGA membranes and CG
hydrogels were observed for 25 days. No statistically sig-
nificant weight change in the membranes (P > 0.05) was
found throughout the time of observation (Fig. 6a). In the
case of CG hydrogels, it was observed that the amount of
crosslinker affected the degradation time of the scaffolds.
During the time of observation, there was a significant
weight change for every CG hydrogel sample indicating
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Fig. 1 SEM micrographs (1) and fiber diameter distribution (2) of PCL/PLGA membranes with increasing PCL concentration. a M-12 (12%
PCL), b M-13 (13% PCL) and ¢ M-14 (14% PCL)

Fig. 2 Stress—strain curves of (a) (b) 300 3.5
PCL/PLGA membranes (a). 3.5 s Strain (%) s
Stress and strain at break (b) of 250 - ~B-Stress (MPa) 7
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Fig. 3 SEM micrographs of CG hydrogels with increasing 5% GA content (v/v). a CG-3 (3%), b CG-3.5 (3.5%), ¢ CG-4 (4%), d CG-4.5 (4.5%)
and e CG-5 (5%)

that it degraded every 5 days (P < 0.05). However, the 3.3 Biocompatibility of the samples

degree of degradation varied among samples with those

that have higher GA content degraded slower. During the  3.3.1 Cytotoxicity

end of observation time, CG-3 lost about 90% of its ori-

ginal weight. The rest of samples degraded to less than  Cytotoxicity was determined using diluted extract solutions
80% of its original weight (Fig. 6b). of the samples in accordance to ISO-10993-5 standards. It

@ Springer



J Mater Sci: Mater Med (2011) 22:2207-2218

2213

Compressive strength (MPa)

CG-3

CG-3.5 CG-4 CG-4.5 CG-5

Fig. 4 Compressive strength of chitosan—gelatin hydrogels at differ-
ent amount of GA crosslinker
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Fig. 5 Swelling kinetics of chitosan/gelatin hydrogels at different
time intervals

can be observed that the PCL/PLGA membranes can sup-
port around 80% cell viability with 100% extract solution
(Fig. 7a). In the case of CG hydrogels, gels with 4% and
above GA content elicited cytotoxicity as evidenced by the

(a) 120
BM12 OM13 BM-14
100 -
80 -

60 -

40 -

Mass retained (%)

20

5 10 15 20 25
Time (days)

drastic lowering of the cell viability when 100% extract
solution was used (P < 0.05) (Fig. 7b).

3.3.2 Cell proliferation

The fibroblast cells used in this experiment were non-fas-
tidious and did not display a lag phase during culture.
Therefore, these cells were initially used to determine the
ability of the materials to support cell viability and pro-
liferation. Figure 8 showed that the PCL/PLGA mem-
branes and CG hydrogel samples were able to support cell
proliferation as indicated by the increased cell viability
after 1, 3 and 5 days of culture. In the case of the mem-
branes, cell growth was statistically significant every
sampling day for all samples with the similar increase of
cell growth except during the 5th day of culture when cell
viability in M-12 exceeded the control (P < 0.05). Cells
were observed to grow in number every sampling day
(P < 0.05); however, there was an observed reduction in
the fibroblast viability as a function of GA content in the
CG hydrogels.

3.3.3 Cell adhesion behavior

Keratinocyte cells were used to demonstrate the ability of
the PCL/PLGA membranes to support epidermal cell
attachment and adhesion. Keratinocyte cells were shown to
have a flattened morphology after 24 h of incubation,
indicating that the cells recognized the cell adhesion sites
in the membranes (Fig. 9). Continued cell adhesion was
observed after 72 h with the deposition of extracellular
material on the membrane fibers.

