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Abstract
Current tissue engineering approaches for tendon defects require improved biomaterials to balance
microstructural and mechanical design criteria. Collagen-glycosaminoglycan (CG) scaffolds have
shown considerable success as in vivo regenerative templates and in vitro constructs to study cell
behavior. While these scaffolds possess many advantageous qualities, their mechanical properties
are typically orders of magnitude lower than orthopedic tissues such as tendon. Taking inspiration
from mechanically efficient core–shell composites in nature such as plant stems and porcupine
quills, we have created core–shell CG composites that display high bioactivity and improved
mechanical integrity. These composites feature integration of a low density, anisotropic CG
scaffold core with a high density, CG membrane shell. CG membranes were fabricated via an
evaporative process that allowed separate tuning of membrane thickness and elastic moduli and
were found to be isotropic in-plane. The membranes were then integrated with an anisotropic CG
scaffold core via freeze-drying and subsequent crosslinking. Increasing the relative thickness of
the CG membrane shell was shown to increase composite tensile elastic modulus by as much as a
factor of 36 in a manner consistent with predictions from layered composites theory. CG scaffold-
membrane composites were found to support tendon cell viability, proliferation, and metabolic
activity in vitro, suggesting they maintain sufficient permeability while demonstrating improved
mechanical strength. This work suggests an effective, biomimetic approach for balancing strength
and bioactivity requirements of porous scaffolds for tissue engineering.
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1. Introduction
Tendons are specialized connective tissues that transmit tensile loads between bone and
muscle. Their functional capacity derives from a unique extracellular matrix (ECM)
composed primarily of type I collagen arranged in a highly organized hierarchy of parallel,
crosslinked fibrils [1,2]. Tendon and ligament injuries are common among both recreational
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and elite athletes as well as the elderly. Of the near 35 million musculoskeletal injuries in the
US every year, approximately 50% involve tendons and ligaments with a cost to the US
health care industry in the tens of billions of dollars per year [3]. The most serious injuries
require surgical intervention; such tendon and ligament injuries are responsible for hundreds
of thousands of surgical procedures each year in the US [2,3].

One of the key challenges of orthopedic tissue engineering is to create biomaterials that can
support tissue regeneration while remaining mechanically competent. Due to the need for
mechanical competence, the most common biomaterial designs for tendon and ligament
tissue engineering are electrospun polymer mats [4–6] and woven fibrous materials [7,8].
While these constructs can promote cell alignment and be designed with tensile moduli
approaching the level of tendon, they are dense substrates that permit limited cell
penetration compared to the traditional tissue engineering target for a fully three-
dimensional biomaterial structure. As an alternative, porous scaffold biomaterials typically
have highly tunable 3D microstructural features, show significantly heightened levels of
permeability, and can be fabricated from a range of natural, biodegradable materials.
However, the relative density (ρ*/ρs; 1% porosity where ρ* is the density of the porous foam
and ρs is the density of the solid it is constructed from) of these porous scaffolds
differentially affects a number of critical scaffold properties. Notably, increasing scaffold ρ*/
ρs increases both its specific surface area, impacting cell attachment, and its elastic modulus,
which varies with (ρ*/ρs)2 [9–12]. However, increasing scaffold ρ*/ρs also increases steric
hindrance to cell penetration and, critically, reduces scaffold permeability [13], negatively
impacting cell penetration into the porous structure and long-term survival. Due to the high
porosity (>90%) typically required for most tissue engineering scaffolds to adequately
support cell bioactivity [14], these materials are often orders of magnitude too soft for
orthopedic applications such as for tendon. Mechanical stimulation of cell-seeded scaffold
constructs has been used to marginally improve construct mechanical properties, however
not to the level of native tendon or ligament [15–18]. Coupled with the known anisotropy of
native tendon tissue, strategies to produce mechanically-reinforced, anisotropic biomaterial
scaffolds may present a pathway toward developing bioactive tendon regeneration
templates.

