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1. Introduction

Adult articular cartilage is an avascular, 
aneural tissue, with a limited capacity for 
intrinsic repair. Tissue engineering seeks 
to combine novel technologies in cell iso-
lation and sourcing, biomaterials, growth 
factors, and bioreactors to promote carti-
lage repair or replacement.[1] However, few 
cell-based repair procedures for articular 
cartilage show long-term improvement 
of efficacy over microfracture.[2] Although 
clinical outcomes generally have been 
reported as good to excellent, several com-
plications have been reported.[3] These 
include overgrowth of the graft, which 
may be related to the lack of a biomate-
rial scaffold to guide tissue growth, and 
inadequate expansion potential without 
dedifferentiation of primary chondrocytes 
isolated from native articular cartilage.[4] 
Alternative cell types, including bone 
marrow (mesenchymal stem cells [MSCs]) 
and adipose derived stem cells (ASCs), 
also have been the subject of extensive 
research for cartilage tissue engineering.[5]

Historically, constructs designed for 
articular cartilage repair have focused 

on combining cells and bioactive molecules (e.g., growth fac-
tors, cytokines, or DNA fragments) with a biomaterial scaffold 
whose primary function is to control the shape of the newly 
formed tissue, while simultaneously facilitating the attach-
ment, proliferation, and differentiation of embedded cells.[6] A 
number of different scaffold materials and structures have been 
used for cartilage repair,[7] with many focusing on the poten-
tial of hydrogels for supporting chondrogenesis due to their 
high water content and transport properties.[8] In addition to 
influencing the growth, differentiation, and metabolic activity 
of encapsulated cells, scaffolds must also be capable of with-
standing the mechanical environment of the native tissue that 
is to be replaced.[1] For example, standard single-network hydro-
gels (e.g., agarose, alginate, polyethylene glycol, etc.) can pro-
vide an environment that is conducive to chondrogenesis and 
tissue accumulation, but generally lack the mechanical integrity 
to withstand loading in vivo until substantial tissue growth has 
occurred.[9]

Fiber-Reinforced IPN Scaffold

Biomaterial scaffolds play multiple roles in cartilage tissue engineering, 
including controlling architecture of newly formed tissue while facilitating 
growth of embedded cells and simultaneously providing functional prop-
erties to withstand the mechanical environment within the native joint. 
In particular, hydrogels—with high water content and desirable transport 
properties—while highly conducive to chondrogenesis, often lack functional 
mechanical properties. In this regard, interpenetrating polymer network 
(IPN) hydrogels can provide mechanical toughness greatly exceeding that of 
individual components; however, many IPN materials are not biocompatible 
for cell encapsulation. In this study, an agarose and poly(ethylene) glycol IPN 
hydrogel is seeded with human mesenchymal stem cells (MSCs). Results 
show high viability of MSCs within the IPN hydrogel, with improved mechan-
ical properties compared to constructs comprised of individual components. 
These properties are further strengthened by integrating the hydrogel with 
a 3D woven structure. The resulting fiber-reinforced hydrogels display 
functional macroscopic mechanical properties mimicking those of native 
articular cartilage, while providing a local microenvironment that supports 
cellular viability and function. These findings suggest that a fiber-reinforced 
IPN hydrogel can support stem cell chondrogenesis while allowing for 
significantly enhanced, complex mechanical properties at multiple scales as 
compared to individual hydrogel or fiber components.
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Recent studies have shown that combinations of two or more 
dissimilar materials that are partially interlaced on a molecular 
scale, but not covalently linked to each other, can form interpen-
etrating polymer networks (IPN) with unique and synergistic 
mechanical properties as compared to standard hydrogels.[10] 
Such dual-network “tough gels” are uniquely suited for this 
application as they substantially improve the physical properties 
of the construct by increasing toughness and reducing the coef-
ficient of friction at the articular cartilage interface,[10c,11] both 
of which are critical for clinical translation of engineered tissue 
constructs. Since this discovery, interest in this technology for 
cell encapsulation in tissue engineering applications has grown 
rapidly.[12] In general, the combination of polymer networks 
with different mechanical properties (i.e., a dissipative network 
and a stretchy network), has resulted in IPN hydrogels that are 
highly stretchable and tough,[13] while at the same time able to 
support cell encapsulation and viability.[14]

