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A family of injectable, rapid gelling and highly flexible hydrogel composites capable of releasing insulin-
like growth factor (IGF-1) and delivering mesenchymal stromal cell (MSC) were developed. Hydrogel
composites were fabricated from Type I collagen, chondroitin sulfate (CS) and a thermosensitive and
degradable hydrogel copolymer based on N-isopropylacrylamide, acrylic acid, N-acryloxysuccinimide
and a macromer poly(trimethylene carbonate)-hydroxyethyl methacrylate. The hydrogel copolymer
was gellable at body temperature before degradation and soluble at body temperature after degradation.
Hydrogel composites exhibited LCSTs around room temperature. They could easily be injected through a
26-gauge needle at 4 �C, and were capable of gelling within 6 s at 37 �C to form highly flexible gels with
moduli matching those of the rat and human myocardium. The hydrogel composites showed good oxy-
gen permeability; the oxygen pressure within the hydrogel composites was similar to that in the air. The
effects of collagen and CS contents on LCST, gelation time, injectability, mechanical properties and deg-
radation properties were investigated. IGF-1 was loaded into the hydrogel composites for enhanced cell
survival/growth. The released IGF-1 remained bioactive during a 2-week release period. Small fraction of
CS in the hydrogel composites significantly decreased IGF-1 release rate. The release kinetics appeared to
be controlled mainly by hydrogel composite water content, degradation and interaction with IGF-1.
Human MSC adhesion on the hydrogel composites was comparable to that on the tissue culture plate.
MSCs were encapsulated in the hydrogel composites and were found to grow inside during a 7-day cul-
ture period. IGF-1 loading significantly accelerated MSC growth. RT-PCR analysis demonstrated that MSCs
maintained their multipotent differentiation potential in hydrogel composites with and without IGF-1.
These injectable and rapid gelling hydrogel composites demonstrated attractive properties for serving
as growth factor and cell carriers for cardiovascular tissue engineering applications.

� 2009 Acta Materialia Inc. Published by Elsevier Ltd. All rights reserved.
1. Introduction

Hydrogels are a class of biomaterials that have high water con-
tent and tissue-like mechanical properties [1,2]. Hydrogels alone or
combined with cells have been used to engineer a variety of tissues
in vitro and in vivo [3–5]. Injectable hydrogels as one hydrogel type
have been extensively employed as cell carriers for in vivo tissue
engineering [6,7]. The advantages of using injectable hydrogels
lie in that they have high moldability, capable of filling irregular-
shaped defects; can be delivered to the in vivo environment by
limited surgical invasion such as minimally invasive surgery [8];
and are readily for cell and drug encapsulation. After being deliv-
ered in vivo, the injectable hydrogels solidify to form tissue
ia Inc. Published by Elsevier Ltd. A
constructs, which are exposed to the in vivo environment and
therefore are capable of experiencing local biological and mechan-
ical cues that may enhance tissue development [9,10].

Injectable hydrogel solidification (gelation) can be accom-
plished by approaches including chemical polymerization, photo-
polymerization and thermal crosslinking [6,11–13]. The chemical
polymerization and photopolymerization have been extensively
applied for gelation of injectable hydrogels, though the use of
chemicals (initiators) in the processes may raise cytotoxicity issues
or add complexity to the delivery systems [12]. Thermal crosslink-
ing is applicable for thermosensitive hydrogels that undergo phase
separation in response to temperature change [14]. The gelation
can be achieved simply by raising the temperature to above lower
critical solution temperature (LCST) of the polymer. Various
thermosensitive hydrogels such as methylcellulose [15], poly-
(N-isopropylacrylamide) (PNIPAAm) and copolymers [14,16],
ll rights reserved.

http://dx.doi.org/10.1016/j.actbio.2009.12.011
mailto:guan.21@osu.edu
http://www.sciencedirect.com/science/journal/17427061
http://www.elsevier.com/locate/actabiomat


F. Wang et al. / Acta Biomaterialia 6 (2010) 1978–1991 1979
poly(ethylene oxide)–poly(propylene oxide)–poly(ethylene oxide)
(PEO–PPO–PEO) [6,14,16], poly(ethylene glycol) (PEG)/biodegrad-
able polyester copolymers [6,14,16,17], and elastin-like peptides
[18] have been developed. Poly(N-isopropylacrylamide) (PNI-
PAAm) is one of the most studied thermosensitive polymers due
to its relatively low LCST (32 �C), allowing it to be in the gel form
at body temperature. PNIPAAm has been utilized for a broad range
of applications such as drug delivery [19] and cell therapy [20,21].
The major limitation for PNIPAAm hydrogel is that it is non-biode-
gradable and not readily cleared away from the body under phys-
iological conditions [22]. Efforts have been made to prepare
degradable PNIPAAm by introduction of biomacromolecules or
peptide sequences into the PNIPAAm-based polymers [23], or
copolymerization with monomers possessing degradable polyester
segments [11–12]. Another disadvantage limiting the application
of PNIPPAm hydrogel is its intrinsic hard and brittle mechanical
properties. To address these two limitations, we have previously
developed a family of biodegradable and flexible PNIPAAm based
hydrogels using PLA as a degradable segment [11]. Although these
hydrogels exhibited attractive mechanical properties, they are not
yet ideal as they have relatively high degradation rates and low
cytocompatibility.

Our objective in this work was to synthesize a slower degrading
PNIPAAm based hydrogel that also possess attractive mechanical
properties, and develop a family of composites capable of improv-
ing cytocompatibility and delivery bioactive factors and cells. To
accomplish these objectives, a thermosensitive copolymer based
on N-isopropylacrylamide, acrylic acid, N-acryloxysuccinimide
and a macromer poly(trimethylene carbonate)-hydroxyethyl
methacrylate (HEMAPTMC) was synthesized. The hydrogel was
found to have significantly reduced degradation rate than previous
hydrogels using PLA as a degradable segment [11]. Collagen and
chondroitin sulfate were incorporated in the hydrogel and devel-
oped a family of hydrogel composites with improved cytocompat-
ibility. Furthermore, prosurvival growth factor IGF-1 was loaded
into the hydrogel composites. The IGF-1 loading significantly en-
hanced MSC growth within the hydrogel composites. The chemical,
mechanical and degradation properties of the resulting hydrogel
and hydrogel composites, IGF-1 release kinetics, cell adhesion
and growth were evaluated.
2. Materials and methods

2.1. Materials

Trimethylene carbonate (TMC, Boehringer Ingelheim) was
lyophilized overnight to remove residual water prior to use. NIP-
AAm (Acros) was recrystallized in ethyl acetate and hexane,
respectively. Acrylic acid (AAc, Fisher Scientific) and 2-hydroxy-
ethyl methacrylate (HEMA, Sigma) were purified by reduced pres-
sure distillation. N-Acryloxysuccinimide (NAS, Sigma), benzoyl
peroxide (BPO, Fisher Scientific), stannous 2-ethylhexanoate
(Sn(OCt)2, Fisher Scientific), Type I acid soluble collagen (Kensey
Nash Corporation) and chondroitin sulfate A sodium salt (CS, Sig-
ma) were used as received. Solvents used in the experiments were
analytical grade.
2.2. Synthesis of polytrimethylcarbonate-hydroxyethyl methacrylate
(HEMAPTMC) macromer

