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Collagen is the most abundant component of mammalian extracellular matrices. As
such, the development of materials that mimic the biological and mechanical properties
of collagenous tissues is an enduring goal of the biomaterials community. Despite the
development of molded and 3D printed collagen hydrogel platforms, their use as bio-
materials and tissue engineering scaffolds is hindered by either low stiffness and tough-
ness or processing complexity. Here, we demonstrate the development of stiff and
tough biohybrid composites by combining collagen with a zwitterionic hydrogel
through simple mixing. This combination led to the self-assembly of a nanostructured
fibrillar network of collagen that was ionically linked to the surrounding zwitterionic
hydrogel matrix, leading to a composite microstructure reminiscent of soft biological
tissues. The addition of 5–15 mg mL21 collagen and the formation of nanostructured
fibrils increased the elastic modulus of the composite system by 40% compared to the
base zwitterionic matrix. Most notably, the addition of collagen increased the fracture
energy nearly 11-fold (Γ¼ 180 J m22) and clearly delayed crack initiation and propaga-
tion. These composites exhibit elastic modulus (E ¼ 0.180 MJ) and toughness
(W � ¼ 0.617 MJ m23) approaching that of biological tissues such as articular cartilage.
Maintenance of the fibrillar structure of collagen also greatly enhanced cytocompatibil-
ity, improving cell adhesion more than 100-fold with >90% cell viability.
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The development of materials that match the mechanical performance of soft biological
tissues while retaining high levels of biocompatibility has been an enduring challenge
in the biomaterials community. Biological tissues achieve this high level of mechanical
performance through the development of complex networks, often composed of colla-
gen fibrils, that are ionically connected to a surrounding biological hydrogel. Hydrogels
composed of extracellular matrix biopolymers such as collagen, fibrin, and hyaluronic
acid have held significant interest due to their high cytocompatibility and in vivo
degradability (1, 2). Of these, collagen hydrogels have been of particular interest due to
their structural and compositional similarity to native extracellular matrices as they self-
assemble to a fibrillar network. Notably, several collagen-based scaffolds are currently
in advanced stage clinical trials for engineering tissues such as articular cartilage (e.g.,
MACI, NeoCart, NOVOCART 3D). Despite these advantages, however, collagen
hydrogels have exhibited stiffness, toughness, and extensibility far below that of native
tissues (3–5). For example, native cartilage has an elastic modulus between E ¼ 2 and
10 MPa and toughness between W � ¼ 0.01 and 0.8 MJ m�3 (3, 5); collagen hydrogels,
however, fall short with E ¼ 10 to 14 kPa and W � ¼ 2 to 4 kJ m�3 (4).
Alternatively, a variety of synthetic materials have been developed with the goal of

achieving the remarkable level of mechanical performance of soft biological tissues. Pio-
neering work (6) spurred widespread interest in double network hydrogel architectures
that enable the combination of high toughness and extensibility (7–9) often found in
biological tissues. Notably, this combination of stiffness and toughness is achieved
through sacrificial rupture of covalent bonds that limits the resilience of these materials
(10). More recently, several strategies were conceptualized to replace these sacrificial
bonds with reformable ones (11, 12). One such approach involves the use of zwitter-
ionic copolymer networks, in which ionic bonds enable energy dissipation through
bond breakage and reformation (13–17). These materials have been explored for poten-
tial applications such as hydrogel implants (18–20) and passivation of biological surfa-
ces (21–23). While this strategy leads to mechanical resilience, such materials have a
limited ability to support cell adhesion and viability that are required for many applica-
tions in regenerative medicine.
Collectively, these data point to the need to develop a new strategy toward the

design of stiff, tough, and cytocompatible materials. Here, we propose such a strategy
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for the design of biohybrid collagen composites, in which the
nanostructured collagen network interacts with a resilient syn-
thetic hydrogel matrix. Specifically, we demonstrate that the
introduction of a self-assembled nanostructured collagen net-
work to a zwitterionic hydrogel matrix improves both stiffness
and toughness while providing significant enhancement of
cytocompatibility. These materials represent a major advance in
mimicking the natural structure and properties of soft biologi-
cal materials, and their simple synthesis has the potential to
enable widespread use in regenerative medicine applications.