However, further work is needed to develop IPNs that have 
the ability to physically direct stem cell differentiation and 
tissue growth, while providing enhanced functional mechanical 
properties to support cartilage regeneration.[15] Additionally, 
several of the more complex properties of collagenous tissues, 
such as anisotropy, tension–compression nonlinearity, and 
inhomogeneity are difficult to control with hydrogels, including 
IPNs. In this respect, the combination of hydrogels with 3D 
woven scaffolds of poly(ε-caprolactone) (PCL) have been shown 
to provide biomimetic mechanical properties.[11b] Reinforce-
ment of various hydrogels using 3D woven PCL scaffolds has 
been shown to provide the nonlinear and anisotropic strength 
of articular cartilage.[16] Furthermore, independent of hydro-
gels, the 3D woven scaffolds have been shown to support MSC 
viability and chondrogenesis.[17] An important challenge in the 
field has been the development of biomaterial scaffolds that 
simultaneously support functional biomechanical properties 
at the macroscopic scale (e.g., compressive modulus, frictional 
properties), while also providing a controllable local cell “niche” 
that supports appropriate cell growth and differentiation.

Therefore, the goal of this study was to combine two dis-
tinct biocompatible polymer networks—ionically cross-linked 
agarose with covalently cross-linked PEG-DA—into an IPN 
hydrogel that can support MSC encapsulation and chon-
drogenic differentiation while providing enhanced mechan-
ical properties for cartilage replacement. Additionally, as a 
strategy for cartilage tissue engineering, we developed MSC-
seeded fiber-composite constructs by infiltrating this IPN into 

3D woven PCL scaffolds to further improve the functional 
mechanical properties while maintaining a local hydrogel envi-
ronment for MSCs.

2. Results

2.1. Mechanical Properties

Swelling behavior differed between the single and dual net-
work hydrogel groups, with or without fiber reinforcement 
(Figure 1). For each of the hydrogel groups, the swelling ratio 
did not vary significantly over the 28 days of measurements. 
Ranging from 31.0 ± 1.6 at Day 1 to 34.4 ± 0.8 at Day 28, the 
PEG hydrogels consistently exhibited about twice the swelling 
ratio as the agarose gels (14.3 ± 2.4 to 17.2 ± 1.0), and over three 
times as much as the IPN gels (10.3 ± 0.3 to 10.8 ± 0.6) for 
the gel only groups (Figure 1a). The combination of PEG and 
agarose resulted in a dual network gel (IPN) with a lower and 
more consistent swelling ratio than each of its individual con-
stituents. Fiber-reinforced (FR) hydrogels displayed markedly 
lower swelling ratios, which were up to 90% lower than their 
hydrogel only counterparts (Figure 1b). The swelling ration for 
FR-Agarose varied from 1.4 ± 0.1 at Day 1 to 1.5 ± 0.1 at Day 28, 
FR-PEG varied from 3.9 ± 0.1 to 3.8 ± 0.1, and FR-IPN varied 
from 2.0 ± 0.1 to 2.1 ± 0.1. Moreover, the swelling ratio was 
much more consistent across all types of FR-hydrogels than for 
the gel-only groups.