Macromer HEMAPTMC was synthesized by ring-opening poly-
merization of TMC with HEMA (Scheme 1) [11,24]. The reaction
was carried out under N2 atmosphere. TMC and HEMA with a mo-
lar ratio of TMC/HEMA = 2 were added into a three-necked flask
equipped with N2 inlet and outlet. The flask was placed in an
110 �C oil bath. After TMC was melted, Sn(OCt)2 (1 mol.% with re-
spect to HEMA) dissolved in 1 ml toluene was added. The reaction
was conducted at 110 �C for 1 h. The flask was then cooled to room
temperature, and added with tetrahydrofuran (THF) to dissolve the
reaction mixture. The solution was precipitated in ice water. The
precipitate was dissolved in ethyl acetate and dried with MgSO4

overnight. After filtration, the ethyl acetate was evaporated under
reduced pressure. The resulting viscous oil was then dried in a vac-
uum oven overnight at room temperature. The synthesized macro-
mer was characterized by 1H NMR using chloroform (CDCl3) as a
solvent. The HEMA/TMC ratio in the macromer was 1.9 as calcu-
lated from area of the protons from HEMA unit (CH2 = 6.02 and
5.68 ppm, respectively; CH3– 1.95 ppm; –OCH2CH2O– 4.33 ppm)
and TMC unit (–OCH2CH2CH2O– 4.11 ppm; –OCH2CH2CH2O–
1.91 ppm).

2.3. Synthesis of hydrogel copolymer poly(NIPAAm-co-AAc-co-NAS-co-
HEMAPTMC)

Poly(NIPAAm-co-AAc-co-NAS-co-HEMAPTMC) was synthesized
by free radical polymerization using benzyl peroxide (BPO) as an
initiator (Scheme 1) [11]. Monomers NIPAAm, AAc, NAS and
HEMAPTMC with a molar ratio of 85/6/5/4 were dissolved in
1,4-dioxane to form a 10 wt.% monomer solution and added into
a 500 ml one-necked flask. The flask was purged with N2 for
10 min. A degassed solution of BPO (7.2 � 10�3 mol/mol monomer)
in 1,4-dioxane was then injected into the flask. The polymerization
was conducted at 70 �C for 24 h. After cooling to room tempera-
ture, the polymer solution was precipitated in hexane. The polymer
was purified twice by dissolving in THF and precipitating in ethyl
ether. The resulting polymer was dried at 50 �C in a vacuum oven.

2.4. Preparation of hydrogel/collagen and hydrogel/collagen/
chondroitin sulfate composites

The hydrogel/collagen composites were prepared by mixing
hydrogel with Type I collagen (Scheme 2). This process involved
conjugation reaction between NHS groups in the hydrogel and
amine groups in the collagen [11]. The hydrogel copolymer was
dissolved in phosphate buffered saline (PBS, pH 7.4) at 4 �C to form
a 20 wt.% solution. The defined amount of Type I collagen solution
(8 wt.%) was neutralized with small aliquots of 1 M sodium
hydroxide, and then added into the hydrogel solution. After thor-
oughly mixing, the hydrogel/collagen mixture was set at 4 �C over-
night. The collagen content initially added to the hydrogel solution
was 5 and 10 wt.%, respectively. To prepare hydrogel/collagen/CS
composite, CS was added to above collagen incorporated hydrogel
mixture. The CS/collagen ratio of 6 wt.% was used [25,26]. The
formed composites were placed in a 37 �C water bath for gelation
to obtain gels. The poly(NIPAAm-co-AAc-co-NAS-co-HEMAPTMC)
copolymer hydrogel, hydrogel/collagen and hydrogel/collagen/CS
composites were abbreviated as Tgel, Tgel/ColX and Tgel/ColX/CS,
respectively, where Col, CS and X represent collagen, chondroitin
sulfate A sodium salt and collagen content, respectively. Three dif-
ferent kinds of hydrogel composites were made by varying colla-
gen content and addition of CS (Table 1).

2.5. Polymer characterization

Polymer molecular weight was measured by gel permeation
chromatography (GPC, Waters 1515 HPLC pump, Waters 2414
differential refractometer) at 35 �C using THF as a solvent.
Poly(methyl methacrylate) standards (Fluka, ReadyCal Set Mp

500–2,700,000) were used for calibration. 1H NMR spectra were re-
corded by a 300 MHz spectrometer employing CDCl3 as a solvent.
Glass transition temperatures (Tgs) of the dry polymer composites
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Scheme 1. Synthesis of macromer HEMAPTMC and copolymer poly(NIPAAm-co-AAc-co-NAS-co-HEMAPTMC), and degradation of the copolymer.
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were measured by differential scanning calorimetry (DSC, TA 2920)
over a temperature range of �100 to 200 �C using a heating rate of
20 �C min�1. Dry polymer composites were prepared by lyophiliza-
tion of hydrogel composite solutions. LCSTs of the hydrogel com-
posites were determined by DSC over a temperature range of
0–90 �C using a heating rate of 10 �C min�1. The hydrogel compos-
ite solutions containing 20 wt.% hydrogel copolymer were used for
all studies. LCST of the completely degraded hydrogel was also
measured. The completely degraded hydrogel was prepared by
hydrolysis of hydrogel copolymer in a 1.0 M sodium hydroxide
solution at 4 �C for 10 days, followed by neutralization with a
10 M hydrochloride solution. Complete degradation was judged
by the observation of a clear hydrogel solution when placed in a
37 �C water bath since its LCST was above 37 �C (Table 2). Molecu-
lar weight of the completely degraded polymer was also measured.

Hydrogel composite gelation time was measured in a micro-
scope (IX71, Olympus) equipped with a temperature control sys-
tem (Weather Station, Precisioncontrol, Inc.) and a video recorder
(DP70, Olympus). The system was pre-warmed to 37 �C before
testing. During the testing, a drop of hydrogel composite solution
(20 ll, 20 wt.%) pre-cooled to 4 �C was quickly dropped on the
glass slide placed on the stage of the microscope. The gelation pro-
cess was recorded. The time needed for the hydrogel solution to
become completely opaque (light is completely blocked) was con-
sidered as a gelation time. Hydrogel composite injectability was
evaluated by its ability to be injected through a 26-gauge needle.
This was based on the consideration for future animal injection,
where needles as small as 26-gauge were used. Hydrogel compos-
ite solution (4 �C) was filled into a 1 ml syringe equipped with a
26-gauge needle. The syringe was then cooled in a 4 �C refrigerator
before being manually injected.