Figure 10 shows fibroblast cell growth on CG hydro-
gels. It was observed that the degree of growth was not the
same for all hydrogels. In samples CG-3 and CG-3.5, cells
were able to change shape drastically showing an outward

(b) 120

BCG-3 mCG-3.58CG4 8CG45 B8CG-5 *
100 - 1

80 -

60 -

40 -

Degree of degradation (%)

Day25

Day15 Day 20
Time (days)

Day5 Day 10

Fig. 6 In vitro biodegradation of a electro-spun PCL/PLGA membranes and b chitosan/gelatin hydrogels showing statistically significant weight
changes of different samples at every sampling time (*P < 0.05, n = 4)
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Fig. 7 Cytotoxicity of a PCL/PLGA membranes and b CG hydrogels at different concentrations of extract solutions. Cell viability from CG-4.5
and CG-5 extract solutions showed significantly reduced values (*P < 0.05, n = 4)
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Fig. 8 Proliferation studies of fibroblast cells on a PCL/PLGA membranes with M-12 cell growth during 5th day of incubation and b chitosan/
gelatin hydrogel showing decreasing cell growth with increasing crosslinker concentration (*P < 0.05, n = 4)

and bidirectional extension of extracellular material.
In contrast, cell spreading on samples CG-4, CG-4.5 and
CG-5 was limited even after 3 days.

3.4 Bilayer scaffold

In addition to examining the two biomaterials that will
comprise the BS, preliminary data was also obtained on the
constructed BS to determine if the bilayer composition
affected the final structure of the material. Figure 11a, b
shows the gross structure of BS prepared by underlaying of
the membrane and casting of the hydrogel on the tissue
culture plate. In these experiments, the membrane adhered
to the hydrogel under dry conditions and followed the
contour of the hydrogel surface.

The swelling behavior of BS followed that of the
CG-3.5 (Fig. 11c). However, by measuring the size before
and after swelling at 24 h, it was demonstrated that scaffold
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enlargement was minimized in the BS (table inserted)
compared to the CGH alone. The biodegradation rate of BS
was observed to be slower than that of the CG hydrogel
(Fig. 11d). After 20 days, the degree of degradation of
CG-3.5 was around 70% compared to around 60% for BS.

Figure 11d shows the cytotoxicity of BS compared to
M-12 and CG-3.5. The cell viability was still to be around
80% with 100% extract solution. However, cell viability on
BS was slightly reduced compared to its precursor
materials.

4 Discussion

In this study, two different biomaterials were fabricated
and characterized with the goal of fabricating a BS for skin
tissue engineering applications. Based on an initial study
from our laboratory [21] wherein the ratio of PCL and



J Mater Sci: Mater Med (2011) 22:2207-2218

2215

Fig. 9 Cell adhesion behavior of human keratinocyte cell (K155) on control TCP (a), M-12 (b), M-13 (c), M-14 (d) after 1 day (al-d1) and

3 days of culture (a2—d2)

Fig. 10 Cell adhesion behavior of fibroblast cells CG-3 (a), CG-3.5 (b), CG-4 (¢), CG-4.5 (d), CG-5 (e) after 1 day (al—el) and 3 days of

culture (a2—e2)

PLGA was varied, the composition of the combined poly-
mers was fixed at 80:20 but the effect of increasing the PCL
concentration was investigated with the aim of optimizing
its properties for tissue engineering scaffold applications.
By increasing the PCL concentration, the mean fiber
diameter and, consequently, the thickness and density of the
fabricated membranes increased. The increased polymer
concentration resulted in a higher viscosity of the elec-
trospinning solution that may have produced more submi-
cron-sized fibers that have meshed to form larger diameter
fibers [22]. Compared to the pure electrospun PCL mats
which displayed tensile strength of 1.40-2.10 MPa [23], the
mechanical strength of the membranes fabricated in this
study was improved when combined with PLGA (Table 1).
It was noted, however, that the tensile strength of the
material was reduced when the PCL concentration and,
consequently, the fiber diameter was increased. As previ-
ously reported [24], an increase in fiber diameter resulted in

a more dense material, which tends to break more easily
during application of stress, as was the case in this study.
Comparing it on previously published data of a preceding
study [21], the discrepancy in the tensile strength of the
M-12 maybe attributed to the difference in the preparation
of the material particularly in the solvent combination used.
The addition of methylene chloride in the membrane
preparation produced tensile strength higher than Lee et al.
with PCL [23] but lower than our laboratory publication
prepared without methylene chloride.