1. Results

1.1. Chemistry. To achieve the goal of a simple-to-formulate, stiff,
tough, and cytocompatible composite, we mixed a zwitterionic
hydrogel with an interconnected collagen network (Fig. 1A). The
zwitterionic component was formed using acrylamide (AAM) and

[2-(methacryloyloxy)ethyl] dimethyl-(3-sulfopropyl) ammonium
hydroxide (DMAPS) as monomers that were cross-linked using
poly(ethylene glycol) diacrylate (PEGDA), with riboflavin (RF)
and triethanolamine (TEOHA) as the photoinitiator and coinitia-
tor, respectively. Separately, collagen was prepared in a solution of
acetic acid and phosphate-buffered saline (PBS) at pH 3.0 and
stored at 4 °C. The zwitterionic and collagen solutions were mixed
uniformly using syringes and a three-way stopcock. UV-initiation
of the mixture led to the formation of the poly(AAM-co-DMAPS)
copolymer network and the RF cross-linking collagen network,
yielding composite materials at three different collagen concentra-
tions (φcollagen ¼ 5, 10, and 15 mg mL�1) at pH 7.0.

We describe this material as a composite due to the self-
assembly of collagen into a nanostructured fibrillar network that is
ionically connected to the zwitterionic matrix. The microstructure
of the composite contained a hierarchy of features in the two
phases (Fig. 1B). Notably, ionic bridges form between the charges
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Fig. 1. Chemistry schematic. (A) Two-step fabrication process of composite with a visual comparison of viscosity differences between the zwitterionic gel
and the composite. (B) Schematic illustration of the composite system, combining zwitterionic matrix and a collagen fibrillar network (i and ii). The zwitter-
ionic matrix, based on AAM and DMAPS, carries ionic bridging between the zwitterionic charged groups and is covalently cross-linked by N-N0 methylenebisa-
crylamide (iii). The fibrillar network is composed of self-assembled collagen fibrils (iv) and the final composite is enabled through ionic bridging between the
zwitterionic matrix and the collagen fibrillar network (v). Orange and yellow collagen helix strands represent α2 and α1 chains, respectively.
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on the zwitterionic moieties (anionic sulfonate groups and cationic
quaternary amine groups) and the collagen (anionic carboxylic
acid groups, primarily aspartate and glutamate, and cationic
groups, primarily lysine; Fig. 1B, ii, iii, v). These ionic interactions
have been shown to play an important role in mechanically stabi-
lizing and strengthening the network (13, 15, 19, 20). The micro-
structure of the interpenetrating network of collagen fibrils can
play an important role in toughening the composite gel, as has
been seen in other hydrogel composites with nanostructured com-
ponents (Fig. 1B, iv) (24, 25).

1.2. Scanning Electron Microscopy (SEM). The enhancement of
the mechanical performance of the base zwitterionic hydrogel would
be enabled by the formation of an interpenetrating fibrillar network.
The presence of self-aggregated collagen fibrils within the bulk of
the zwitterionic gel was clearly demonstrated using SEM. At low
magnification, these fibrils are evident in φcollagen ¼ 10 mg mL�1