Water content of the hydrogel composites at 37 �C was mea-
sured. The hydrogel composite solutions containing 20 wt.% of
hydrogel copolymer were placed in a 37 �C water bath for gelation.
The formed gels were maintained at 37 �C for 5 h to reach equilib-
rium water content. The gels were then taken out and wiped with
tissue paper to remove the surface water. Water content was de-
fined as the difference between the wet mass (w2) and dry mass
(w1) of the hydrogel composites:

Water content ð%Þ ¼ 100� ðw2 �w1Þ=w1

Oxygen permeability of the hydrogel composites was tested
using electron paramagnetic resonance (EPR) oximetry. The princi-
ple of EPR oximetry is based on molecular oxygen-induced line-
width changes in the EPR spectrum of a paramagnetic probe. EPR
technology has been well established and validated for measure-
ments of oxygen pressure PO2 from single cell to whole organ
[27–29]. EPR oximetry was conducted using established procedure
as described previously [27]. A stable and non-toxic paramagnetic
LiNc-BuO was used as a probe. The probe was sonicated to less
than 1 lm in size and mixed with hydrogel before loaded in gas-
permeable capillary tube for EPR measurements. The gas-perme-



CH2 CH

C O

NH

CH
H3C CH3

CH2 CH

C O

O

N OO

CH2 CH

C O

OH

CH2 CH
CH3

C O

O(CH2)2O CO(CH2)3O

O

n'

CH2 CH

C O

NH
CH

H3C CH3

CH2 CH

C O

N

Collagen

CH2 CH

C O

OH

CH2 CH

CH3

C O

O(CH2)2O CO(CH2)3O

O

n'

Collagen mixing

Mixing with chondroitin sulfate

Incorporation IGF-1

Hydrogel copolymer

Collagen

Chondroitin sulfate

IGF-1

Scheme 2. Fabrication of hydrogel composites. The fabrication process includes mixing of hydrogel with collagen, incorporation of chondroitin sulfate and IGF-1 loading.

Table 1
Composition of hydrogel and hydrogel composites.a

Hydrogel (wt.%) Collagen (wt.%) CS (wt.%)

Tgel 100 0 0
Tgel/Col5 95 5 0
Tgel/Col10 90 10 0
Tgel/Col5/CS 95 5 0.3

a The hydrogel copolymer concentration was 20 wt.% for all the hydrogel and
hydrogel composite solutions.

Table 2
Gelation time, injectability and water content of hydrogel composites.a

Gelation
time (s)b

Injectabilityc Water content
(wt.%)

Tgel 5 + 43 ± 2
Tgel/Col5 4 + 56 ± 5
Tgel/Col10 6 + 58 ± 3
Tgel/Col5/CS 5 + 50 ± 2
Tgel/Col5 + MSC 5 + —
Tgel/Col5/CS + MSC 5 + —

a The hydrogel copolymer concentration was 20 wt.% for all the hydrogel and
hydrogel composite solutions.

b Gelation time was tested at 37 �C for 20 ll of hydrogel composite.
c Injectability was tested through a 26-gauge needle.
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able tube was flushed with 100% N2 for 17 min to remove any oxy-
gen in the hydrogel composites. Similarly, it was flushed with 21%
O2 for 17 min to allow oxygen penetrate into the hydrogel compos-
ites. The PO2 measurements were performed using an L-band EPR
spectrometer (Magnettech, Berlin, Germany). EPR spectra were ac-
quired as single 60 s duration scans. The instrument settings were:
microwave frequency, 1.2 GHz (L-band); incident microwave
power, 4 mW; modulation amplitude, 180 mG; modulation fre-
quency 100 kHz; receiver time constant, 0.2 s. The peak-to-peak
width of the EPR spectrum was used to calculate PO2 using a stan-
dard calibration curve [27].

Tensile mechanical properties of the hydrogel composites at
37 �C were characterized using the method described previously
[14]. Before testing, 2 ml of 20 wt.% hydrogel composite solution
in a 20 ml vial were placed in a 37 �C water bath to form a gel.
The gel was maintained in the water bath for 5 h before being re-
moved from the vial and cut into a rectangular shape with a width
of 3 mm and a length of 25 mm. To ensure that the sample loading
process does not cause sample defects due to thermosensitive nat-
ure of the hydrogel composites, the grips were preheated at 37 �C
before the samples being loaded. The testing was conducted in a
37 �C water bath using an Instron load frame (model 1322). A
cross-head speed of 50 mm min�1 was used [30]. At least five sam-
ples were evaluated for each condition.
2.6. Hydrogel degradation

Hydrogel composites degradation in PBS (pH 7.4) at 37 �C was
quantified for Tgel, Tgel/Col5 and Tgel/Col5/CS over a 2-week deg-
radation period. The defined volume (�250 ll) of thoroughly
mixed hydrogel composite solution with defined concentration
(�20 wt.%) was added into a 2 ml microcentrifuge tube. The hydro-
gel composite solution was placed in a 37 �C water bath for gela-
tion and the formed gel was maintained in the water bath for
5 h. The supernatant (water repelled during the gelation) was then
taken out and pre-warmed PBS was added. The degradation was
conducted at 37 �C. The samples were taken at defined intervals,
washed three times with warm DI water and vacuum dried at
60 �C for 2 days before being weighed (w2). The weight remaining
was calculated as:
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Weight remain ð%Þ ¼ 100�w2=w1

where w1 is the sample weight before degradation. At least four
samples were evaluated for each hydrogel composite type.
2.7. Cytotoxicity of degradation products

The cytotoxicity of hydrogel copolymer degradation products
was evaluated by their effect on NIH3T3 fibroblast growth [31].
The hydrogel copolymer was completely degraded using the meth-
od described in Section 2.5. Different amount of degradation prod-
ucts were dissolved in the normal culture medium (Dulbecco’s
modified Eagle’s medium (DMEM) with 10% FBS) to obtain media
containing different concentration of degradation products (1, 5,
10 and 15 mg ml�1). The cells were seeded into a 96-well tissue
culture plate at a density of 2 � 105 cells ml�1 and supplemented
with normal culture medium. After 24 h of culture, the medium
was removed and replaced with medium containing degradation
products. The normal culture medium without degradation prod-
ucts was used a control. After 48 h of culture, cell viability was
evaluated by MTT assay.
2.8. IGF-1 loading and release

IGF-1 was loaded into Tgel/Col5 and Tgel/Col5/CS to fabricate
IGF-1 releasing hydrogel composites (Scheme 2). IGF-1 (PeproTech
Inc.) was dissolved in PBS (pH 7.4) to obtain a stock solution with a
concentration of 100 lg ml�1. The defined volume (�8 ll) of IGF-1
solution was then added into 1 ml, 4 �C hydrogel composite solu-
tion containing 20 wt.% of hydrogel copolymer. The IGF-1 concen-
tration was designed to be 40 ng mg�1 dry hydrogel composite.
After thoroughly mixing, the mixture was kept at 4 �C overnight.
The mixture was then transferred into a 37 �C water bath for gela-
tion to obtain an IGF-1 encapsulated gel (�210 mg in dry weight).
To measure release kinetics of the IGF-1, the gel was remained in
the water bath for 5 h before the supernatant was collected and
2 ml release medium was added. The PBS supplemented with 1%
penicillin/streptomycin and 0.5% fetal bovine serum (FBS) was
used as a release medium [32,33]. The release was conducted in
a 37 �C water bath. The release medium was collected at predeter-
mined time intervals and replaced with fresh release medium. The
concentration of IGF-1 in the release medium was measured by
IGF-1 ELISA kit (R&D systems). The IGF-1 loading efficiency was de-
fined as:

Loading efficiency ¼ ðw1 �w2Þ=w1 � 100%

where w1 and w2 are amount of IGF-1 initially added into the
hydrogel composite and amount of IGF-1 in the supernatant (water
repelled during the gelation), respectively.
2.9. Bioactivity of released IGF-1

Bioactivity of released IGF-1 was evaluated in terms of its stim-
ulatory effect on NIH3T3 fibroblast growth [34]. The cells were cul-
tured in a T-175 flask supplemented with a culture medium
containing 10% FBS and DMEM. The cells were seeded into a 96-
well tissue culture plate at a density of 2 � 105 cells ml�1. After
incubation for 24 h, the culture medium was removed and re-
placed with above collected IGF-1 containing release medium.
The cells were then cultured for additional 48 h and cell viability
was measured by MTT assay [11]. The release media without
IGF-1, with 1 and 10 ng ml�1 IGF-1 were used as controls.
2.10. MSC adhesion on hydrogel composites

Hydrogel composite surface was seeded with MSCs to evaluate
cell adhesion. Human MSCs (Lonza) were expanded in T-175 flasks
supplemented with undifferentiation culture medium (DMEM con-
taining 20% FBS, 100 U ml�1 penicillin, 100 lg ml�1 streptomycin
and 2 mM L-glutamine). The culture medium was changed twice
a week. MSCs at passage 10 were used for cell seeding. Previous
study demonstrated that MSCs at this passage preserved multipo-
tency and phenotype [35]. Hydrogel and hydrogel composites were
cut into 6 mm discs and fitted into a 96-well tissue culture plate.
MSCs were seeded at a density of 2 � 105 cells ml�1 on the sam-
ples. After 24 h of culture, the culture medium was removed and
the samples were washed with 37 �C PBS for three times. The cells
and hydrogel composites were then digested with trypsin, neutral-
ized with FBS and diluted with large amount of PBS (4 �C). The cell
number was quickly counted using a hemocytometer. Before
counting, both cell suspension and hemocytometer were cooled
at 4 �C to allow the cell suspension to be transparent during the
counting. MSC adhesion on pure hydrogel (Tgel), hydrogel compos-
ites (Tgel/Col5 and Tgel/Col5/CS) with or without IGF-1 loading
was evaluated (n = 5). Tissue culture plate was used as a control.

2.11. MSC encapsulation in hydrogel composite

The hydrogel composites with or without IGF-1 loading were
encapsulated with MSCs to evaluate the effect of IGF-1 loading
on MSC growth within the hydrogel. MSCs at passage 10 were
used. Before encapsulation, MSCs were labeled with living cell
marker CellTracker Green CMFDA (5-chloromethylfluorescein
diacetate, concentration 10 lM) at 37 �C for 30 min [11]. The la-
beled MSCs were washed twice with culture medium to remove
free CMFDA. The MSCs were then suspended in PBS to obtain a cell
suspension with a density of 1 � 107 cells ml�1. The hydrogel com-
posites (containing 20 wt.% of hydrogel copolymer) solutions with
or without IGF-1 loading were sterilized under UV light in a lami-
nar flow hood for 30 min at 4 �C. The labeled MSC suspension
(0.25 ml) was mixed thoroughly with 1 ml of hydrogel composite
solution obtain a final cell density of 2.5 � 106 cells ml�1. The mix-
ture was transferred into a 37 �C water bath for gelation for 10 min
to obtain MSC encapsulated hydrogel composites. The supernatant
was then removed and replaced with culture medium (PBS con-
taining 20% FBS, 100 U ml�1 penicillin, 100 lg ml�1 streptomycin
and 2 mM L-glutamine). Cell encapsulation efficiency was calcu-
lated as the percentage of number of cells encapsulated (number
of cells added minus number of cells in the supernatant) to number
of cells originally added. The medium was changed daily for 7 days.
After 1, 3 and 7 days of culture, the hydrogel composites were di-
gested with trypsin, neutralized with FBS and diluted with a large
amount of PBS (4 �C). The cell number was counted using a hemo-
cytometer as described above. To image live cells, the hydrogel
composites were cut into �100 lm thick pieces and visualized
using a fluorescent microscope.

RT-PCR analysis was performed for MSCs encapsulated in the
hydrogel composites after 7 days’ culture. The MSCs cultured in tis-
sue culture plate were used as control. Total RNA was extracted by
TRIzol (Sigma) according to the manufacturer’s instruction.
Amount of isolated RNA was quantified by Nanodrop 1000 (Ther-
mo, USA). Approximately 1 lg RNA was used to synthesize cDNA
by High Capacity cDNA Reverse Transcription Kits (Applied Biosys-
tem). PCR was performed by Mastercycler ep gradient S thermal
cycler (Eppendorf) and Platinum Taq DNA Polymerase (Invitrogen)
with primers listed in Table 3 by the conditions below: 94 �C for
2 min, 40 cycles (94 �C for 1 min, 58 �C for 1 min and 72 �C for
2 min) and a final 72 �C extension for 10 min [36]. The amplified
product was analyzed by electrophoresis in 2% agarose gel.



Table 3
PCR primers.

Gene Prime sequences (Forward and Reverse) Tm (�C)a

Collagen Type 1 (a1) 50-CCGGAAACAGACAAGCAACCCAAA-30 73.2
30-AAAGGAGCAGAAAGGGCAGCATTG-50 71.8

Osteonectin 50-TTCTGCCTGGAGACAAGGTGCTAA-30 69.8
30-TCTGTTACTTCCCTTTGCCCACCT-50 69.4

PPARc2 50-CTGTTTGCCAAGCTGCTCCAGAAA-30 72.1
30-AAGAAGGGAAATGTTGGCAGTGGC-50 71.6

b-Actin 50-AAGATCAAGATCATTGCTCCTC-30 61.2
30-GGACTCATCGTACTCCTG-50 59.5

a Tms were calculated by NIH PerlPrimer software.
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To evaluate mechanical properties after MSC encapsulation, the
MSC encapsulated hydrogel composites were placed in a 37 �C
water bath for 5 h to reach equilibrium water content. The
mechanical properties of the formed gels were tested at 37 �C
according to the method described above. At least five samples
were tested for each condition.

2.12. Statistical methods

Data are expressed as mean value ± standard deviation. Statisti-
cal analysis was performed by ANOVA with post hoc Neuman–
Keuls testing for differences.