Mechanical properties differed with and without fiber rein-
forcement, as well as between the single and dual network 
hydrogel groups (Figure 2). IPN hydrogels demonstrated equi-
librium moduli similar to PEG, yet significantly higher than 
agarose, under uniaxial unconfined compression (Figure 2a). 
These values remained consistent over the 28-day culture: 
at Day 1, 0.01 ± 0.001 MPa for agarose, 0.03 ± 0.01 MPa for 
PEG, and 0.05 ± 0.02 MPa for the IPN. The addition of fiber 
reinforcement increased the equilibrium moduli of all groups 
by an order of magnitude at each time point (Figure 2b vs 
2a): at Day 1, 1.19 ± 0.51 MPa for FR-Agarose, 0.39 ± 0.38 for 
FR-PEG, and 0.34 ± 0.24 for FR-IPN. No significant changes 
over time or between groups were noted for the fiber rein-
forced groups (Figure 2b). The dynamic moduli of all groups 
were similar throughout the entire culture period, with the 
exception of the gel-only agarose group demonstrating an 
increase from 0.03 ± 0.01 MPa at Day 1 to 0.05 ± 0.01 MPa 
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Figure 1. Swelling ratios of a) hydrogels and b) fiber-reinforced (FR) hydrogels. Data presented as mean ± SEM. n = 5 per group. *p < 0.05 between 
groups.
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at Day 28 (Figure 2c). The dynamic moduli of PEG and IPN 
remained close to the Day 1 levels of 0.04 ± 0.01 MPa and 
0.12 ± 0.04 MPa, respectively. Notably, the IPN gel-only group 
exhibited significantly higher values compared to the gel-only 
individual component groups at all time points. Similar to the 
equilibrium compression modulus, the addition of fiber rein-
forcement increased the dynamic modulus values for all groups 
at all time points by at least one order of magnitude (Figure 2d 
vs 2c): at Day 1, the dynamic moduli were 7.0 ± 2.8 MPa for 
FR-agarose, 2.3 ± 1.5 MPa for FR-PEG, and 2.4 ± 0.7 MPa for 
FR-IPN. Dynamic moduli at 0.1 and 1.0 Hz were similar within 
each hydrogel group regardless of rate (data not shown). The 
values of the friction coefficient, µeq, were significantly higher 
for the gel-only agarose group (0.7 ± 0.2, Day 1) compared to 
PEG (0.2 ± 0.05, Day 1) and IPN (0.2 ± 0.08, Day 1) hydro-
gels (Figure 2e). The addition of fiber reinforcement reduced 
the coefficient of friction for the FR-agarose group (0.3 ± 0.04, 
Day 1), without significantly increasing the values for the other 
fiber-reinforced groups, FR-PEG (0.2 ± 0.09, Day 1) and FR-IPN 
(0.3 ± 0.1, Day 1) (Figure 2f). Over time, the coefficient of fric-
tion remained similar for all groups. The friction coefficient for 
3D woven scaffold only, without any hydrogel, also remained 
similar to that of the FR-agarose at all time points (data not 
shown).

2.2. In Vitro Analysis

Encapsulated hMSCs showed high viability and maintained 
a spherical phenotype throughout the 28-day culture for all 
groups (Figure 3). Cells tended to exhibit a clustered arrange-
ment within the PEG hydrogel group. Histological analysis 
with Safranin-O/Fast Green showed significant positive accu-
mulation of sGAG within all scaffolds, although low staining 
was observed for collagen (Figure 4). Quantitative matrix 
synthesis data normalized by DNA content showed that both 
sGAG and collagen content increased over time for all hydrogel-
only groups (Figure 5a,c). At Day 28, sGAG per DNA reached 
11.1 ± 1.2 µg µg−1 for agarose, 11.5 ± 0.4 µg µg−1 for PEG, and 
13.4 ± 1.2 µg µg−1 for IPN. Collagen content per DNA at Day 
28 was 0.38 ± 0.07 µg µg−1 for agarose, 0.26 ± 0.05 µg µg−1 
for PEG, and 0.28 ± 0.06 µg µg−1 for IPN. However, sGAG 
content remained consistent for all FR-hydrogel groups: 
at Day 28, sGAG per DNA was 5.9 ± 1.2 µg µg−1 in FR-aga-
rose, 4.7 ± 1.8 µg µg−1 in FR-PEG, and 5.2 ± 2.7 µg µg−1 in 
FR-IPN (Figure 5b). Collagen per DNA trended higher over 
time in both FR-agarose, reaching 0.49 ± 0.04 µg µg−1 by Day 
28, and in FR-IPN, reaching 0.53 ± 0.18 µg µg−1 (Figure 5d). 
Collagen per DNA remained consistent over time in FR-PEG 
(0.31 ± 0.08 µg µg−1 at Day 28).
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Figure 2. Compressive and frictional properties of hydrogels and fiber-reinforced (FR) hydrogels. Equilibrium modulus for a) hydrogels and 
b) FR-hydrogels. Dynamic modulus at 1.0 Hz for c) hydrogels and d) FR-hydrogels. Coefficient of friction µeq for e) hydrogels and f) FR-hydrogels. 
Data presented as mean ± SEM. n = 5 per group. ^p < 0.05 over time, *p < 0.05 between groups.
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3. Discussion

