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3D-Printed Reinforcement Scaffolds with Targeted
Biodegradation Properties for the Tissue Engineering of
Articular Cartilage

Enrico Tosoratti, Philipp Fisch, Scott Taylor, Lee Ann Laurent-Applegate,

and Marcy Zenobi-Wong*

Achieving regeneration of articular cartilage is challenging due to the low

healing capacity of the tissue. Appropriate selection of cell source, hydrogel,

and scaffold materials are critical to obtain good integration and long-term

stability of implants in native tissues. Specifically, biomechanical stability and

in vivo integration can be improved if the rate of degradation of the scaffold

material matches the stiffening of the sample by extracellular matrix secretion

of the encapsulated cells. To this end, a novel 3D-printed lactide copolymer is

presented as a reinforcement scaffold for an enzymatically crosslinked

hyaluronic acid hydrogel. In this system, the biodegradable properties of the

reinforced scaffold are matched to the matrix deposition of articular

chondrocytes embedded in the hydrogel. The lactide reinforcement provides

stability to the soft hydrogel in the early stages, allowing the composite to be

directly implanted in vivo with no need for a preculture period. Compared to

pure cellular hydrogels, maturation and matrix secretion remain unaffected by

the reinforced scaffold. Furthermore, excellent biocompatibility and

production of glycosaminoglycans and collagens are observed at all

timepoints. Finally, in vivo subcutaneous implantation in nude mice shows

cartilage-like tissue maturation, indicating the possibility for the use of these

composite materials in one-step surgical procedures.

1. Introduction

Articular cartilage is a connective tissue lining diarthrodial joints
of the human skeleton. Its primary function is to allow move-
ment of the joint in a friction-free manner.[1] In 2010, the World
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Health Organization reported that 49.7%
of the population above 65 years of age
showed signs of cartilage degeneration, a
number that is predicted to rise with a
worldwide aging population. By 2030, car-
tilage degeneration is expected to be one of
the highest causes of disability in the gen-
eral population.[2] Patients with articular
cartilage damage usually experience pain,
inflammation, stiffness of the joints and
limited range of motion.[3] Cartilage tissue
that has undergone trauma and is left un-
treated eventually degenerates, leading to
the development of chronic osteoarthritis.[4]

The absence of innervation and vasculariza-
tion of articular cartilage, together with its
low cell density, are the main factors lim-
iting the self-renewal properties of the tis-
sue and the success of tissue engineering
approaches.[5]

Current tissue engineering approaches
focus either on analgesic or reconstruc-
tive techniques. Analgesic techniques use
local administration of drugs such as
corticosteroids,[6] hyaluronic acid (HA),[7]

or autologous platelet-rich plasma[8] to re-
duce inflammation and pain, but they do

not promote tissue regeneration. On the other hand, reconstruc-
tive techniques attempt to repair cartilage lesions by stimulat-
ing cells to restore the damaged tissue.[9] Examples of such tech-
niques are microfracture, autologous chondrocyte implantation
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(ACI), and matrix-assisted autologous chondrocyte implantation
(MACI).[10]

Hydrogels have gained interest for cartilage tissue recon-
struction, as they can mimic the extracellular matrix of many
tissues, providing a 3D environment for cells to migrate and
proliferate.[11] Their highly swollen and porous nature allows for
solutes and nutrients to freely diffuse within, providing a highly
biocompatible environment for cell encapsulation.[12] In the last
decade, a variety of synthetic and naturally derived hydrogels have
been developed and used to generate 3D constructs for cartilage
engineering,[13,14] but higher performance has been reported in
naturally derived hydrogels in terms of glycosaminoglycans, col-
lagen type II, and aggrecan deposition.[15–17] Specifically, chon-
drocytes encapsulated in hyaluronan have shown cell prolifera-
tion and matrix deposition suitable for the regeneration of carti-
lage tissue.[18,19]

Various studies[20–24] have shown how hydrogel stiffness and
the bioactivity of the embedded cells are inversely correlated, i.e.,
softer hydrogels allow cells to migrate easily, differentiate bet-
ter, and to remodel the surrounding matrix faster than stiffer
environments. At the same time, hydrogels which are too soft
may not be capable of remaining stable under inflammation,
skin tension, tissue movements, or once they are implanted and
mechanically loaded. In particular, hyaluronan and hyaluronan
based hydrogels have shown to be optimal for tissue engineer-
ing since hyaluronan is one of the main components of the ex-
tracellular matrix,[25] in particular cartilage, where together with
proteoglycans it forms aggregates, responsible for the extraordi-
nary mechanical properties of cartilage and has shown to be a
crucial component for cell proliferation andmigration.[26] Recent
works[27–31] have shown the potential of enzymatically crosslink-
ing HA for tissue engineering, where excellent biocompatibility,
cell proliferation and tissue maturation can be observed. Further-
more, the enzymatic crosslinking process involves FXIII, a mul-
tifunctional protein involved in a variety of mechanisms for reg-
ulation and repair processes, such ECM stabilization and wound
healing.[32]

Scaffolds such as metals, ceramics, and plastic have been
used in combination with soft hydrogels to provide additional
mechanical stability.[33–36] In fact, many recent tissue engineer-
ing approaches are based on the use of biodegradable polymers
and additive manufacturing technologies for the generation of
patient-specific scaffolds.[14,37–39] These materials allow for the
design of hydrogel-supporting structures that sustain the con-
struct during early implant stages and degrade after a specific
amount of time. Among these polymers, synthetic biodegradable
poly-lactides such as polycaprolactone (PCL), poly(glycolic acid)
(PGA), and polylactic acid (PLA) have been investigated in the
last decade, as they possess biocompatible degradation pathways,
thermal plasticity,[40] and suitable mechanical properties.[40,41]