and φcollagen ¼ 15 mg mL�1 samples (Fig. 2G and J), as compared
to the smooth surfaces of φcollagen ¼ 5 mg mL�1 and the control,
φcollagen ¼ 0 mg mL�1 gels (Fig. 2A and D). The presence of dis-
tinct collagen fibrils becomes clear in 10 and 3 μm field of view
images of φcollagen ¼ 5, 10, and 15 mg mL�1 gels (Fig. 2E, F, H, I,
K, and L). For low collagen concentrations, fibrils appear to be
smaller and more isolated (Fig. 2E and F), whereas high collagen
concentration gels have long, thick, and well-connected fibrillar
domains (Fig. 2H, I, K, and L). These observations confirm that
a collagen fibrillar network self-aggregates with interpenetrat-
ing topology within the zwitterionic gel matrix. With increas-
ing collagen concentration, the collagen fibrillar network also
better resembles that of collagen-only gels (Fig. 2M–O).
Absorbance at 600 nm of samples pre- and postgelation pro-
vided additional confirmation of the self-aggregation and
fibrillogenesis (SI Appendix, Fig. S5A–C). Interestingly, this
self-aggregation resulted from the simple two-step fabrication pro-
cess depicted in Fig. 1, contrasting with more complicated syn-
thesis procedures of comparable recently developed bioinspired
composites (26, 27).

1.3. Mechanical Testing. An enduring challenge of biomaterials
design is to make cytocompatible materials for tissue regenera-
tion and replacement that are as stiff and tough as their native
counterparts. We use two separate protocols to assess the
mechanical properties of the composite. Two types of tensile
test samples were prepared: pristine dog bone samples were
used for measuring elastic modulus and toughness (often
referred to as work to rupture), whereas rectangular samples
with a sharp crack were used for a single edge notch test to
measure the fracture energy. To evaluate these parameters, we
prepared samples for pure collagen hydrogel, pure zwitterionic
hydrogel, and composites at φcollagen ¼ 5, 10, and 15 mg mL�1.
For all zwitterionic and composite gel curves, uniaxial testing

for pristine dog bone samples showed a short initial section of
slightly higher stiffness followed by a slight and gradual
decrease until the sample fails. The response remained relatively
linear through the range of loading. For the zwitterionic gel
samples, the decrease in stiffness occurred earlier, followed by a
linear regime until failure. Select representative curves from
these tests are shown alongside results from a pure collagen gel.
Notably, the composite showed an increase in modulus as well
as an increase in toughness compared to both the zwitterionic
hydrogel and collagen hydrogel (Fig. 3A). Here, toughness is
the total area under the curve representing the work to rupture
in the absence of macroscopic defects such as cracks.

The elastic modulus from these samples was E ¼ 2.81, 293,
and 361 kPa for the collagen hydrogel, zwitterionic hydrogel, and
composite samples, respectively. This stiffening was dependent
on the amount of collagen in the composite. For collagen con-
tent of φcollagen ¼ 5, 10, and 15 mg mL�1, the composite gel
had an elastic modulus E ¼ 359.6 ± 17.8 kPa, 375.2 ± 9.3
kPa, and 377.1 ± 35.1 kPa, respectively (P < 0.002 vs. milli-
grams per milliliter of collagen).

The combination of stiffness and toughness is critical for the
resilience of a material. Thus, we compared the elastic modulus
and toughness of our composite material to other hydrogel sys-
tems from the literature (Fig. 3C), namely, collagen hydrogels
(4) and collagen hydrogel composites (4, 28–30), as well as the
control zwitterionic hydrogel and native articular cartilage (31)
as a benchmark. The combination of stiffness and toughness
observed in the collagen zwitterionic composites in this study
exceeds those of previously reported collagen-based systems.
Furthermore, our system approaches the properties of native
articular cartilage in tension, achieving similar toughness with
approximately an order of magnitude lower modulus.

A potential advantage of ionically coupled materials is their
resilience under repeated loading, due to the breaking and ref-
ormation of ionic bonds, as they allow for energy dissipation
without inducing permanent damage. To assess this resilience,
cyclic testing was performed under displacement control. These
experiments showed good repeatability of this composite under
multiple loading cycles (SI Appendix, Fig. S1). Specifically, the
specimen exhibited minimal modulus loss between cycles
despite being loaded up to 90% of the ultimate failure strain.
This resilience contrasts with covalently linked systems, such as
double network hydrogels, in which a significant modulus loss
is observed after a single loading cycle (32).