The findings of this study show that complex hybrid com-
posite materials—consisting of IPN hydrogels reinforced 
with 3D woven fiber structures—can be used to form scaf-
folds that possess a locally defined cellular microenvironment, 
while also forming a macroscopically tunable, functional bio-
mechanical construct. With respect to cellular encapsulation, 
agarose-PEG IPNs provide for unique synergistic mechanical 
properties compared to the component polymers (agarose 
and PEG) alone, while supporting the long-term viability and 
chondrogenesis of hMSCs. These studies open the possibility 
for creating hydrogel-based scaffolds that are conducive to 

hMSC chondrogenesis but possess tunable biomimetic prop-
erties that mimic the local cellular “niche.” While further 
optimization of IPN properties is likely required, our find-
ings showed significant improvement of various mechanical 
properties in the IPN hydrogel as compared to the individual 
hydrogels. When reinforced using a 3D woven fiber structure, 
the macro-scale compressive properties of the woven construct 
can provide an even wider range of complex, nonlinear, and 
anisotropic mechanical properties as compared to those of the 
infiltrating hydrogels. These results show significant promise 
in the ability to individually control the local and macro-scale 
mechanical properties through composite hydrogel and fiber 
construct modifications.

Macromol. Biosci. 2018, 18, 1800140

Figure 3. Live–dead staining indicating cell viability and morphology over the 28-day timecourse in agarose, PEG and IPN hydrogels as well as fiber-
reinforced (FR) hydrogels: FR-agarose, FR-PEG, and FR-IPN (20×, scale bar = 100 µm).

Figure 4. Histological analysis of matrix synthesis at Day 28 using Safranin-O/Fast Green (10×, scale bar = 200 µm, red/orange = sGAG). a) Agarose, 
b) PEG, c) IPN, d) FR-Agarose, e) FR-PEG, f) FR-IPN.
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The IPN chosen for infusion into the 3D woven PCL scaf-
fold was based on a combination of two long-studied bio-
compatible materials, a brittle agarose network, and a ductile 
PEG network, previously proven to encapsulate chondrocytes 
with a high degree of viability while retaining high compres-
sive mechanical properties.[14b] Moreover, agarose provides the 
advantage of a long-established biocompatible material for sup-
porting chondrogenesis in 3D culture.[18] In addition to these 
qualities, PEG also brings the potential for further improve-
ment of chondrogenesis through functionalization.[19] Previous 
work regarding the relative compositions of agarose and PEG 
in the IPN identified PEG concentration as the most influen-
tial factor on IPN mechanical properties, with PEG molecular 
weight as a significant contributor to improved failure proper-
ties.[20] To that end, agarose was maintained at the previously 
used 2% concentration,[14b] and variations in PEG concentra-
tion as well as molecular weight were tested. The final concen-
tration (20% w/v) and molecular weight (10 kDa) were selected 
based on optimal equilibrium moduli (Figure S1, Supporting 
Information). It should also be noted that at 5% w/v PEG-DA, 
the unique synergistic effect of the agarose-PEG IPN is not 
realized. Fluorescence imaging was used to verify that the dis-
tribution of this agarose-PEG IPN combination matched previ-
ously characterized structure, showing complete infiltration of 
the IPN into the 3D woven PCL (Figure S2, Supporting Infor-
mation).[21] Live–dead cell microscopy (Figure 3) and histology 
(Figure 4), illustrating the distribution of cells throughout the 
composite structure, further confirmed the previously estab-
lished composite micro-structure of hydrogel infused into 3D 
woven scaffold.[16a,c]