When implanted, these polymers can degrade through hydrol-
ysis of their ester bonds.[42] The applications for these polymers
include dissolvable sutures, implants for fixation of bone, drug
delivery, and tissue engineering.[42]

Unfortunately, commonly used degradable polymers possess
either very slowly degrading pathways that can take up to sev-
eral years to be broken down,[43] or very fast-degrading properties
that do not provide adequate reinforcement support for the de-
sired amount of time.[44] On one hand, an excessive permanence

of the reinforcement structure and an excess of degradation of
the byproducts may hinder further cell proliferation and tissue
maturation or even lead to cell death.[45,46] On the other hand,
a premature degradation may prevent adequate reinforcement
and lead to deformation and rupture of the construct.[45,46] Most
tissue regeneration approaches and the specific interaction of
cells with the different hydrogel materials call for the design and
manufacture of specific biodegradable scaffoldmaterials with tar-
geted mechanical and degradation properties. This would enable
the generation of constructs with an adequate mechanical stabil-
ity upon implantation, where the reinforcement structure is de-
signed to degrade once sufficient mechanical stability is provided
by the matrix secreted by the cells.
In this work, a novel lactide copolymer termed Lactoprene®

7415 is employed to match the matrix stiffened by human chon-
droprogenitors in a hyaluronan-based hydrogel for the regenera-
tion of cartilage tissue. Lactoprene® 7415 is a linear segmented
block copolymer with an A-B-A structure containing a large cen-
tral block of trimethylene carbonate with end grafts comprising
lactide (74%), trimethylene carbonate (15%), and caprolactone
(11%) repeat units. This structure creates a tough, flexible poly-
mer with low crystallinity. Additionally, minimizing the lactide in
the polymer matrix minimizes the generation of lactic acid dur-
ing polymer degradation, and the lower crystallinity reduces the
surface hardness of the polymer. With a hydrolysis-based degra-
dation, the construct can be naturally degraded in vitro and in
vivo. First, the degradation of the reinforcement copolymer is an-
alyzed in vitro by means of high-performance liquid chromatog-
raphy (HPLC) over the course of 63 d. Second, the optimized
scaffold design is 3D printed using fused deposition modeling
(FDM) and embedded in an enzymatically crosslinked hyaluro-
nan hydrogel loaded with human epiphyseal chondroprogeni-
tors (ECPs) for cartilage tissue regeneration. Third, the matura-
tion of the reinforced construct is evaluated over the course of
63 d and compared to the nonreinforced hydrogels. Finally, an
in vivo study is performed, illustrating the possibility of implant-
ing these reinforced constructs without a preculture period. Our
results suggest that such composites may be used following a
1d preparation in a one-step surgical procedure. This approach
may be used thereafter in combination with existing techniques;
for instance, with cartilage mincing where cells and tissues from
patients do not leave the operating room but are harvested and
re-implanted right away with little manipulation by the surgeon,
with cells from previously stocked Biobanks (such as with ECPs)
or with autologous preparations of chondrocytes.[47,48]

2. Results and Discussion

2.1. Lactide Copolymer Scaffold Design, Degradation Analysis,
and HA-TG Hydrogel Embedding

Lactoprene® 7415 (Polymed, Inc), a novel lactide-copolymer,
was investigated as a reinforcement material for the regener-
ation of cartilage tissue. The material is a flexible copolymer
comprising 74% l-lactide, 15% trimethylene carbonate, and 11%
caprolactone. Scaffolds were designed and 3D printed using
Lactoprene® 7415 and a 10% recto-wiggle pattern in the shape
of a parallelepiped, from which 6 mm cylinders were cut out and
used as a reinforcement material (Figure 1A). The recto-wiggle
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Figure 1. Schematic of components and embedding process. A) Lactoprene® 7415 reinforcement scaffolds were 3D printed using a 10% recto-wiggle
infill pattern and were combined with a HA-TG hydrogel to form a reinforced HA-TG. B) Compressive modulus of HA-TG hydrogel alone and in combi-
nation with the reinforced scaffold. Data represents mean and standard deviation of n= 3 independent experiments. The p value was determined using a
simple t-test. C) Experiment timeline; in green: degradation of the lactide reinforcement material over the course of 9 weeks represented by a quasi-linear
decrease of the Young’s modulus. Shaded in red: an in vitro study allowed for analysis of the material mechanically (compression testing), histologically,
and by immunofluorescence (live/dead) at different timepoints. Shaded in blue: in vivo study, samples were prepared and left to preculture for 3 weeks
(top row) before being implanted, while another set of samples was prepared and implanted at week 3 (bottom row). In vitro and in vivo analysis were
performed at week 9.