Porous collagen-glycosaminoglycan (CG) scaffolds have previously been used in a variety
of tissue engineering applications, both in vivo as regenerative templates for skin, peripheral
nerves, conjunctiva, and cartilage [19–21] as well as in vitro as 3D micro-environments to
probe fundamental questions about cell behaviors and cell–matrix interactions [22–26].
These scaffolds have pore microstructures designed to simultaneously block cell-mediated
contraction and scar tissue synthesis while supporting cell attachment, proliferation, efficient
metabolite transport, and synthesis of a functional ECM [11,21]. Notably, their chemical
composition and degradation kinetics have been specifically optimized to prevent platelet
accumulation and organized wound contraction [21]. The CG scaffolds are traditionally
fabricated via freeze-drying where the freezing rate [27] and final freezing temperature
[22,28] can be manipulated to affect scaffold pore size and uniformity. Recently, a
directional solidification approach has been introduced that enables fabrication of a series of
highly anisotropic CG scaffolds characterized by aligned tracks of ellipsoidal pores for
tendon tissue engineering applications [29]. A significant effect was observed for both pore
shape (anisotropic vs. isotropic) and anisotropic scaffold pore size (50–250 μm) on the
attachment, proliferation and metabolic activity of primary equine tendon cells [29]. These
CG scaffolds possess the 3D structure, porosity (>95%), and bioactivity required of an
orthopedic regeneration template, but mechanically are 2–3 orders of magnitude softer than
native tendon (E* ~ 102–103 MPa) [30,31]. Alternatively, a series of collagen membranes
have recently been described for applications in skin [32], peripheral nerve [33], and bone
[34] repair. These membranes provide an avenue to theoretically present the same
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combinations of bioactive ligands as CG scaffolds but with improved mechanical properties.
However, these collagen membranes lack a 3D microstructure or the porosity required for
cell integration.

While the multi-scale properties of tendon itself cannot be replicated by current biomaterials
technologies, composite materials that mimic mechanically efficient core–shell structures in
nature may hold promise for complex tissue engineering applications. Plant stems combine a
porous core with a dense shell to aid osmotic transport (core) while maintaining sufficient
tensile/bending stiffness (shell); bird beaks and porcupine quills can also combine a dense
shell and porous core to enhance compressive strength and mechanical efficiency,
respectively [10]. Core-shell composite designs have been used to engineer high strength
structural materials [35], but have not seen extended application in the field of biomaterials.
A composite biomaterial that combines, but does not functionally integrate, an agarose
hydrogel and a nanofiber electrospun mat has recently been described for fibrous tissue
(intervertebral disk, meniscus) regeneration applications [36]. A recently described liquid-
phase co-synthesis methodology provides the ability to create composite CG scaffolds
featuring multiple, distinct biomaterial compartments linked together by a continuous
interface [37]. While originally developed to link two disparate scaffold compartments for
osteochondral tissue engineering, this technology provides a pathway for creating a novel
composite biomaterial that functionally integrates CG scaffold and membrane elements. We
believe adding the CG membrane can significantly increase the tensile strength of the
subsequent scaffold-membrane composite in a manner consistent with layered composite
theory predictions [38].

This manuscript describes the development of a new class of core–shell CG biomaterial
composites that integrate a high density (high tensile strength) isotropic CG membrane with
a low density (highly porous) anisotropic CG scaffold (Fig. 1). We hypothesized that the CG
membranes could be integrated with aligned CG scaffolds in a manner to maintain adequate
permeability to support tendon cell proliferation and bioactivity. Such a composite
biomaterial is hypothesized to improve regenerative capacity by significantly improving
construct mechanical integrity while still presenting a highly porous scaffold microstructure
containing aligned contact guidance cues. To our knowledge, biomaterial composites that
integrate scaffold and membrane components to mimic core–shell designs found in nature
have not previously been described, but potentially offer significant value for
musculoskeletal tissue engineering.

2. Materials and methods
2.1. CG suspension preparation

CG suspensions were prepared from type I microfibrillar collagen (0.5% w/v) isolated from
bovine dermis (Devro Inc., Columbia, SC) and chondroitin sulfate (0.05% w/v) derived
from shark cartilage (Sigma–Aldrich, St. Louis, MO) in 0.05 M acetic acid [19]. The
suspension was homogenized at 4 °C to prevent collagen gelatinization during mixing and
was subsequently degassed before use.