Low viscosity chitosan at a concentration of 2% was
used for ease of handling and for favorable mechanical
strength as reported earlier [18]. Previous studies on
chitosan—gelatin scaffolds have used gelatin concentrations
of 1-5% [17, 25, 26]. However, we used 15% in this study
based on the assumption that increased gelatin content may
produce more favorable cell recognitions sites. Hydrogels
were stabilized by the addition of glutaraldehyde as

@ Springer
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Fig. 11 Proposed BS structure (a, b) composed of an electrospun PCL/PLGA membrane and chitosan—gelatin hydrogel. Swelling and
contraction (c), biodegradation (d) and cytotoxicity of BS using MTT assay (e)

crosslinking agent. The aldehyde groups of GA react with
free amino groups of gelatin and chitosan forming a
covalent bond which was shown to affect the mechanical
integrity, physical properties as well as the biological
interactions of the hydrogel but showed insignificant
influence on the general morphology.

According to Shen et al., an original chitosan acetate
and gelatin solution concentration of 2-5% can ensure
porosity of 95-98% and that varying gelatin content was
reported not to affect the porosity of the scaffold [27].
These conclusions were also observed in the hydrogel
samples fabricated in this study, in which the porosity of
the samples was close to 97%. The high gelatin concen-
tration of 15% used in this study did not change the
porosity relative to previously published values at lower
gelatin concentrations. The varied amount of crosslinker
added did not change the porosity and density values in all
samples. Moreover, the average pore size diameter was
also unaffected as the pore size is influenced by varying the
by the pre-freezing temperature [15].

Hydrogels are normally crosslinked by chemical agents
such as genipin [28-30], epoxy compounds [31], carbodi-
imide [30, 32, 33] and glutaraldehyde [34-36] to increase
its mechanical stability. Glutaraldehyde serves as an
effective crosslinking agent and was, therefore, chosen for
this study. However, it is worth mentioning that glutaral-
dehyde can be cytotoxic at high concentrations so care

@ Springer

should be given to how much is used during crosslinking
[37]. GA was diluted to a 5% solution with deionized water
and varying amounts was added to -chitosan—gelatin
hydrogels to investigate the appropriate concentration that
will not induce cytotoxic effects but can maintain the
structural integrity of the hydrogels.

The compressive strength of the hydrogels was observed
to increase with the function of GA content which was due
to the increased covalent crosslinks formed within the
hydrogels that generated higher stresses for breakage. De-
iber et al. reported that as the GA concentration was
increased, the average mesh size is reduced so that the
initial crack to break the hydrogel required higher tensions
to materialize [38].

The ability of the hydrogels to absorb fluid to some
extent is important for artificial skin functions, since this
aid in the transfer of cell nutrients and metabolic products
along the material during cell culture. Moreover, a moist
wound environment also hasten wound healing rate
because the tissues are prevented from being dessicated
[39]. It was shown that a lower GA concentration allowed
the hydrogel to swell more. This was also observed in a
study conducted by Bigi et al. [34] with gelatin. Initially,
water molecules hydrate the polar and hydrophilic groups
of the hydrogel. As the maximal number of bound water is
reached, the hydrogel network will try to accommodate
more water which in this case was opposed by the
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crosslinker. Consequently, as more water molecules
occupy the hydrogel network there is a greater tendency for
the network to break and disintegrate. Thus, if there is a
greater opposing force, in this case, of the crosslinker
present, a longer time is needed to completely disintegrate
the hydrogel network.

The optimal degradation time rate of the scaffolds for
use in the in artificial skin depends on its purpose and
application. The proliferation phase of the wound healing
process is said to be about 3 weeks [3]. Therefore, a
scaffold intended for temporary skin replacement should
not completely disintegrate before this time to be able to
perform its template function. PCL is known to disintegrate
for a long time, averaging 2 years, but the degradation rate
decreases when PCL is combined with a co-polymer [11].
CG hydrogels, however, degrades relatively faster which
can be expected from natural polymers.