pattern was chosen to provide flexibility to the scaffold, while still
speeding up the printing process since each layer had a contin-
uous printing path and required only a few turns by the printing
head. Byminimizing the number of passes, the failure rate of the
prints was also greatly reduced. The 3D-printed scaffold was then
combined with a 1.5% enzymatically crosslinked hyaluronan
transglutaminase (HA-TG) hydrogel previously developed in our
laboratory.[30] In this respect, the recto-wiggle pattern provided a
larger surface area in contact with theHA-TGhydrogel compared
to a simple rectilinear grid, since the curvature of the strands lead
to a higher amount of material deposited in the same volume.
This also increased the overall stiffness of the scaffolds, without
reducing their overall flexibility. At the same time, the recto-
wiggle pattern created a more open interconnected pore network
which facilitated the injection of HA-TG. The embedded rein-
forcement structure increased the overall compressive modulus
of the hydrogel from 4.1 ± 0.6 to 84.9 ± 3.3 kPa (Figure 1B).
The degradation of Lactoprene® 7415 was analyzed by sub-

merging 3D printed, tensile bar shaped samples (Figure S1,
Supporting Information) in PBS. Tensile strength and ultimate
tensile strength (UTS) were recorded over the course of 63 d.
Figure 1C and Figure S2A (Supporting Information) show the

Young’s modulus of the reinforcement material, where a linear
decrease in tensile strength over time is observed. Specifically, the
Young’s modulus of thematerial decreased from 20.5± 2.8 to 1.6
± 2.7 MPa after 63 d. The strength of the material decreased so
extensively after 56 d that tensile testing could not be performed
on some of the samples at the 63 d timepoint. The decrease in
mechanical properties was further confirmed as a tenfold reduc-
tion in UTS after 21 d (Figure S2B, Supporting Information).
The mass and the molecular weight loss of the reinforcement

material was evaluated using 3D FDM-printed 6 mm cylinders
degraded in DMEM media. The degradation was measured via
HPLC over the course of 112 d. As can be seen in Figure 2A,
a steady mass loss of Lactoprene® 7415 samples was observed
throughout the experiment. After 112 d, themolecular weight de-
creased to 36.8± 4.0 kDa (Figure 2B), which is nearly a sixth of the
value recorded at the start of the experiment (217.7 ± 14.8 kDa).
The degradation profile of the reinforcement revealed excellent

properties for use as a degradable scaffold for tissue engineering.
The Young’s modulus of the scaffold showed sufficient strength
over the course of 63 d, where a linear degradation profile was
observed (Figure S2A, Supporting Information). This initial high
stiffness is beneficial for the sample to maintain its structural
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Figure 2. Mechanical testing and degradation of the reinforcementmaterial and of theHA-TG hydrogel. A) The cumulativemass loss of the reinforcement
material is shown in percentage over the course of 112 d (n = 3). Release of the material was measured via HPLC. Each timepoint was found statistically
significant with respect to day 0. B) Molecular weight (Mw) of the reinforced material over the course of 112 d with a quasi-linear downward skewed
decrease with a clear drop at day 112 observed. Each timepoint was found statistically significant with respect to day 0, except for day 1. C) Compressive
modulus of the HA-TG hydrogel over 63 d (n = 3): A first net increase in stiffness was observed between day 1 and day 21, followed by an upward-skewed
plateau until day 49 with a final pronounced increase in stiffness at day 63. Each timepoint was found statistically significant with respect to day 1.
D) Compressive modulus of the reinforced HA-TG hydrogel over the course of 63 d (n = 3): A linear increase in stiffness was observed from day 1 to
day 35, followed by a drop in stiffness at day 42. The samples recovered in stiffness after this timepoint, reaching similar values to the HA-TG hydrogel
without reinforcement at day 63. Data represents mean and standard deviation of n = 3 independent experiments. Each timepoint was found statistically
significant with respect to day 1. P values were calculated using a simple t-test.

integrity, while the soft cell-laden hydrogel promotes matrix
deposition by the embedded cells. Once cells have sufficiently
stiffened the hydrogel by matrix deposition, the reinforcement
structure is no longer necessary and should be entirely replaced
by extracellular matrix. Furthermore, the mass loss detected in
the DMEM media over the course of 112 d never exceeded 6%
of the total weight of the scaffold at any timepoint (Figure S3,
Supporting Information). This is an important factor, because
sudden spikes in material release may hinder cell proliferation
andmaturation due to an accumulation of byproducts.[49] Finally,
the rate of weight loss of the reinforcement scaffold was found
to be steady for the initial 3-week maturation phase (Figure
S3, Supporting Information). This is ideal since in this initial
phase the reinforcement is needed, as the cells have just started
to produce the extracellular matrix and therefore the overall
samples are still soft (Figure 2C). As a comparison, other in vitro
degraded polymers commonly used in tissue engineering such

as PLA and PCL have a much slower degradation time, where
less than 4% loss in weight is observed after 42 d[50,51] whereas
the Lactoprene® 7415 reinforcement already lost almost 30%
of its mass at the same timepoint. PLA and PCL are therefore
suboptimal polymers for such applications since they do not
degrade fast enough, inhibiting the remodeling process of the
cells. At the same time, commonly used PGA has a much faster
degradation rate, leading to insufficient mechanical stability and
an inability to adequately reinforce the hydrogel.