3. Results

3.1. Characterization of hydrogel copolymer

FTIR and 1H NMR spectra were used to characterize structure of
the synthesized hydrogel copolymer. FTIR spectrum (Fig. 1a) shows
that the copolymer had characteristic absorptions of amide group
(1530 and 1640 cm�1), isopropyl group (1460, 1380 and 1360
cm�1), carboxylic group (1713 cm�1), succinimide group (1780
and 1806 cm�1) and carbonate group (1730 cm�1), respectively. In
1H NMR spectrum (Fig. 1b), the copolymer demonstrated character-
istic proton peaks of the monomer units NIPAAm (a, b, c, d and e),
AAc (a and b), NAS (a, b and f) and HEMAPTMC (a, g, h, i and j). Com-
position of the synthesized copolymer was calculated from the inte-
gration area ratio of the characteristic proton peaks from each
monomer unit, NIPAAm (c), AAc (a/2-c-f/4-g/3), NAS (f/4) and
HEMAPTMC (g/3). The NIPAAm/AAc/NAS/HEMAPTMC ratio was
found to be 85.0/5.8/5.5/3.7. The number average molecular weight
of the copolymer was 31,000 (PDI 1.72) as characterized by GPC.

3.2. Hydrogel composites gelation time, injectability, oxygen
permeability and water content

Hydrogel composites were formed by mixing of hydrogel and
collagen, with or without addition of CS. Collagen content affected
hydrogel composite gelation ability. When the collagen content
was 20 wt.%, the hydrogel composite was unable to form gel at
37 �C, but precipitated into white emulsion. In contrast, addition
of 5 and 10 wt.% collagen retained gelling ability at 37 �C (Table
2 and Fig. 2). These two collagen concentrations were thus em-
ployed to form hydrogel composites. The addition of a small frac-
tion of CS was found not to change gelling ability of the hydrogel
composites. Gelation time was measured for the hydrogel compos-
ites. The time for a drop of 20 ll hydrogel composite solution to
form an opaque gel was considered as a gelation time. Table 2
shows that the pure hydrogel and hydrogel composites were
quickly gellable, where the pure hydrogel had a gelation time of
5 s, and the hydrogel composites exhibited a gelation time in the
range of 4–6 s.
Hydrogel composite injectability was tested by injecting a
20 wt.%, 4 �C hydrogel composite solution through a 26-gauge nee-
dle. The hydrogel composite that can be injected through the nee-
dle was considered as being injectable. This injectability criterion
was based on the consideration that applications such as myocar-
dial and muscular injection employ needles as small as 26 gauge
[37,38]. It was found that pure hydrogel and all the hydrogel com-
posites were injectable (Fig. 2 and Table 2).

Hydrogel composites oxygen permeability was measured using
EPR. Fig. 3 demonstrates that hydrogel composites were responsive
to changes in oxygen concentration, indicating that they were oxy-
gen permeable. The oxygen pressure in the hydrogel composites
was �159 mm Hg, similar to that in the air.

Water content in the hydrogel composites after gelation was
dependent on collagen content (Table 2). In comparison with pure
hydrogel, incorporation of 5% collagen significantly increased
water content (p < 0.05). Further increase in collagen content to
10% only slightly increased water content. For hydrogel composite
Tgel/Col5, the addition of CS was found to substantially decrease
water content although there was no significant difference.

3.3. Hydrogel composites thermal properties

The hydrogel and hydrogel composites were stiff and brittle in
dry state. DSC analysis demonstrated that glass transition temper-
ature (Tg) of the hydrogel copolymer was 134.5 �C (Table 4, DSC
curves are presented in Fig. S1 in Supplementary Information).
The Tgs of the hydrogel composites were higher than that of the
hydrogel copolymer, and increased with collagen content. Addition
of CS into hydrogel composite was found to slightly increase Tg.

LCSTs of the hydrogel composites are presented in Table 4 (DSC
curves are presented in Fig. S1 in Supplementary Information). All
of the hydrogel composites possessed LCSTs around room temper-
ature, ranging from 23.8 to 26.9 �C. The LCSTs were dependent on
collagen content and CS addition. Table 4 shows that LCST in-
creased with collagen content. For hydrogel composite Tgel/Col5,
the addition of CS was seen to slightly increase LCST. The pure
hydrogel was hydrolyzed in NaOH solution to remove the degrad-
able side chain PTMC. The resulting polymer theoretically exhibits
the same polymer structure as that completely degraded in PBS
(Scheme 1). The hydrolyzed polymer possessed a LCST of 49.4 �C,
which is well above 37 �C, demonstrating that the completely de-
graded polymer is soluble at body temperature.

3.4. Hydrogel composite mechanical properties

Fig. 2d and e shows that the hydrogel composite was stretch-
able at 37 �C. Quantitative mechanical properties under aqueous
conditions at 37 �C were presented in Table 5. All the hydrogel
composites were highly flexible with elongation greater than
1000%, exceeding strain range of the testing equipment. The tensile
stresses and moduli were in the ranges of 10–17 kPa and
63–120 kPa, respectively. The tensile stress and modulus were
related to collagen content and CS addition. The pure hydrogel pos-
sessed tensile stress and modulus of 16 ± 4 kPa and 63 ± 11 kPa,
respectively. Addition of 5% collagen did not change tensile stress
but significantly increased modulus to 100 ± 34 kPa (p < 0.05).
When the collagen content was increased to 10%, the tensile stress
was significantly decreased (p < 0.05) and the modulus was un-
changed (p > 0.05). For Tgel/Col5 composite, addition of CS did
not significantly alter both tensile stress and modulus.

3.5. Hydrogel composites degradation

In vitro degradation of pure hydrogel (Tgel), and hydrogel com-
posites (Tgel/Col5 and Tgel/Col5/CS) in PBS at 37 �C is presented in
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Fig. 4. Both pure hydrogel and hydrogel composites demonstrated
progressive mass loss during the degradation. After 14 days, they
exhibited weight remaining �90%. It was found that weight
remaining of the Tgel at each time point was essentially equivalent
to the Tgel/Col5 and Tgel/Col5/CS hydrogel composites. Comparing
Tgel/Col5 and Tgel/Col5/CS, the addition of CS into the hydrogel
composite did not significantly alter degradation rate.

To confirm degradability of the hydrogel, molecular weights of
the hydrogel (Tgel) before and after degradation were measured by
GPC. The number average molecular weight before degradation
was 31,000 (PDI 1.72), which decreased to 20,000 (PDI 1.69) for
the completely degraded hydrogel obtained by hydrolysis with
NaOH, demonstrating that side chain PTMC was degradable.

Degradation products cytotoxicity was evaluated by examining
cell viability of the NIH3T3 fibroblasts cultured in the medium con-
taining different concentrations of completely degraded hydrogel
copolymer. Fig. 5 demonstrates that the culture media containing
1–15 mg ml�1 degradation products had similar cell viability as
the control medium without degradation products (p > 0.05). The
cell viability was not significantly different among all concentra-
tions (p > 0.05).