The combination of agarose and PEG into the IPN gel 
allowed for a synergistic control over the mechanical proper-
ties and shape retention of the scaffold, with a further level 
of control exerted by the embedded 3D woven fiber reinforce-
ment. The measured swelling ratios for IPNs were significantly 

lower than that of PEG-only hydrogels and further decreased 
by an order of magnitude for the fiber-reinforced hydrogels. 
It should be noted that the swelling ratio is related to cross-
linking density: higher swelling ratios indicate lower cross-
linking density.[8b] MSCs have been shown to produce more 
uniform ECM in PEG hydrogels with swelling ratios similar to 
those of the gel-only constructs, around 15,[22] than in hydrogels 
with lower swelling ratios, such as those of the fiber-reinforced 
hydrogels. This study demonstrated high cell viability under 
all conditions, but further optimization of swelling ratios may 
allow for improved chondrogenesis and matrix accumula-
tion through increased diffusion in the hydrogel, shown to be 
limited in the fiber-reinforced gels in the current study. The 
increase in GAG content over time indicates that the IPN gels 
can support differentiating MSCs with chondrogenesis at a 
level comparable to the individual agarose and PEG gels.[12e,23] 
While the fiber-reinforced gels did not show an increase over 
time in GAG levels, some increases were noted in collagen 
levels and consistent levels of both were maintained. The high 
molecular weight of the PEG in the IPN, optimized for mechan-
ical strength, may also have had a limiting effect on the GAG 
content.[20] The increase in collagen content over time for the 
gel-only samples indicates that the IPN gels can support robust 
tissue synthesis at a level comparable to the individual PEG 
gels. In previous studies examining MSC behavior in semi-IPN 
poly(vinyl alcohol) and poly(caprolactone) scaffolds, the total 
collagen content at 28 days was comparable to the levels in our 
study in the first week.[23a] Although the individual agarose gels 
exhibited higher levels of collagen production than the IPN 
hydrogels, the overall improvement in mechanical properties 
for the IPN hydrogels outweighs any minor loss in collagen pro-
duction. Furthermore, large swelling ratios may confound the 
ability to accurately produce patient-specific hydrogel implants 
that require precise control of final size and shape. By embed-
ding a 3D woven fiber into the hydrogel networks, we were 
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Figure 5. Quantitative analysis of matrix synthesis of sGAG per DNA for a) hydrogels and b) fiber reinforced (FR) hydrogels; collagen per DNA for 
c) hydrogels and d) FR hydrogels, data presented as mean ± SEM. n = 5 per group. ^p < 0.05 over time, *p < 0.05 between groups.
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able to greatly reduce their swelling behavior. In this case, the 
embedded fibers, which are markedly more stiff than the gel 
components, acted to reinforce the hydrogels and restrict their 
ability to freely swell and expand,[11b] allowing for prescribed 
definition of the final dimensions of the tissue constructs.

In addition to the control over swelling ratios, the IPN allows 
significant additional control of the mechanical properties over 
agarose and PEG individually, and scaffold fiber-reinforcement 
can provide further control of the macroscopic mechanical 
properties to mimic those of native articular cartilage. In fiber-
reinforced IPN constructs, both the equilibrium modulus and the 
dynamic modulus were further increased by an order of magni-
tude. In most tissue engineering approaches, the effect of tissue 
growth is offset by the effect of biomaterial degradation of the 
scaffold, which tends to diminish mechanical properties over 
time.[12b] In the present study, these properties remained con-
sistent throughout the culture period, indicating that the fiber-
reinforced gel maintains structural integrity over time.[14b,16c] The 
one exception to the steady level of the moduli was the increase in 
dynamic modulus of Agarose-only at Day 28. This increase corre-
sponds with cell matrix deposition indicated by the highest level 
of collagen measured in the Agarose-only group at Day 28. Both 
the equilibrium modulus and the dynamic modulus achieved 
levels on the order of those found for native cartilage explants, 
and furthermore, these constructs exhibit frictional properties 
comparable to that of articular cartilage.[11b] Although the coeffi-
cient of friction did increase with the addition of fiber reinforce-
ment for both PEG and IPN samples, levels remained close to 
previously reported coefficients of friction for cartilage.[16c] A 
slight increase in coefficient of friction is expected with the addi-
tion of the scaffold.[11b] The one exception to this trend occurred 
with the agarose-only gels: the coefficient of friction for agarose-
only was already so high that infusion of agarose into the fiber-
reinforced scaffold served to lower the coefficient of friction for 
FR-agarose. As with the other mechanical properties, the coeffi-
cient of friction maintained a consistent level over time, further 
indicating the structural integrity of the fiber-reinforced gels.