2.1.1. Cytotoxicity

An MTS assay was performed to evaluate the change in
metabolism of cells when exposed to the reinforced material
alone in culture media. Figure S4A (Supporting Information) re-
ports the measured absorbance of formazan by cells cultured
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with and without a reinforced scaffold, where a higher ab-
sorbance signifies higher cell metabolism. A 2.5 times reduction
in absorbance was observed when the reinforced material was
added to the media solution. The reduction in absorbance sug-
gested a lowermetabolic cell activity in presence of the reinforced
material. To evaluate if the reduction in absorbance was linked to
cytotoxicity, a viability analysis was performed to evaluate the bio-
compatibility of the Lactoprene® 7415 material over 21 d (Figure
S4B,C, Supporting Information) where the scaffold was embed-
ded in a 1.5% HA-TG hydrogel solution. Over the course of 21 d,
viability remained above 90% (live cells at day 1: 96.1% ± 2.1%,
day 7: 92.9 ± 6.2%, day 21: 95.0% ± 1.5%).
The MTS assay is considered one of the “gold standards”[52,53]

for the cytotoxicity evaluation of amaterial. It allows for the deter-
mination of cellmetabolic activity change as the potential for cells
to metabolically reduce MTT into formazan.[54] Nevertheless, the
results of an MTS assay should always be carefully interpreted as
they may be affected by a variety of factors, such as small fluctua-
tions in pH ofmedium, reduction of the tetrazolium salts or sim-
ply from initial byproducts of reinforced material.[52,54] For this
reason, a viability test was performed to evaluate the viability of
cells in the presence of the reinforcement material once embed-
ded in aHA-TGhydrogel. Since previous studies have shown that
HA-TG is an excellent hydrogel for cartilage regeneration,[27–31]

any reduction in viability would be linked to the presence of the
reinforcement material alone. A viability analysis was performed
to evaluate the biocompatibility of the reinforcement structure
when combined with the HA-TG hydrogel over 21 d (Figure
S4B,C, Supporting Information). Results showed excellent viabil-
ity and proliferation of cells (Figure S4C,D, Supporting Informa-
tion), as could be seen from the two-fold increase in cell number
at day 7 and the fivefold increase at day 21. These results con-
firmed the biocompatibility of the reinforced material and en-
sured that the decrease in metabolic activity of the MTS assay
was not related to increased cytotoxicity.

2.2. In Vitro Maturation and Mechanical Testing of HA-TG
Hydrogels and HA-TG Reinforced Hydrogels

Once the biocompatibility of the reinforcement material was es-
tablished, the reinforcement structure was embedded in 1.5%
HA-TG together with human ECPs (10 million mL–1). As a con-
trol, chondroprogenitors were also encapsulated in an HA-TG
hydrogel. Compression testing was performed to evaluate the
change in compressive modulus of the two conditions over time.
Figure 2C reports the compressive modulus of 6 mm diameter,
1.5 mm thick HA-TG samples cultured in chondrogenic media
over the course of 63 d. A significant increase in stiffness (p <

0.001) was observed between day 1 and day 21, followed by a pos-
itively skewed maturation plateau until day 49. Finally, a second
substantial stiffness increase was observed between day 49 and
day 63, when samples reached a final compressive modulus of
383.4 ± 12.0 kPa.
The addition of the reinforced scaffold resulted in an increased

compressive modulus at day 1 of 84.9 ±3.3 kPa with respect to
an initial 4.1 ± 0.6 kPa of the HA-TG hydrogel alone. The rein-
forcement provided structural support up to day 35 (Figure 2D).

Between days 42 and 49, the overallmechanical stiffness of the re-
inforced samples decreased but regained compressive modulus
at day 56, reaching similar values to those of the HA-TG samples
of Figure 2C.
Previous studies,[27–31] reported a significant maturation of the

HA-TG hydrogels in the first three weeks of culture due to the de-
position of ECM from the cells leading to an increase in overall
stiffness of the samples. Nevertheless, the very low stiffness of the
HA-TG hydrogel reported at day one implies that implantation
at this early stage could be at risk of failure. In fact, the soft sam-
ples may be easily deformed by skin tension, tissue inflamma-
tion or body movements. The addition of the reinforced material
increased the initial compressive modulus to a value that allows
for easier manipulation of the samples and provides the samples
with extra strength to sustain skin tension once implanted.
By comparing the degradation profiles in Figure 2A,B, it is

possible to deduce that a significant amount of the Lactoprene®

7415 degraded between days 42 and 49. Considering the cumu-
lative mass loss up to day 42, the reinforced structures had an
average 30.7% mass decrease with respect to their initial value.
Literature reports a similar behavior for hydrolytically degraded
copolymers, where the degradation rate of a scaffold can be de-
layed to a specific timepoint by modifying the molecular chains
of the copolymer.[55,56] In the case of Lactoprene® 7415, there is
a clear increase in degradation byproducts between day 20 and
day 27 (Figure S3, Supporting Information). With respect to the
pure HA-TG samples, reinforced HA-TG samples dropped in
stiffness between day 42 and day 49. This strong degradation
was also empirically observed as the layers of the scaffold could
be separated upon gentle mechanical stimulation using forceps
at day 42. This phenomenon can be explained by considering
the hydrolytic degradation process of the reinforcement mate-
rial, where most of the degradation occurs on the surface of the
scaffold.[57] In particular, a decrease in the stability of the scaffolds
occurred due to the small contact area between the layers which
degraded first. As the connections degrade, the stiffness provided
by the scaffold diminishes, leading to a loss of the compressive
modulus. During this degradation process, cells continue to de-
posit extracellular matrix and thereby to stiffen the surrounding
hydrogel. Between day 49 and day 63, the effects of the soften-
ing of the reinforcement due to the degradation are outbalanced
by the stiffening of the hydrogel due to extracellular matrix de-
position, leading to an overall increase in stiffness of the sam-
ples. The large standard deviation at day 42 of Figure 2D may
be explained by differences in the degradation onset of the rein-
forced material replicates and by the consideration of differences
between the samples due to the FDM printing process. The con-
sequent increase in stiffness observed for the last two timepoints
signifies that cells are alive and proliferating, so that the previous
decrease in stiffness can be attributed to the degradation of the
scaffold exclusively and not to cell death. Finally, this shows that
cells embedded in the reinforced samples can remodel the sur-
rounding hydrogel, reaching similar stiffness values to those of
the HA-TG hydrogels alone. This implies that by the 63 day time-
point, the scaffold has degraded to the extent where its stiffness
can be considered negligible compared to the matrix deposited
by the cells. The properties of the scaffold are highly affected by
its porosity. On one hand, a higher porosity would lead to a more
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compliant scaffold and faster weakening of its macroscopic prop-
erties. On the other hand, printing with a greater infill would de-
crease the porosity leading to a more stable scaffold with a higher
number of connection points between the printed strands.