3.6. IGF-1 release kinetics

IGF-1 was loaded into both Tgel/Col5 and Tgel/Col5/CS to inves-
tigate the feasibility that the developed hydrogel composites can
be used as vehicles for protein delivery. The concentration of
IGF-1 in the collected release medium was measured by IGF-1 ELI-
SA kit. Both hydrogel composites had encapsulation efficiencies
greater than 90%. Fig. 6 presents the release kinetics of IGF-1 from
both hydrogel composites. The IGF-1 demonstrated a two-stage re-
lease profile in the hydrogel composites during a 14-day release
period, a fast release within the first 3 days and a slow release from
days 3 to 14. The Tgel/Col5 exhibited significantly higher cumula-



Fig. 2. Macroscopic images of the hydrogel composite (Tgel/Col5): (a) flowable at 4 �C; (b) formed gel at 37 �C; (c) injectable through 26-gauge needle at 4 �C; (d) gel before
stretching at 37 �C; and (e) gel after stretching at 37 �C. Tgel and Col5 represent hydrogel copolymer and 5% collagen, respectively.
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Fig. 3. EPR spectra of the hydrogel under N2 and room temperature air (21% O2). Hydrogel mixed with EPR sensitive probe LiNc-BuO was placed in a gas-permeable capillary
tube, and flushed with 100% N2 (anoxia) and room temperature air. Hydrogel showed a linear response to changes in oxygen concentration, illustrating its permeability to
oxygen.

Table 4
Thermal properties of hydrogel composites.a

Tg (�C) LCST (�C)

Before degradation After degradation

Tgel 134.5 ± 1.9 23.8 ± 0.6 49.4 ± 3.3
Tgel/Col5 135.3 ± 1.8 25.3 ± 0.1 –
Tgel/Col10 138.4 ± 1.4 26.9 ± 1.3 –
Tgel/Col5/CS 136.3 ± 0.2 26.1 ± 2.0 –

a Each Tg or LCST was obtained from three different measurements.

Table 5
Mechanical properties of hydrogel composites.

Elongation (%) Tensile stress (kPa) Modulus (kPa)

Tgel >1000 16 ± 4 63 ± 11
Tgel/Col5 >1000 16 ± 3 100 ± 34
Tgel/Col10 >1000 10 ± 1 120 ± 43
Tgel/Col5/CS >1000 17 ± 2 100 ± 20
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tive IGF-1 concentration than Tgel/Col5/CS at each time point
(p < 0.05), indicating that CS addition significantly decreased IGF-
1 release rate.
3.7. Bioactivity of released IGF-1

The bioactivity of released IGF-1 was assessed by quantifying
NIH3T3 fibroblast growth after incubation with the collected
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release medium for 48 h. To examine dose response of IGF-1 on cell
growth, the release media containing 0, 1 and 10 ng ml�1 IGF-1
were used to culture cells. It was found that 1 ng ml�1 IGF-1 was
sufficient to stimulate cell growth, and higher IGF-1 concentration
showed greater stimulatory effect (Fig. 7). The bioactivity of IGF-1
released from hydrogel composites Tgel/Col5 and Tgel/Col5/CS are
presented in Fig. 7. The Tgel/Col5 without IGF-1 loading was used
as a negative control. The relative cell number for pure release
medium, and release media incubated with hydrogel composite
without IGF-1, was significantly lower than the release medium
containing 1 ng ml�1 IGF-1. The IGF-1 released at each time point
from each hydrogel composite was found to be bioactive, as the
relative cell number for release media containing IGF-1 released
at each time point was comparable or greater than that for the re-
lease medium containing 10 ng ml�1 IGF-1. The IGF-1 released
from both hydrogel composites showed similar bioactivity during
the first 3 days, but the Tgel/Col5 exhibited significantly higher
bioactivity from day 3 to 14, in agreement with the release profiles
shown in Fig. 6.

3.8. Cell adhesion on the hydrogel composite surfaces

MSCs were cultured on the hydrogel composite surfaces to eval-
uate their ability to support cell adhesion and the effect of IGF-1
loading on cell adhesion. Considering cell adhesion on the tissue
culture plate surface to be 100%, the cell adhesion on the pure
hydrogel (Tgel) surface was 51% (Fig. 8). Addition of 5% collagen
in the hydrogel significantly increased cell adhesion. Both hydrogel
composites (Tgel/Col5 and Tgel/Col5/CS) demonstrated similar cell
adhesion as the tissue culture plate (p > 0.1). IGF-1 loading slightly
increased cell adhesion, although there was no significant differ-
ence between the IGF-1 loaded and unloaded hydrogel composites.

3.9. MSC encapsulation and growth within hydrogel composites

MSCs were encapsulated in the hydrogel composites with or
without IGF-1 to investigate the feasibility that the developed
hydrogel composites can be used to encapsulate MSCs and to eval-
uate the effect of IGF-1 on MSC growth. MSCs were encapsulated
into the hydrogel composites at a density of 2.5 � 106 cells ml�1.
The encapsulation efficiency was between 93% and 95% for all of
the hydrogel composites. MSC encapsulation did not substantially
change injectability and gelation time. The MSC encapsulated
hydrogel composites remained to be injectable through a 26-gauge
needle. The gelation time for MSC encapsulated hydrogel compos-
ites was 5 s (Table 2). The MSC encapsulated hydrogel composites
retained high flexibility with elongation exceeding 1000%. In con-
trast, MSC encapsulation significantly decreased tensile stress
and modulus (Fig. 9), where tensile stress decreased from 16 kPa
to 10–12 kPa, and modulus decreased from 92–100 kPa to 60–
73 kPa, respectively. No significant difference was found for MSC
encapsulated Tgel/Col5 and Tgel/Col5/CS composites.

MSC growth in the hydrogel composites was quantified by cell
number, which was counted after digestion with trypsin and dilu-
tion with PBS. Fig. 10 demonstrates that cell number increased
during the culture for all of the hydrogel composites with or with-
out IGF-1 loading. The cell number in IGF-1 loaded Tgel/Col5 was
significantly higher than that in the non-IGF-1 loaded Tgel/Col5
at all time points (p < 0.05 for days 1, 3 and 7). The IGF-1 loaded
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Tgel/Col5/CS had similar cell number as non-IGF-1 loaded
Tgel/Col5/CS at day 1 and 3. However, at day 7, the IGF-1 loaded
0

5

10

15

20

25

T
en

si
le

 st
re

ng
th

 (k
Pa

)

Tge
l/C

ol5

Tge
l/C

ol5
/C

S

Tge
l/C

ol5
+M

SC

Tge
l/C

ol5
/C

S+M
SC

Fig. 9. Tensile mechanical properties of MSC encapsulated hydrogel composites (Tgel/Co
and chondroitin sulfate, respectively. MSC encapsulation density was 2.5 � 106 cells ml�
Tgel/Col5/CS had significantly higher cell number than non-IGF-1
loaded Tgel/Col5/CS (p < 0.05).