Toughness experiments are sensitive to preexisting micro-
scopic defects and their corresponding distributions (4, 28, 30).
Therefore, variability in synthesis and manufacturing condi-
tions make it difficult to compare the true energy expended in
rupturing between samples. To measure the fracture energy
Γ (33–35) as a function of collagen content, we therefore pre-
scribed where rupture would initiate by applying a sharp crack
one-third of the width of the sample to each sample before
loading. Testing samples this way allows precise control of the
size of the largest defect, as the induced crack can be designed
to be several orders of magnitude larger than the preexisting
defects, thus dominating the response.

The presence of collagen had a dramatic influence on the frac-
ture energy of the composite samples. Snapshots of the samples
during testing showed significant blunting of the crack tip for a
collagen content of φcollagen ¼ 15 mg mL�1 (Fig. 3D) before and
during crack propagation. The stress-strain curve is close to linear
up until the crack point and shows a gradual decrease in engi-
neering stress as the crack continues to propagate. Video tracking
showed that the 2.5-mm crack first started to propagate at an
overall engineering strain of εengcrit ¼ 0.25 and a critical far-field
engineering stress of σengcrit ¼ 0.116 MPa, noting that these values
depend on the initial crack length. Fracture energy increased
monotonically with collagen concentration in the composite
(P < 10�8, ANOVA on toughness and collagen concentration;
Fig. 3E). The presence of 15 mg mL�1 collagen in the compos-
ite gel increased the fracture energy 11-fold, with the zwitterionic
gel Γ¼ 16.85 ± 2.60 J m�2 and the φcollagen ¼ 15 mg mL�1

composite Γ¼ 180.21 ± 8.82 J m�2.

1.4. Cell Seeding. To document the effect of the addition of colla-
gen on cytocompatibility, we seeded bovine articular chondrocytes
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on the surface of composite and zwitterionic gels and measured
cell viability and attachment. Staining of composite gels seeded
with chondrocytes revealed a high overall viability with an increase
in overall cell count with increasing collagen concentration evident
from confocal images (Fig. 4 A–C and SI Appendix, Fig. S4). The
quantification of cell viability revealed increased viability in com-
posite gels at φcollagen ¼ 5 (P < 10�4), 10 (P < 10�4), and
φcollagen ¼ 15 mg mL�1 (P < 10�4) collagen, as compared to

zwitterionic gels (Fig. 4D). The number of live cells increased
with increasing collagen concentration, with fewer live cells on
φcollagen ¼ 0 mg mL�1 than φcollagen ¼ 5 mg mL�1 (P = 0.046),
10 mg mL�1 (P < 10�3), and 15 mg mL �1 (P < 10�3) gels (Fig.
4E). The number of dead cells did not differ between collagen con-
centrations (Fig. 4F).

SEM of cell-seeded gels provided further evidence of differ-
ential cell attachment between composite and zwitterionic

5 mg mL-1

10 mg mL-1

15 mg mL-1

0 mg mL-1
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Fig. 2. SEM of gels. SEM of collagen-zwitterionic gels with φcollagen ¼ 0 (A–C), 5 (D–F), 10 (G–I), and 15 (J–L) mg mL�1 collagen, and 8 mg/mL collagen gels
(M–O) as labeled, with increasing magnification from left to right.
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hydrogels. No cells were found on zwitterionic gels through
SEM, likely due to the low number of live cells present after
culture (Fig. 4E). However, the presence of cells was evident on
all composite gels, with the majority of cells found on collagen-
rich domains of the gel surface (Fig. 4G). Cells directly
attached to large fibril aggregates appeared to have better
attachment (Fig. 4G and H), whereas cells on synthetic
domains appear rounded and poorly attached (Fig. 4G). Some
cells attached to collagen-rich domains also facilitated matrix
deposition as evidenced by fibrils overlying and securing the
cell to the composite gel (Fig. 4H).