2.3. Viability and Chondrogenesis of ECPs in HA-TG Hydrogels
and Reinforced HA-TG Hydrogels

The biocompatibility of the HA-TG hydrogel alone and of the re-
inforced HA-TG construct was assessed in vitro by means of vi-
ability staining and immunohistological stainings. Viability im-
ages (Figure 3A) were acquired at four timepoints throughout
the experiment using a two-photon microscope (Leica Sp8 Multi-
Photon). Viability remained above 90% over the course of 63 d
(Figure S4E, Supporting Information). At day 1, cells showed
a rounded shape and a low density (Figure 3A). At day 21, the
morphology of the cells changed to an elongated shape, while
their density increased substantially. Figure 3A also shows the
deposition of collagen fibers (depicted in blue), through a pro-
cess known as second-harmonic, characteristic of two-photon
imaging.[58] Specifically, these fibers were often found concen-
trated around the reinforced scaffold at day 42 showing a pref-
erential alignment along the longitudinal direction of the rein-
forcement strands. No difference in cell morphology or prolifer-
ation was observed between the HA-TG-only and the reinforced
samples, but cells and their secreted collagen were observed in
close contact with the lactide reinforcement. Furthermore, Fig-
ure 3B shows an increase in intensity of the colorimetric staining,
which indicates that collagen and glycosaminoglycan production
increased over time and localized around the reinforced scaffold
(Figure 2C). Semiquantitative analysis of the histological and im-
munohistochemical images showed an increase in intensity of
glycosaminoglycans, collagen I and collagen II over the 63 day
culture period (Figure S5A, Supporting Information).
The viability study not only allowed for the analysis of cell via-

bility in the two different conditions, but also allowed to gain in-
sights into the morphogenesis and proliferation within the HA-
TG hydrogel. In particular, we observed how the morphology of
the chondrocytes was altered from a rounded shape on day 1 into
a more elongated shape on day 21 with a significant amount of
collagen fibers being deposited. As reported in the literature,[59]

collagen deposition was found concentrated around the fibers,
further confirming the biocompatibility of the reinforcementma-
terial. Furthermore, proliferation was seen as cells began to repli-
cate and move to less densely populated regions of the hydrogel.
The viability of cells was also uniform across the sample, show-
ing good diffusion of nutrients and gasses. In addition, the his-
tological analysis conducted at different timepoints allowed for
assessment of maturation and matrix deposition of the samples
over time. Glycosaminoglycan production (Safranin O staining)
was constant over time with no difference between the reinforced
and nonreinforced samples. At the same time, a steady increase
in collagen production could be observed for both conditions over
time. Collagen I is uniform in intensity across the whole sample,
while collagen II deposition has higher intensity in the central
part of the samples. Again, no significant difference can be ob-
served between the two conditions. Collagen I and Collagen II
deposition is also observed in contact with the scaffold structure

(Figure 3D), signifying that the degradation byproducts do not
interfere with matrix deposition by the cells.

2.4. In Vivo Implantation

To confirm the stability and maturation results observed in the
in vitro study, an in vivo study was performed in which rein-
forced HA-TG samples were implanted subcutaneously in nude
mice. Half of the implanted samples were precultured for 21 d
prior to the implantation, while the remaining half was prepared
fresh on the day of surgery (Figure 1B). The samples were ex-
planted after 42 d, and they all retained their shapes and could
be seen under the skin of the mice (Figure 4A). As expected,
precultured samples had higher compressive moduli compared
to non-precultured samples, since they were cultured for 3 addi-
tional weeks in vitro (Figure 4B). Statistical analysis revealed a
significant difference with value of p = 0.002. Nevertheless, the
measured stiffness of 182.3 ± 21.4 kPa for the precultured sam-
ples was lower than the expected value of 449.6 ± 39.2 observed
in the in vitro study at the 63 d timepoint. Instead, these val-
ues appear similar to the stiffness observed at the 49 d timepoint
(207.7 ± 22.7 kPa). The difference in stiffness may be attributed
to the different dynamics between in vitro and in vivo, where the
Lactoprene® 7415 scaffoldmay have been degradedmore rapidly
or where cells may have developed at a slower rate. This phe-
nomenon has been previously reported in the literature, where
the animal metabolism increases the rapidity of degradation of
the scaffold upon reabsorption processes.[60] Finally, the histolog-
ical analysis (Figure 4C) shows good glycosaminoglycan and col-
lagen production, but the Collagen I to Collagen II ratio is higher
than in the in vitro results. Precultured samples showed a higher
intensity of glycosaminoglycans (p = 0.06), a significant increase
in collagen II intensity (p= 0.01) and a significant decrease inCol-
lagen I intensity (p= 0.03) compared to non-precultured samples
(Figure S5B, Supporting Information).
Subcutaneous implantation in mouse models is a commonly