4. Conclusions

Taken together, our findings indicate that the combination of 
agarose and PEG into an IPN hydrogel can provide the ability 
to modulate macro-scale structural properties, while supporting 
MSC viability and differentiation in the cellular microenviron-
ment. Fiber reinforcement can further improve the macroscopic 
mechanical properties to a biomimetic level. The ability to tailor the 
anisotropy, nonlinearity, and viscoelasticity of the fiber scaffold,[21] 
in combination with a diverse array of hydrogels,[8a,9b,c,11b,12b,d] 
provides a paradigm for development of complex scaffolds with 
tailored mechanical properties at multiple scales.

5. Experimental Section
Agarose Hydrogel Synthesis: Agarose hydrogels (2% w/v, Type VII, 

Sigma-Aldrich, St. Louis, MO) were fabricated via a thermo-reversible 
process that resulted in physically cross-linked hydrogels. Briefly, agarose 
powder (0.4 g) was mixed into phosphate buffered saline (10 mL, PBS, 
Sigma-Aldrich) and autoclaved for 30 min. Agarose was allowed to 

cool to 39 °C and was then combined with cell-culture media to yield 
an agarose solution (2% w/v). The agarose solution was then pipetted 
into cylindrical silicone molds (6 mm diameter, 2 mm height). The gels 
were allowed to cool at room temperature for 30 min prior to removal 
from the mold. Agarose discs were then added to a reservoir of PBS and 
allowed to equilibrate for 4 h.

PEG-DA Hydrogel Synthesis: PEG-DA hydrogels were fabricated 
by covalently cross-linking poly(ethylene) glycol-diacrylate (PEG-
DA) (20% w/v, 10 kDa, Creative PEG Works, Chapel Hill, NC) via 
photopolymerization in the presence of a photoinitator (0.1% w/v 
Irgacure 2959, Ciba). Irgacure 2959 powder was added to autoclaved 
PBS to create a working solution (1% w/v), which was subsequently 
added to a PEG-DA solution (20% w/v, 20 mg PEG-DA, 90 µL sterile 
PBS, 10 µL photoinitiator working solution 1% w/v). The PEG-DA 
solution (20% w/v) was pipetted into a custom polypropylene mold 
(6 mm diameter, 2 mm height) and exposed to UV light (365 nm 
wavelength) for 10 min. Following photopolymerization, the PEG-DA 
hydrogel discs were removed from the mold and allowed to equilibrate 
in a reservoir of PBS for 4 h.

Agarose-PEG Interpenetrating Polymer Network Hydrogel Synthesis: 
Agarose-PEG IPN hydrogels were fabricated by first casting an agarose 
gel (as previously described), which was subsequently immersed in a 
solution of PEG-DA (20% w/v, 10 kDa) containing the photoinitiator for 
3 h at 37 °C. The agarose-PEG gel was then exposed to UV light (365 nm 
wavelength) for 5 min to cross-link the PEG-DA.