2. Discussion

The goal to mimic and recreate biological tissues with synthetic
materials is one that has challenged the biomaterials community
for decades. In this study, we synthesized a material that mimics
the structure of many biological tissues: a fibrillar collagen network
reinforced by an ionically active gel. This collagen-zwitterionic gel
composite exhibited a combination of stiffness and toughness that
approached native connective tissues and had high cytocompatibil-
ity for cells seeded on its surface.
The benefits of adding an interpenetrating collagen network

to a zwitterionic hydrogel were remarkable. Even at an exceed-
ingly low weight fraction (φcollagen ≪ 0.015), the addition of
collagen increased elastic modulus by 40% (E ¼ 377.1 ± 35.1
kPa vs. E ¼ 274.7 ± 26.8 kPa), and fracture energy by almost

11-fold (Γ¼ 16.85 ± 2.60 J m�2 vs. Γ¼180.21 ± 8.82
J m�2). These values represent an increase of two orders of
magnitude in toughness and an order of magnitude increase in
stiffness over previously reported collagen hydrogel composites
(4, 28–30). Furthermore, the addition of collagen greatly
enhanced cell viability (∼90%) and attachment, likely due to the
role of integrins in facilitating the attachment of chondrocytes to
type I collagen (36, 37). Although the use of fetal bovine serum
(FBS) in culture may have facilitated the attachment of chondro-
cytes to the collagen matrix, it is clear that zwitterionic gels alone
do not facilitate the association of the proteins in FBS. Thus,
while the specific proteins that facilitate attachment of chondro-
cytes to the matrix were not investigated, the enhancement of cell
attachment due to the addition of collagen is dramatic.

Collagen-zwitterionic composites contained nanostructured col-
lagen fibrils that formed an interconnected network, as confirmed
by SEM. The fibrous collagen network increased the modulus
and toughness of material, but it also facilitated cellular attach-
ment and remodeling. As such, this composite has the potential
for use in engineering of soft tissues such as articular cartilage. In
addition, since the zwitterionic hydrogel can be 3D printed, the
system could be used in engineering tissues with arbitrary geome-
tries through digital light processing (16).

A key driver of the mechanical contributions of the self-
assembled composite architecture is network connectivity. To esti-
mate the network connectivity as a function of collagen content
of the composite based on experimental measurements of elastic

A

D E

B C

Fig. 3. Mechanical properties. (A) Comparison of molded stress-strain curves of our collagen-zwitterionic hydrogel composite against its components. (B)
Elastic modulus of our collagen composite system with different collagen loadings. (C) Mechanical property comparison of our collagen-zwitterionic hydrogel
composite with other tough hydrogel systems and articular cartilage. Representative stress vs. strain curve (D) of the notch test at φcollagen ¼ 15 mg mL�1 col-
lagen as well as fracture energy results (E) at various collagen loadings. All of the error bars represent 1 SD above and below the mean. All of the tests were
run in triplicate. All of the horizontal bars represent statistical significance between groups (P < 0.05).
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modulus and fibril geometry, we used an analysis outlined in
SI Appendix, Section S1. In summary, we used the rule of mix-
tures, SEM data for collagen fibril geometry, and existing scaling
laws for collagen network elasticity. The results showed that the
collagen fibrils are, on average, connected in branched junctions
(average network connectivity ≈3), leading to an interconnected
network topology. This level of network connectivity further con-
firms the efficacy of the two-step fabrication process depicted in
Fig. 1A to create a fully percolated and mechanically functional
collagen fibril network interpenetrated within the zwitterionic gel
matrix (38).
A major feature of the fabrication process of this material is