used procedure for evaluating the biocompatibility of a graft[61]

and for evaluating the development of chondrocytes in vivo for
cartilage regeneration.[62] In addition to an upregulation in the
degradation of the scaffoldmaterial due to the increased turnover
by the host, the increased amount of oxygen found in the sub-
cutaneous environment of the animal may have hindered the
growth of chondrocytes.[63] Furthermore, the in vitro samples
were cultured using chondrogenic media (supplemented with
TGF𝛽3), which upregulates the maturation and matrix produc-
tion of chondrocytes. On one hand, the lower intensity of the
Safranin O staining in the in vivo study may indicate a slower
maturation of the chondrocytes compared to the in vitro re-
sults (Figure 3C, Figure S5B, Supporting Information). On the
other hand, the upregulation of Collagen I deposition in con-
junction with the downregulation of Collagen II production may
be linked to cell dedifferentiation and loss of the chondrogenic
phenotype.[64] Finally, a small capsule was found around the sam-
ples, but no vascularization was observed within the samples
(Figure 4D).
Alternatively, the presented approach may also be used in a

one-step procedure for second-generation autologous cartilage
repair techniques.[65,66] With this technique, a small cartilage
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Figure 3. Live/dead and histological analysis of HA-TG and reinforced HA-TG samples. A) Live/dead immunofluorescence was performed using a 2-
photon microscope. At day 1, cells were round in shape and sparse in number. From day 21, proliferation and spreading of cells was evident. Second
harmonic generation allowed to observe collagen fiber deposition (blue). Cells continued to proliferate and spread over the course of the entire experi-
ment. B) Histological analysis showing glycosaminoglycans (Safranin O), Collagen I and Collagen II deposition over the course of 63 d. No significant
difference could be observed between the HA-TG and the reinforced HA-TG samples, in which cells continued to deposit matrix. The reinforced scaffold
did not interfere with the deposition of matrix. C) 3D-view of the collagen deposition by cells at day 42. D) Deposition of matrix near the reinforced
structure has an even transition, with no difference with respect to the rest of the gel. Cells remain alive and unaffected by the presence of the reinforced
transition zone.
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Figure 4. In vivo implantation. A) Pictures showing the samples after subcutaneous implantation, without preculture and with 21 d of preculture. B)
Compressive modulus of the samples without and with preculture. Data represents mean and standard deviation of n = 3 independent experiments.
The p-value was determined using a simple t-test. C) Histological analysis of the in vivo samples. D) Ultrasound and photoacoustic of the samples at
day 63 to confirm the absence of vascularization within the samples.

defect is generated from a non-load-bearing region of the patient
knee and is minced to generate small cartilage fragments. These
tissue fragments contain chondrocytes that, once embedded in
a hydrogel, can migrate into the surrounding biomaterial and
produce extracellular matrix.[66] These small tissue fragments
may be combined with the HA-TG and Lactoprene® 7415
reinforced composite described in this work to be reimplanted
immediately, without the need of a second surgical procedure.

3. Conclusion

By analyzing the maturation profile of biological materials, it is
possible to develop reinforced structures with specific biodegra-
dation properties. This permits the development of composite
structures with a predetermined compressive modulus capable
of sustaining pressure, skin tension and body movement at the
time of implantation, leading to better tissue regeneration and
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a lower risk of implant failure. At the same time, these scaf-
folds can be tuned to degrade when the bulk hydrogel material
has been successfully remodeled by the embedded cells. This
avoids having the scaffold material in place for a longer period
than required. The combination of the HA-TG hydrogel with a
Lactoprene® 7415 reinforced structure allowed for the success-
ful promotion of the regeneration of cartilage in both in vitro and
in vivo settings, where excellent proliferation and matrix produc-
tion could be observed. In the case of the in vivo experiment, our
approach allowed us to validate the possibility of implanting re-
inforced samples with no need of a preculture period, achieving
identical outcomes in terms of shape fidelity and tissue matura-
tion compared to HA-TG samples alone. It is therefore possible
that by limiting cell manipulation (no cell culture delay imposed)
and re-implanting patient cells immediately in a one-step opera-
tion, regulatory pathways could effectively be shortened and pa-
tients would have effective therapies available rapidly.

4. Experimental Section

Chemicals: All chemicals were purchased from Merck unless other-
wise stated.

Cell Source and Expansion: ECPs were isolated as previously described
from the proximal ulnar epiphysis of a 14-week gestation donor.[67] ECPs
were seeded at 10 000 cells cm–2 in standard tissue culture plastics (Nunc)
in Dulbecco’s Modified Eagle’s Medium (DMEM 41966, Sigma-Aldrich)
supplemented with 10% v/v FBS, 10 μg mL–1 gentamicin and 50 μg mL–1

L-ascorbate-2-phosphate at 37 °C, 5% CO2 and 95% humidity. ECPs were
passaged after 8 d at 80% confluency following two media changes and
used at passage 3 for gel preparation. Approval of the experimental proto-
cols was received from the Ethics Committee of the canton Vaud (CHUV—
CentreHospitalier Universitaire Vaudois of the Vaud) and experiments per-
formed under the protocol 62/07.