Fiber-Reinforced Hydrogel Production: Fiber-reinforced (FR) hydrogels 
were produced using a previously described vacuum-assisted infusion 
technique to infuse agarose, PEG, or IPN gels into a 3D orthogonally 
woven poly(ε-caprolactone) (PCL) scaffold (0.8 mm thick).[16c] 
Immediately after infusion, the gels were cross-linked, as previously 
described, to form the final composite structures (Figure 6). The PEG-DA 
molecular weight and concentration were selected by comparing the 
equilibrium modulus for FR-PEG gels and FR-IPN gels: using 20% w/v 
PEG-DA at either 5 or 10 kDa, and using 10 kDa MW PEG-DA at either 
5% w/v or 20% w/v (Figure S1, Supporting Information). With the 
higher resulting equilibrium modulus in the FR-IPN (0.28 ± 0.01 MPa vs 
0.18 ± 0.01 MPa), the molecular weight of 10 kDa PEG-DA was selected. 
Similarly, with the higher resulting equilibrium modulus in the FR-IPN 
(0.28 ± 0.01 MPa vs 0.02 ± 0.01 MPa), the concentration of 20% w/v 
PEG-DA was selected.

Human Mesenchymal Stem Cells: Human mesenchymal stem cells 
(hMSCs) were derived from bone marrow aspirates obtained from 
healthy adults. Informed consent was obtained, and an Institutional 
Review Board-approved aspiration procedure was used. Briefly, the bone 
marrow sample was washed with Dulbecco’s modified Eagle’s medium 
(DMEM-LG, Gibco, Waltham, MA) supplemented with fetal bovine 
serum (FBS, 10%) from a selected lot. The sample was centrifuged 
(460 g) on a preformed Percoll density gradient (1.073 g mL−1) to isolate 
the mononucleated cells. These cells were resuspended in serum-
supplemented medium and seeded in 10 cm diameter plates (density 
1.8 × 105 cells cm−2). Nonadherent cells were removed after 4 days by 
changing the medium. For the remainder of the cell expansion phase, 
the medium was additionally supplemented with recombinant human 

Figure 6. Schematic of the process for forming cellularized, fiber-
reinforced IPNs by combining MSC-seeded agarose and PEG-DA 
infiltrated into a 3D woven PCL scaffold.

Macromol. Biosci. 2018, 18, 1800140
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fibroblast growth factor-basic (1 ng mL−1, rhFGF-2, Peprotech, Rocky 
Hill, NJ), and was replaced twice per week. The primary culture was 
trypsinized after approximately two weeks, and then cryopreserved using 
Gibco freezing medium.

Tissue Engineered Constructs: hMSCs were thawed and plated (density 
5500 cells cm−2), and cultured in supplemented medium (DMEM-LG, 
Gibco, supplemented with 10% FBS, 1 ng mL−1 rhFGF-2, and 1% 
penicillin-streptomycin-fungizone). Medium was completely replaced 
every 3 days until cells reached 80% confluence, after which they 
were passaged and replated. After the fourth passage (P4), cells were 
encapsulated into hydrogels (density 5 × 106 cells mL−1) immediately 
prior to molding and cross-linking. After molding, cell-loaded discs 
were transferred to 24 well ultra-low attachment plates (Corning, NY) 
and cultured in chondrogenic medium (1 mL). Chondrogenic culture 
medium consisted of DMEM-HG supplemented with ITS+ premix 
(1%, Collaborative Biomedical, Becton Dickinson, Bedford, MA), 
dexamethasone (100 nm, Sigma), penicillin (100 U mL−1), streptomycin 
(100 U mL−1), L-ascorbic acid 2-phosphate (37.5 mg mL−1), and 
recombinant human transforming growth factor beta (1 ng mL−1, TGF-
β3, R&D Systems, Minneapolis, MN). Medium was completely replaced 
for all groups every 2–3 days and constructs were harvested at days 1, 
7, 14, and 28. Samples of each group per time point included: n = 5 
for each type of mechanical testing, n = 3 to evaluate cell viability and 
morphology, n = 5 for biochemical analysis, and n = 3 for histology.

Mechanical Testing—Swelling Ratio: For n = 5 samples of each type 
of hydrogel, the volumetric swelling ratio (Q) of each hydrogel was 
quantified by measuring the equilibrium wet and dry weights, and 
calculating the ratio of the difference in weights to the original dry 
weight.