that the self-assembly of the collagen fibrils network within the
zwitterionic hydrogel is achieved by simple mixing. Other meth-
ods to achieve similar composite architectures are significantly
more complex. For example, electrospun (39–42) and UV-cured
double network hydrogels (26, 43, 44) often require multiple
time-intensive synthetic stages. Recent advances in electrochemi-
cally aligned threads have yielded large diameter fibrils with sig-
nificantly improved tensile modulus and strength; however, this
process requires many hours to days of synthesis (45). These
large-scale fibers have the potential to further increase modulus
and strength in our composite material. In addition, large-scale
fibers would better match those present in connective tissues,
which have diameters in the range of 1–50 μm (46).
With these advantages in mind, this research demonstrates

the creation of a self-assembled collagen zwitterionic hydrogel
composite with potential in tissue engineering. This advance
enables a wide range of applications, in which a combination of
strong mechanical properties, great cytocompatibility, and good
native tissue integration is required simultaneously, including
regenerative tissue engineering such as synthetic cartilage.

3. Experimental Design

3.1. Materials. AAM (≥99%), DMAPS (95%), PEGDA (Mw

575), (PBS) tablets, and acetic acid were purchased from Sigma-
Aldrich (St. Louis, MO). RF and TEOHA were obtained from
Neta Scientific (Hainesport, NJ). Antibiotic-antimycotic solu-
tion and Dulbecco’s modified Eagle’s medium (DMEM) were
obtained from Corning (Manassas, VA). Chemicals were used as
received without further purification. Millipore Milli-Q water
(resistivity >18 MΩ cm�1 at 25 °C) and deionized (DI) water
were used in the experiments.
Collagen was prepared through extraction from rat tail ten-

dons, as previously described (47). Briefly, rat tail tendons were
solubilized in 0.1% acetic acid at a concentration of 6.67 g L�1

at 4 °C for a minimum of 48 h. Solutions were centrifuged at
9,000 rpm for 90 min at 4 °C, with lyophilization of the super-
natant to yield a collagen sponge. The lyophilized collagen was
then reconstituted in 0.1% acetic acid at a concentration of
30 mg mL�1 and stored at 4 °C.

3.2. Resin Preparation. The zwitterionic hydrogel resin was pre-
pared as described previously (16), except that the N,N 0-methyle-
nebisacrylamide cross-linker was replaced by PEGDA for lower
cytotoxicity (48, 49). Briefly, 2.8 M AAM, 0.7 M DMAPS, and
1 mol% of PEGDA were dissolved in 10X PBS buffer and Milli-
Q water to a final PBS concentration of 1×. To the mixture
10�5 M, RF was added as the photoinitiator and the pH was
adjusted to ∼7.0 using TEOHA (30% wt/vol as stock solution).
TEOHA also serves as the coinitiator of the reaction.
The collagen zwitterionic hydrogel composite resin was pre-

pared by mixing certain amounts of collagen (30 mg/mL in

0.1% acetic acid stock solution) with a concentrated zwitter-
ionic hydrogel resin using a polycarbonate three-way stopcock
(50) (Cole-Parmer, Vernon Hills, IL). All final solutions had a
PBS concentration of 1×. All of the resins were stored at 4 °C.
The final pH of the collagen zwitterionic hydrogel composite
resins was adjusted by adding TEOHA dropwise before use. All
of the samples were prepared at pH 7.0.

3.3. Sample Preparation. Tensile test samples were prepared
using a transparent Sylgard184 mold. ISO 527–2 Type 5A sam-
ples with a gauge length of 25 mm and a thickness of 2 mm
were prepared as the pristine dog bone samples. Single-edge
notch test samples were prepared from rectangular samples 7.5 ×
50 × 1.5 mm. A 2.5-mm crack was cut into the edge of the sam-
ple with a razor blade jig at approximately the halfway point
along the long edge of the sample. Photocurable resin was added
to the mold and an Omnicure S1500 UV light source (Excelitas
Technologies, Waltham, MA) was used to form the tensile test
samples. Curing time was selected as 20 min, with the light
source being held 10 cm away from the surface of the sample to
ensure that the samples were fully cured. The specifications of the
light source can be found in SI Appendix, Fig. S3.