HA-TG Synthesis: HA-TG was synthesized as previously
described.[30] Briefly, thiolation of HA was carried out by coupling
3,3’-dithiobis(propanoic dihydrazide) (DTPHY) via 1-Ethyl-3-(3-
dimethylaminopropyl)carbodiimide and afterwards reducing DTPHY
by the addition of tris(2-carboxyethyl)phosphine hydrochloride. The
product was dialyzed against ultrapure water adjusted to pH 4.5. Sub-
sequently divinylsulfone was coupled to DTPHY via Michael Addition
and the product dialyzed against ultrapure water. Lastly the solution was
split into two parts and substituted with either the lysine donor peptide
(FKGG-ERCG, TG/K) or the glutamine donor peptide (NQEQVSPL-ERCG,
TG/Q). Following HATG/Q/K was dialyzed again against ultrapure water,
filtered through a 0.45 μmfilter and lyophilized. A degree of substitution of
≈10% over the disaccharide repeating units was confirmed by 1H-NMR.

Sample Preparation and Culture: Cells were embedded at a concen-
tration of 10 million cells mL–1 in 1.5% HA-TG. The viability before en-
capsulation was measured by trypan blue exclusion on a Countess de-
vice (Thermo). Gelation was achieved as described by Broguiere et al.[30]

Briefly, the gel precursors were suspended at 1.5%w/v in sterile TBS (NaCl
150 × 10−3 m, CaCl2 50 × 10−3 m, TRIS 50 × 10−3 m, pH 7.6). Crosslink-
ing was initiated by adding 12.5 U mL–1 thrombin (Baxter) and 10 U mL–1

factor XIII (Fibrogammin, CSL Behring). Gels were cast in sterilized PDMS
(SYLGARD 184) molds of 6 mm diameter and 1.5 mm height placed in the
well plate. To generate reinforced samples, the reinforcement material was
pressed on top of the casted samples to avoid air bubble formation within
the sample. Gels were left to crosslink for 15 min at 37 °C and chondro-
genic medium was then added. After one day, the PDMSmolds were lifted
to allow the gels to float freely. Samples were cultured in 12-well plates
with DMEM supplemented with 10 ng mL–1 transforming growth factor
𝛽3 (TGF-𝛽3, Peprotech), 50 μg mL–1 L-ascorbate-2-phosphate, 40 μg mL–1

L-proline, 50 μg mL–1 gentamicin (Gibco) and 1% ITS+ Premix (Corning).
The well plates were placed in tissue culture incubators at 37 °C and 5%
CO2. Cultures were maintained for up to 63 d and media changes per-
formed twice a week.

Lactoprene® 7415 Synthesis: Lactoprene® 7415 was fabricated by ring
opening polymerization with stannous octoate as a catalyst. The polymer
was ground with a Wiley mill and purified by devolitalization using a Hei-
dolph rotoevaporator. This purified polymer was extruded using a cus-
tom ¾” single barrel extruder (Alex James & Associates, SC, USA) into a
monofilament with 1.75mm nominal diameter. The overall polymer com-
position is 74% lactide, 15% trimethylene carbonate, and 11% caprolac-
tone.

Lactoprene® 7415 Sample Manufacture: A lactide copolymer (Poly-
Med, Inc, Anderson SC, USA) was 3D printed using a 10% recto-wiggle
in the shape of a 20 cm by 20 cm rectangular parallelepiped with the layer
printing direction rotated by 90° every two layers. Cylinders with a diameter
of 6 mm were then cut out using a metal puncher heated to 100 °C (Fig-
ure 1A, Figure S6, Supporting Information). A F306 printer (Fusion3) was
used for the manufacturing process with a bed temperature of 100 °C and
a nozzle temperature of 180°. Printing was performed using a 0.15 mm
nozzle diameter and a 0.075 mm layer height at 250 mm min–1. Before
use with cells, the 3D-printed samples were immersed for 30 min in a
70% EtOH solution, dried in a sterile environment and UV sterilized for 30
min. Samples were imaged using a Leica M650 microscope (Figure S6A,
Supporting Information). To calculate the porosity of the scaffolds, layers
were separated (Figure S6B, Supporting Information) and the ratio of void
space to the ratio of material was calculated as described in literature.[68]

The overall mean porosity was found to be 91.0% ± 3.11%, as expected
by the 10% infill pattern used in the printing process.

Lactoprene® 7415 Degradation Analysis: A set of the same 3D-printed
6 mm cylinders used for the in vitro and in vivo studies was used to ana-
lyze the degradation of the lactide material over the course of 112 d. Trip-
licates were immerged in a DMEM (Gibco DMEM, High Glucose, Glu-
taMAX Supplement, Pyruvate, from Fisher Scientific) buffer solution with
50 μgmL–1 ascorbic acid (BioXtra, fromMillipore Sigma). Specimens were
weighed using a 5-digit balance (Mettler Toledo). 20 mL buffer was added
to each vial containing a sample and was placed in a 37 °C incubator on
an orbiting shaker at 100 rpm. The buffer solution was replaced every 2 to
3 d throughout the study. At each timepoint, samples were removed from
the buffer, rinsed in deionized water and dried under reduced pressure
to a constant mass in accordance with ASTM F1635. Dried samples were
further evaluated for molecular weight by gel permeation chromatogra-
phy (GPC, Waters Corp.) using dichloromethane as the mobile phase and
compared against polystyrene standards. Dried samples were also evalu-
ated for thermal profile by differential scanning calorimetry (DSC, Perkin-
Elmer) from 20 to 220 °C at 10 °C min–1.