Live cell staining showed that MSCs in hydrogel composites
with or without IGF-1 loading were alive during the 7-day culture
period (Fig. 11). For each hydrogel composite, the cell density was
seen to increase during the culture. At day 7, the IGF-1 loaded com-
posites had obviously higher cell density as compared with their
non-loaded counterparts.

Fig. 12 shows the expression of osteogenic and adipogenic
markers in MSCs encapsulated hydrogel composites with or with-
out IGF-1 loading. MSCs cultured on the tissue culture plate were
used as control. After 7 days of culture, MSCs encapsulated in the
hydrogel composites with and without IGF-1 expressed collagen
I, osteonectin and PPARc2, which were also expressed in MSCs cul-
tured on the tissue culture plate.
4. Discussion

Stem (progenitor) cell therapy has been applied to treat various
diseases such as acute and chronic myocardial infarction [39–41]
and muscular dysfunction [42,43]. Traditional cell therapy utilizes
an approach that directly injects cell suspension into target tissues.
This approach is easily applicable to tissues like skeletal muscle as
they are relatively static during the injection [43]. For those
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1.



Fig. 10. Human MSC growth in hydrogel composites (Tgel/Col5 and Tgel/Col5/CS)
with or without IGF-1 loading. MSC encapsulation density was 2.5 � 106 cells ml�1.
Cell number was counted after digestion with trypsin/EDTA and diluting with PBS.
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actively mobile tissues such as heart, the major issue associated
with cell injection is cell retention. Significant fractions of cells
were found to leak or wash out during the injection, owing to
low viscosity of the cell suspension [44,45]. Inferior cell engraft-
ment rate is another issue for cell injection. It has been shown that
cell engraftment rate is usually in the range of 0–0.3% a few weeks
after myocardium injection [46,47]. This is mainly attributed to
poor nutrition supply in an infarcted heart and the retained cells
lack of an anchoring matrix, resulting in apoptosis [48]. To over-
come these issues, injectable biomaterials have been used as cell
carriers [44]. Injectable biomaterials not only increase cell reten-
tion as a result of higher viscosity of the cell suspension, but also
provide matrices for cells to anchor for reducing apoptosis. In addi-
Fig. 11. Fluorescent images of live MSCs grown in hydrogel composites (Tgel/Col5 a
2.5 � 106 cells ml�1. MSCs were labeled with live cell stain CMFDA.
tion, the injectable biomaterials protect cells from direct attack by
body’s immune system, provide a microenvironment for stem
(progenitor) cell differentiation, and provide a mechanical support
to the diseased tissue. Fibrin [47–49] collagen [50], matrigel [51],
self-assembling peptides [52], chitosan [53] and alginate [54] have
been utilized as cell carriers. The major disadvantages of these car-
riers lie in fast degradation, slow gelation rate and inferior
mechanical properties. The fast degradation allows biomaterials
to be quickly cleared away in vivo, leading to a loss of protective
microenvironment for cells and a loss of mechanical support to
the target tissue. The injectable biomaterials with inferior mechan-
ical properties are unable to respond synchronically with the tissue
motion, and therefore cannot effectively transfer mechanical stim-
uli from the tissue environment to the cells to regenerate mechan-
ically functional tissues. When injecting biomaterials into the
actively mobile tissues, fast gelation rate is often desired as the
slow gelation rate biomaterials may raise the possibility of block-
ing blood flow and lead to tissue necrosis [55].

The objective of this work was to develop injectable hydrogels
addressing above limitations and being suitable for delivering stem
(progenitor) cells into actively mobile soft tissues like heart. To-
wards this goal, we have developed a family of thermosensitive
hydrogel composites that were readily injectable at low tempera-
ture, were capable of rapidly gelling (<6 s), were highly flexible
at body temperature, degraded at a rate of �5 wt.% week�1, and
were able to release cell prosurvival growth factor and support cell
adhesion and growth. The hydrogel composites were formed by
mixing degradable PNIPAAm based hydrogel with collagen. The
hydrogel was synthesized based on monomer units of NIPAAm,
AAc, NAS and degradable HEMAPTMC (Fig. 1b). The role of NIPAAm
was to impart polymer with thermosensitivity. The AAC was used
to increase solubility of the hydrogel. It can also increase hydrophi-
licity of the hydrogel following degradation of side chain PTMC,
and allow its LCST to be higher than 37 �C so that it can dissolve
in the water at normal body temperature [56,57]. The introduction
of hydrophobic and degradable HEMAPTMC was to increase hydro-
phobicity of the hydrogel and decrease its LCST to well below body
temperature, so that gelation could occur at 37 �C before degrada-
nd Tgel/Col5/CS) with or without IGF-1 loading. MSC encapsulation density was
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tion [58]. Table 4 and Fig. 2 demonstrated that the hydrogel was
able to gel at 37 �C before degradation and the completely de-
graded hydrogel copolymer was soluble at 37 �C as its LCST was
well above 37 �C (49.4 �C). The introduction of NAS was to enable
the hydrogel to conjugate with biomolecules such as collagen to
form composites [11]. Collagen is a major ECM in the tissues serv-
ing as an anchoring matrix for cells and a reservoir for biomole-
cules such as growth factors. Incorporating collagen in the
composites was aimed at improving hydrogel biocompatibility,
and providing binding sites for growth factors that may impart
composites with bioactivity. CS was also introduced into the
hydrogel composites. CS is one of the major glycosaminoglycans
in the extracellular matrix. It functions to bind and modulate
growth factors and cytokines, and inhibit proteases. It is also in-
volved in the adhesion, migration, proliferation and differentiation
of cells [59].

The hydrogel composites were fabricated based on the hydrogel
and collagen. Two forms of collagen may exist within the hydrogel
composites, i.e. conjugated collagen resulting from reaction of NHS
groups in the hydrogel with amine groups in the collagen; and
physically entangled collagen. DSC results based on dry composites
showed that collagen addition increased Tg of the hydrogel copoly-
mer (Table 2), largely attributing to hydrogen bond interaction be-
tween PNIPAAm and collagen. The Tg was further increased as the
CS was added into the composite. This is possible a result that CS
incorporation enhanced hydrogen bond interaction with PNIPAAm.
The hydrogel and hydrogel composites possessed LCSTs around
room temperature, allowing them to form gels at body tempera-
ture. Collagen incorporation increased hydrogel hydrophilicity as
can be seen that water contents of hydrogel composites were high-
er than that of the pure hydrogel (Table 2). Table 4 demonstrated
that LCSTs of the hydrogel composites increased with collagen con-
tent. LCST is related to the hydrogel composite hydrophilicity,
where higher hydrophilicity would have greater inhibiting effect
on the dehydration of polymer chain during the gelation process
and result in higher LCSTs [11]. Addition of small fraction of CS in-
creased LCST of the hydrogel composite although it slightly de-
creased water content. This is probably due to the negatively
charged carboxylic and sulfate groups in the CS enhanced the
inhibiting effect on polymer chain dehydration. Previous work
demonstrated that ionic interaction played critical role in inhibit-
ing dehydration of the polymer chain [11].