3.4. SEM. Following incubation for 2 h at 37 °C, collagen gels
were sectioned using a 4-mm biopsy punch. Sections were cross-
linked with 4% formalin in PBS for 1 h before rinsing 3 times
with PBS and twice with DI water for 10 min each. Gel sections
were then cross-linked with 1% osmium tetroxide for 1 h and
dehydrated with a graded series of ethanol/water washes (30%,
50%, 70%, 90%, then 100% [×2] ethanol in water), followed
by a graded series of hexamethyldisilazane/ethanol washes (33%,
50%, 66%, 100% hexamethyldisilazane in ethanol). Gels were
dried overnight at room temperature and pressure, followed by
vacuum drying for 48 h (51). After drying, gels were grounded to
sample pins with silver conductive paint and gold foil and sputter
coated with an Au/Pd alloy for 20 s at a target current of 20 mA.
Sputter-coated samples were then imaged with a field of view of
3, 10, and 100 μm at an accelerating voltage of 0.5 to 2 kV and
a working distance of 5 mm.

3.5. Mechanical Testing. Tensile tests were performed using
the Zwick & Roell Z1010 testing machine (Ulm, Germany) at
a strain rate of 10 mm/min (52).

Due to the flexible and tacky nature of many of the samples,
care was taken to properly clamp the samples in the tensile
grips using sandpaper to provide extra friction.

Tests were run with samples containing 4 different collagen
loadings (φcollagen ¼ 0, 5, 10, and 15 mg mL�1), with the
φcollagen ¼ 0 mg mL�1 loading being just the zwitterionic
hydrogel control. Tests were run in triplicate for reproducibil-
ity. Elastic modulus values were calculated as the initial slope of
the stress-strain curves of the pristine samples up until an initial
engineering strain of γeng ¼ 0.05. Single-edge notch test sam-
ples were used to calculate fracture energy values according to
methods described by Chen et al. and Tutwiler et al. (34, 35)
(see below).

Representative cyclic tensile tests were performed to test the
samples after many loading cycles. Speeds of 10 mm min�1 up
to 75% of the failure strain determined from previous strain-
to-failure measurements were used for φcollagen ¼ 10 mg mL�1

gels. Cyclic tensile tests with a rest period at full extension of
the samples were also performed. The samples were held at
constant strain for triple the time it took for the sample to
reach full extension.
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3.6. Fracture Energy Calculation. The fracture energy of the
samples was calculated using the method by Chen et al. (34).
The energy release rate, G ðλ, cÞ, or the reduction in elastic
energy when the cut extends per unit area, is defined as
Gðλ, cÞ ¼ �δU ðΔ, cÞ=tδc , where U ðΔ, cÞ is the elastic energy
of the system at displacement Δ, c is crack length, t is the
thickness of the sample, and λ is the stretch of the sample.
When all of the other dimensions are much larger than the
crack length, the energy release rate can be set equal to
Gðλ, cÞ ¼ kðλÞW ðλÞc , where kðλÞ is the stress intensity factor
for the given stretch and W ðλÞ is the strain energy density, or
the area under the force-displacement curve divided by the vol-
ume of the unstretched material for the pristine dog bone sam-
ple as a function of stretch. The stress intensity factor is a
dimensionless parameter determined by solving the boundary-
value problem. When other dimensions of the sample are much
larger than the cut, the only dimension in the boundary value
problem is the length, c . As the sample is stretched, the sample
will eventually rupture at a stretch of λR , when the critical
energy release rate is equal to the fracture energy,
GcðλR , cÞ ¼ Γ, where Γ is the fracture energy of the material.
Substituting the fracture energy for the energy release rate and
rearranging, we obtain an expression for the fracture energy:
Γ¼ kðλRÞW ðλRÞc: When the length of the cut is large
(one-third of the width of the sample) and the sample ruptures
at a small strain, we can apply linear elasticity with λ! 1.
For small deformations, the stress intensity factor is
kð1Þ ≈ 2ð1:1215Þ2π ≈ 7:90 (53). As the stress-strain curves of
our samples are essentially linear up until crack propagation, we
can consider that the above holds for the majority of the speci-
mens as they fail in moderately small deformations.
To confirm the reliability of this approach, a second method