Compressive Mechanical Testing: At each time point, samples of 3 mm 
diameter were cored from the central region of each 6 mm diameter 
construct and subjected to unconfined compression. An ELF 3200 
Series precision controlled materials testing system (TA Instruments, 
New Castle, DE) was used to perform stress relaxation experiments 
in an unconfined compression configuration. Strains of ε = 0.04, 0.08, 
0.12 were applied to the specimens after equilibration of a tare load 
(4 gf). Strain steps were held constant for 1500 s, allowing the scaffolds 
to relax to an equilibrium level. Equilibrium Young’s modulus (E) was 
determined by performing linear regression on the resulting equilibrium 
stress–strain plot. The dynamic moduli of the samples were determined 
as previously reported.[24] After equilibration of a tare load (4 gf), test 
samples were cyclically loaded from 0 to 20% strain levels. Samples were 
tested at both 0.1 and 1 Hz, with 1000 s of relaxation time between tests.

Frictional Properties: At each time point, samples of 3 mm diameter 
were cored from the central region of each 6 mm diameter construct 
and subjected to frictional mechanical testing. The equilibrium friction 
coefficient, µeq, was determined using a shear friction testing method.[25] 
Briefly, samples were fixed in a PBS bath and subjected to a 10% 
compressive tare strain using a stainless steel platen. After the resulting 
stress equilibrated, a series of sequential angular velocities, ω = 0.01, 
0.1, 1, and 10 rad s−1, were applied for a duration of 120 s each. Normal 
force, N, and frictional torque, T, were recorded during each step. The 
average frictional force, F, was calculated from the ratio of the measured 
frictional torque and the radius of the specimen, and used for calculating 
the equilibrium friction coefficient, µeq, from the ratio of F to N. The 
coefficient of friction, µeq, was reported at 10 rad s−1.

Cell Viability and Morphology: Cell viability and attachment 
morphology were evaluated using Live-Dead staining (Invitrogen, 
Waltham, MA). Constructs were rinsed twice with PBS and stained 
following the manufacturers’ suggested protocol. The samples were 
imaged using confocal laser scanning microscopy (Zeiss LSM 510) at 
wavelengths of 488 and 568 nm.

Histology: Constructs were fixed overnight at 4 °C in a solution 
containing paraformaldehyde (4%) in a sodium cacodylate buffer 
(0.100 m, pH 7.4), dehydrated in graded ethanol steps, embedded in 
paraffin wax, cut into cross sections (10 mm thick) using a Reichart–
Jung microtome, and mounted on SuperFrost microscope slides 
(Microm International AG, Volketswil, Switzerland). Samples were 

stained for sulfated glycosaminoglycans (GAGs) and the production of 
a collagenous matrix using a safranin-O solution (0.1% aqueous) and 
fast green solution (0.02%), respectively, while also using hematoxylin 
as a nucleus counterstain. Human osteochondral tissue was used as a 
positive control.

Biochemical Analysis: Samples were digested in papain solution 
(1 mL, 125 µg mg−1 papain, 0.1 m sodium phosphate buffer, 0.005 m 
cysteine hydrochloride, and 0.005 m EDTA, pH 6.5) at 60 °C for 15 h. 
Total DNA content was determined fluorometrically using the PicoGreen 
double-stranded DNA (dsDNA) assay (Molecular Probes, Eugene, OR). 
Sulfated GAG content was measured using the dimethylmethylene 
blue assay (DMB) as previously described.[26] Hydroxyproline 
(OHP) was used to determine total collagen content of the cultured 
constructs. Briefly, sample digest was acid hydrolyzed and reacted with 
4-Dimethylaminobenzaldehyde and chloramine-T to measure OHP 
content per construct. Total collagen was then determined using 0.134 
as the ratio of OHP to collagen. GAG content and collagen content were 
normalized to DNA content.

Statistical Analysis
Analysis of variance (ANOVA) with Tukey–Kramer HSD post hoc test 
was performed to compare the results of mechanical and biochemical 
tests for each construct between time points (α = 0.05).

Supporting Information
Supporting Information is available from the Wiley Online Library or 
from the author.
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