The ability of the samples to support cell growth without
inducing cytotoxic effects was evaluated using the MTT
assay. For the PCL/PLGA membranes, no significant dif-
ference in the cytotoxicity was observed at increasing PCL
concentrations. After 5 days of culture, it was observed
that the membrane with the least amount of PCL was able
to support the highest cell viability. This may be related
to the amount of PCL used to fabricate the membrane.
Increased PCL concentration produced fibers with larger
diameter and fiber diameter was known to have an effect on
cell growth, since fibers with larger diameters displayed
reduced cell adhesion and limited cell proliferation [25]. In
the case of CG hydrogels, the GA content significantly
affected cell viability. Despite the high gelatin content,
which was used to improve the cell affinity to the scaffold,
a reduced cell viability was observed when the GA content
was 4.5% and above. Optical inspection of the fibroblast
cell morphology on the hydrogel samples can be correlated
with the results of the MTT assay. Cell growth, as indicated
by the change in cell shape and attachment of the extra-
cellular material on the hydrogels, at lower GA content was
significantly different compared to hydrogels at higher GA
concentrations where cell shape did not drastically changed
and attachment of the extracellular material was very
limited. The mode of cytotoxic action of GA is dependent
on its aldehyde groups. Loss of this reactive group will
consequently reduce its biocidal activity [40]. A previous
study reported that GA works by inducing DNA damage to
some mammalian cell cultures [41].

A BS composed of two different materials can provide
alternative methods for fabricating skin tissue engineering
scaffolds. Commercially-available Integra is one example
of a BS composed of a silicone upper layer and collagen-
glycosaminoglycan sublayer. The structural principle
shared by the BS being proposed in this study states that
the upper layer imparts mechanical strength to the scaffold

and acts as a wound cover while the lower layer helps to
rehabilitate the wound environment. In contrast, the upper
layer used in this study was composed of an electrospun
PCL/PLGA membrane which is biodegradable and porous.
These characteristics, especially biodegradability, can be
controlled and modified for other purposes such as incor-
poration of a drug-delivery system which can help promote
wound healing.

The CG hydrogel will comprise the bottom, porous
layer. The CG hydrogel, due to its porous nature, can retain
moisture which is beneficial in wound healing. In the
preliminary data presented, enlargement and biodegrada-
tion were minimized in the BS compared with the CG
hydrogel layer alone. This can be attributed with the
adherence of the hydrophobic PCL/PLGA membrane layer
that can resist water molecules in the upper surface of the
BS structure rendering it to be relatively more stable in
terms of shape changes and disintegration. The cell via-
bility on the BS was around 80% but was observed to be
slightly reduced compared to the PCL/PLGA membrane
and CG hydrogel. This may be due to the combined effects
of GA crosslinking and PCL hydrophobicity. Due to a
relatively fast degradation rate of the CG hydrogel layer,
the BS cannot withstand long term cell culture when used
as a cellularised tissue engineering scaffold. As an acellular
scaffold aimed to aid wound healing, the fabricated BS has
shown favorable in vitro biocompatibility. However, the
effects of degradation by-products and material behavior in
vivo must still be investigated.

5 Conclusion

Two separate biomaterials were fabricated and character-
ized to investigate on the qualities that can support a BS for
future skin tissue engineering applications. A bilayer
design was envisioned for an artificial skin scaffold where
distinct qualities of the two systems can be combined to
enhance its function. The electrospun PCL/PLGA mem-
brane (M-12) displayed the best mechanical strength and
biocompatible properties. The chitosan—gelatin hydrogel
(CG-3.5) is a porous and absorbable scaffold that can
support relatively high cell viability while maintaining
important physical properties (mechanical strength and
degradation) required for a skin tissue scaffold. The pro-
posed combination of these two biomaterials can open
more possibilities for wound treatment and rehabilitation as
one system may not be sufficient to answer the complex
environment in wound treatment and skin regeneration.
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