All of the hydrogel composites were injectable through small
26-gauge needles. Encapsulation of MSCs at a density of 2.5 �
106 cells ml�1 was found not to affect injectability (Table 2). This
is attractive as it would allow the hydrogel composites with or
without cells to be delivered into tissues such as myocardium
without causing substantial damage [60]. The hydrogel composites
with or without combining with cells exhibited fast gelation rate,
mostly gelled within 6 s. The high gelation rate hydrogels may be
desirable for tissues such as myocardium, where high density of
capillaries and vasculatures is present, as it would decrease the
possibility for the injected hydrogel to block the blood flow leading
to tissue necrosis. The hydrogel composites were oxygen perme-
able, which may facilitate survival and growth of the cells encapsu-
lated within the hydrogel.

The hydrogel composites exhibited attractive mechanical prop-
erties. All of the hydrogel composites were highly flexible with
elongation higher than 1000%, tensile stresses ranging from 10 to
17 kPa and moduli ranging from 63 to 120 kPa. The tensile stress
and modulus were related to collagen content and CS addition.
Addition of 5% collagen in the hydrogel composite did not signifi-
cantly alter tensile stress, while addition of 10% collagen did
(Table 5). This decrease is largely attributed to the decrease of rel-
ative content of hydrogel, and the hydrogel had higher tensile
stress than collagen gel [61]. Addition of small fraction of CS into
the hydrogel composite did not significantly change mechanical
properties. These tensile properties including elongation and mod-
uli are greater than those of collagen gel [62], fibrin [62,63], chito-
san [64], alginate [65] and polyvinyl alcohol (PVA) hydrogels [66].
These flexible hydrogel composites may be suitable for engineering
mechano-active soft tissues as they would allow effective mechan-
ical stimulus transfer during the tissue regeneration in vivo. The
moduli of the hydrogel composites were similar to those of the
rat and human myocardium (1–140 kPa for rat myocardium, and
20–500 kPa for human myocardium) [67]. Previous theoretical
modeling of myocardium injection demonstrated that material
modulus plays an important role in decreasing wall stress of the in-
farcted myocardium [68]. It is hypothesized that injection of mate-
rials with matched moduli as the myocardium would effectively
decrease wall stress and attenuate myocardial remodeling [68].
Furthermore, injection of these hydrogel composites with stem
(progenitor) cells may provide a native-like mechanical environ-
ment for cells to differentiate into appropriate cell types for en-
hanced tissue regeneration.

The hydrogel and hydrogel composites experienced gradual
weight loss during a 2-week period, with weight loss less than
10% (Fig. 4). Collagen and CS addition did not significantly change
degradation properties. Under current degradation conditions,
hydrolysis of side chain PTMC dominated degradation since no en-
zyme was presented. It is expected that the hydrogel composites
would experience faster degradation in vivo as both hydrolysis
and enzymatic degradation would occur. Current hydrogel and
hydrogel composites had much slower degradation rate than our
previously developed biodegradable and thermosensitive hydrogel
using PLA as a degradable segment, which showed weight losses
between 60% and 90% within 14 days. This might result from slow
degradation characteristic of PTMC [69]. The degradation products
were found to be non-toxic as they did not affect NIH3T3 fibroblast
growth, even at the concentration of 15 mg ml�1 (Fig. 5).

IGF-1 was encapsulated into the hydrogel composites in order
to improve survival and growth of the encapsulated cells. IGF-1
is a prosurvival growth factor for many cell types including smooth
muscle cell, cardiomyocyte and MSC [70–72]. The hydrogel com-
posites were able to maintain a sustained release of bioactive
IGF-1 during the 2-week release period (Figs. 6 and 7). A two-stage
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release profile was found: a fast release during the first 3 days, and
a slower release afterwards. The fast release may be dominated by
both IGF-1 diffusion and hydrogel composite degradation. The
slower release may be attributed to hydrogel composite degrada-
tion. Comparing the release kinetics of Tgel/Col5 and Tgel/Col5/
CS, it was found that Tgel/Col5 had a significantly higher release
rate at any time interval, indicating that small fraction of CS was
able to adjust IGF-1 release kinetics. This may be explained by
water content of the hydrogel composites and interactions be-
tween IGF-1 and CS. Table 2 demonstrates that Tgel/Col5 possessed
higher water content than Tgel/Col5/CS. This higher water content
may allow IGF-1 to diffuse out of the hydrogel composite easier. In
addition, strong interactions between CS and IGF-1 may attenuate
IGF-1 release. CS is consisted of negatively charges (carboxylic and
sulfate) that may form strong interactions with amine groups in
the IGF-1.

MSCs were cultured on the surfaces of the hydrogel composites
to evaluate cell adhesion. Pure hydrogel was found not to support
extensive cell adhesion, mainly due to its high hydrophilicity.
Addition of cell adhesive collagen within the hydrogel significantly
improved cell adhesion comparable to TCPS (Fig. 8). IGF-1 loading
did not significantly improve cell adhesion. MSCs were further
encapsulated into the hydrogel composites to evaluate their sur-
vival/growth in the 3D environment. Figs. 10 and 11 show that
MSCs could proliferate in all the hydrogel composites with or with-
out IGF-1 loading. The IGF-1 loaded hydrogel composites exhibited
higher cell number than those non-IGF-1 loaded hydrogel compos-
ites after 7 days’ culture, resulting from stimulatory effect of IGF-1.
These results further demonstrated that the IGF-1 within the
hydrogel composites was bioactive. MSCs cultured in the hydrogel
composites with or without IGF-1 expressed osteogenic and adipo-
genic markers after 7 days of culture. This suggests that the hydro-
gel composite microenvironment is capable of maintaining MSC
multipotency [73] and IGF-1 loading could not induce MSC differ-
entiation. These results suggest that current hydrogel composites
with IGF-1 loading may be used as effective cell carriers for cardio-
vascular tissue engineering. MSC have been widely used for heart
injection. The combination of MSC with hydrogel composites and
IGF-1 may enhance its therapeutic effect. It is also possible that
growth factors with different simulative effects be loaded within
the hydrogel composites. For example, angiogenic growth factors
like VEGF and bFGF may be applied for fast angiogenesis in vivo,
as the released growth factor may stimulate blood vessel formation
around the hydrogel, while the growth factor inside may stimulate
MSC differentiation into endothelial cells [74].
5. Conclusions

We have developed a family of highly flexible hydrogel compos-
ites based on collagen, chondroitin sulfate and a thermosensitive
and degradable poly(N-isopropylacrylamide) copolymer. The
hydrogel composites exhibited attractive injectability, gelation
properties, oxygen permeability and mechanical properties. The
hydrogel composites were capable of releasing bioactive IGF-1 dur-
ing a 2-week period. The IGF-1 loading accelerated MSC growth
within in the 3D hydrogel composites. These hydrogel composites
may be used as growth factor and cell carriers for cardiovascular
tissue engineering.
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