Tensile Strength Loss Studies were performed on 3D-printed tensile
bars (ASTM D638 Type V, made with ½ thickness) manufactured with two
outlines and a 100% rectilinear infill at ±30° angle on alternating layers
for the tensile testing over the course of 63 d (Figure S1, Supporting In-
formation). The tensile bars were individually submerged in a 100 × 10−3

m phosphate buffer at pH 7.4. Samples were placed at 37 °C and at the
predetermined timepoints, removed for mechanical testing and immedi-
ately tested. Testing was performed on an MTS Synergie load frame with
a 25.4 mm gage length at a speed of 10 mm min–1.

MTS Assay: ECPs were seeded at 10 000 cells cm–2 in a 6-well plate.
For the untreated control, cells were cultured in phenol-red free DMEM
medium supplemented with TGF-ß3 for 2 d. For the vehicle control, lactide
scaffolds were placed in the wells on top of the seeded cells for 2 d. Phenol-
red free DMEMmedium supplemented with 10% of MTS reagent solution
(Abcam) was used to perform the MTS assay. A plate reader (Synergy H1,
BioTek Instrument) was used to read the absorbance at 40 nm after 30
min.

Subcutaneous Implantation: Animal studies were performed in com-
pliance with the ethical license of the Canton of Zurich Veterinary Office
(No. ZH189/2014). Nude mice were obtained from Charles River Labo-
ratories. All animals were female with an age of 17 weeks and a weight of
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22.53 g± 1.45 g. Animals were housed in groups of 4 and allowed to move
without restrictions. Standard food and water were provided ad libitum.
Two different conditions were investigated in vivo: 1) HA-TG-reinforced
samples prepared the day of implantation, 2) 21 d precultured HA-TG-
reinforced samples. Mice anesthetization was achieved using 4.5% isoflu-
rane. Meloxicam at a 2 mg kg–1 concentration was administered before
surgery via subcutaneous injection. Desiccation of corneas was prevented
by administering eye cream. Anaesthesia was maintained using 2% isoflu-
rane. Samples were placed subcutaneously via two incisions performed
laterally to the dorsal midline at the level of the hips. 3M surgical staples
were used to close the incisions. Staples were removed after 1 week. Eu-
thanasia was performed at the end of the experiment via CO2 asphyxiation.
The explanted samples were fixed in 4% paraformaldehyde for 4 h.

Histology and Immunohistochemistry: Samples were dehydrated and
paraffin embedded. A microtome was used to cut 5 μm sections of the
embedded samples. Safranin-O stainings were performed using standard
protocols. Collagen 1 and collagen 2 stainings were performed by digest-
ing the samples in 0.2% w/v hyaluronidase at 37 °C and blocking for 1 h
1:1500 diluted rabbit anti-collagen 1 (Abcam ab138492) and 1:200 diluted
rabbit anti-collagen 2 (Rockland Ab) antibodies diluted in 5% normal goat
serum. An automated digital slide scanner (Panoramic 250 Flash III, 3D
Histotech) was used to achieve uniform exposure and light intensity while
acquiring stained slides.

Semiquantitative Evaluation: Semiquantitative evaluation of the his-
tological and immunohistological staining was performed as previously
described.[27] Briefly, images were decomposed in channels in ImageJ (Na-
tional Institutes of Health, USA, v1.52n) using color deconvolution. The
channels represented the hematoxylin and DAB stain for Collagen I and
Collagen II, while the hematoxylin and stain of glycosaminoglycans for the
SafraninO staining. A prebuild framework in ImageJ was used to gener-
ate a “H-DAB” vector containing two colors, the first of which represented
the hematoxylin-stained nuclei and the second the collagens. Similarly, a
vector was built for the Safranin O stain, where the first color represented
the hematoxylin-stained nuclei while the second the glycosaminoglycans.
The grey mean value of the image was then calculated for each color to
extrapolate the intensity of the stain.

Mechanical Testing: Unconfined compression was performed using a
Ta.XTplus Texture Analyser (Stable Microsystems) using a 50 N load cell.
For the explanted samples, fibrous tissue was carefully removed before
compression. All samples were compressed to 15% strain at a rate of
0.01 mm s–1 after application of a small preload to ensure proper con-
tact. The slope in the linear range of the stress-strain curve was used to
calculate the compressive modulus.

Cytocompatibility: Live/dead imaging was performed at days 1, 21, 42,
and 63 using 1 μgmL−1 of calcein-AM (Sigma), and 10 μgmL−1 Propidium
iodide (Fluka) imaged on a Leica SP8 multiphoton microscope.

Ultrasound and Photoacoustic Imaging: Ultrasound and photoacous-
tic imaging were performed to visualize oxygen saturation surrounding
the implants using a Vevo LAZR (Visualsonics) system with a LZ550 trans-
ducer. Imaging was performed 1 week after implantation and on the day
of euthanasia. Hemoglobin content was visualized by exciting underlying
tissues around the samples using 700 nm laser pulses. A dual wavelength
of 750 and 850 nm was used in conjunction with an Oxyhemo algorithm
to assess oxygen saturation.

Statistical Analysis: Statistical analysis was performed on Prism (v
8.02.263, GraphPad) using a simple t-test. A p-value below 0.05 was con-
sidered statistically significant (*p < 0.05, **p < 0.005, ***p < 0.001).
Live/dead results were acquired by analyzing three samples per timepoint
and three different locations. Compression samples were acquired by ana-
lyzing three samples per timepoint. Mean± standard deviation is reported
for all data acquired.

Supporting Information

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