was also used for the samples at 15 mg mL�1, which had the
largest failure strains. In this approach, we do not use the
stress-intensity factor to eventually arrive at the fracture energy.
We start by rewriting the equation for the reduction in elastic
energy under the condition that the crack has just started prop-
agating and the crack is still at its initial length c ¼ c�.

GcðλR , cÞ ¼ � δU ðΔR , cÞ
tδc

j c ¼ c�, [1]

where λR and ΔR are the critical stretch and displacement,
respectively, when the crack starts to propagate. For our experi-
ments, similar to Tutwiler et al. (35), the force-displacement
curves were nearly linear up until the crack propagated, so
U ðΔ�

c , cÞ ≈ 1
2Δ

�
c
2 F

Δ

� �
, where F is the applied force. Substituting

this into Eq. 1 gives

Γ ≈ � 1
2t

Δ�
c
2 d F

Δ

� �
dc

� �
j c ¼ c�: [2]

Using a camera to record the uniaxial tension tests of the
single-edge notch test samples, we were able to match up the

raw force and displacement data with the length of the crack at
each time point. This allowed us to approximate the derivative
of the F =Δ vs. c curve at the point where the crack starts to
propagate. We compared the results of these two methods for
the 15 mg mL�1 samples under varied pH conditions (SI
Appendix, Fig. S2). For pH 6.5, 7.0, and 7.5 (λ�c = 1.261,
1.268, and 1.242, respectively), the methods differ by less than
25%. The pH 8.0 results differ by 77%, whereas at pH 8.5,
the results differ by almost 600%. The results at pH 7.0 for
both models (the nonlinear elastic model result is displayed in
Fig. 3) are not statistically different, confirming the reliability
of either method. We conclude that for pH 8.0 (λ�c = 1.271),
the small strain assumption starts to diverge, and at pH 8.5
(λ�c = 1.371), it no longer holds true.

3.7. Cell Surface Seeding. The hydrogels were first rinsed with
ethanol and PBS 6 times for a minimum of 10 min each to
ensure sterility. Chondrocytes were isolated from articular carti-
lage from bovine stifle joints as described previously. Gels were
then placed in individual wells in a 24-well plate and seeded
with primary bovine articular chondrocytes at a density of
5,000 cells per square centimeter (50, 54). Seeded hydrogels
were then incubated in DMEM with 10% FBS and antibiotic-
antimycotic (1X) at 37 °C for 4 d. Afterward, the culture gels
were rinsed with PBS and stained with calcein AM and ethid-
ium homodimer-1 for 20 min. After rinsing with PBS, the gels
were covered with PBS to prevent drying and immediately
imaged on an inverted confocal microscope with a 10X/0.45
water immersion objective. Live/dead imaging was achieved with
an excitation wavelength of 488 nm and emission filters for live
and dead cells set at 510 to 560 nm and 610 to 660 nm, respec-
tively. Live and dead cells were counted with a custom MATLAB
code (55).

3.8. Statistics. All of the measurements were performed in trip-
licate unless otherwise stated. Statistical analysis was performed
using RStudio (version 1.2.1335 for Windows). The effects of
collagen concentration on the mechanics and cell-seeding
results were compared using a one-way ANOVA with Tukey
honestly significant difference post hoc test, with significance
set at P = 0.05. Data are presented as means ± SDs.

Data Availability. All study data are included in the article and/or supporting
information.
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