2.2. CG membrane fabrication
CG membranes were fabricated from the CG suspension via an evaporative process
modified from previously described methods [39]. Briefly, the degassed CG suspension was
pipetted into a Petri dish and allowed to air dry in a chemical fume hood at room
temperature for 2–3 days. In order to create a series of CG membranes of variable thickness,
a series of membranes were fabricated via the identical method but using CG suspension of
different volumes (25–50 mL) and/or densities (0.5% w/v, 1% w/v). The primary membrane
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variants tested were 0.5% w/v 25 mL, 0.5% w/v 50 mL, 1% w/v 25 mL, and 1% w/v 50 mL.
Another membrane was fabricated by sequential addition of 1% w/v CG suspension to the
same Petri dish (150 mL total volume).

2.3. Aligned CG scaffold and composite fabrication
Aligned CG scaffolds (ρ*/ρs = 0.006) were fabricated as previously described [29]. Briefly,
the CG suspension was added to wells of a multicomponent polytetra-fluoroethylene
(PTFE)-copper mold, and placed on a freeze-dryer shelf (VirTis Genesis, Gardiner, NY) at a
pre-cooled temperature (−10 °C or −60 °C) in order to promote directional solidification.
After freezing, ice crystals were sublimated under vacuum (200 mTorr) at 0 °C to produce
CG scaffolds (6 or 8 mm diameter, 15 or 30 mm length) displaying aligned pores (−10 °C:
243 ± 29 μm; −60 °C: 55 ± 18 mm) [29]. Mechanical tests were performed on 6 mm
diameter by 30 mm length scaffolds to facilitate placement of the constructs within the
mechanical tester grips.

Scaffold-membrane constructs were fabricated by first cutting CG membrane pieces to size
and placing circumferentially within the PTFE-copper mold. The CG suspension was then
pipetted inside the rolled membrane and allowed to hydrate the membrane for ~15 min at 4
°C before the mold was placed into the freeze-dryer held at a final freezing temperature of
−10 °C; freezing and sublimation steps for these scaffold-membrane constructs were
performed exactly as with the anisotropic scaffolds alone. Membrane hydration and
subsequent freeze-drying was hypothesized to promote the integration of the scaffold
structure with the membrane [37].

2.4. SEM analysis
Qualitative analysis of scaffold, membrane, and scaffold-membrane composite
microstructure was performed using scanning electron microscopy (SEM). SEM analysis
was performed with a JEOL JSM-6060LV Low Vacuum Scanning Electron Microscope
(JEOL USA, Peabody, MA) using both a standard secondary electron (SE) detector and a
backscatter electron (BSE) detector under low vacuum mode, bypassing the need for any
sample sputter coating steps [37].

2.5. Crosslinking
Scaffolds, membranes, and scaffold-membrane composites were sterilized and
dehydrothermally (DHT) crosslinked at 105 °C for 24 h under vacuum (<25 torr) in a
vacuum oven (Welch Vacuum Technology, Niles, IL) prior to use [12,19]. Scaffolds and
composites were then immersed in 100% ethanol overnight, washed with phosphate-
buffered saline (PBS) several times over 24 h, and then crosslinked using carbodiimide
chemistry [12,40] for 1 h in a solution of 1-ethyl-3-[3-dimethylaminopropyl]carbodiimide
hydrochloride (EDAC) and N-hydroxysulfosuccinimide (NHS) at a molar ratio of 5:2:1
EDAC:NHS:COOH. To test the effect of crosslinking density on membrane mechanics,
some membranes were hydrated directly in PBS without further crosslinking (Non-
crosslinked, NC) or were crosslinked using EDAC chemistry at a molar ratio of either 1:1:5
or 5:2:1 EDAC:NHS:COOH. Scaffolds, membranes, and composites were subsequently
stored in PBS until use.

2.6. Determination of membrane microstructural properties
Membrane thickness was determined from cross-sectional SEM images. Six 500×
magnification images were taken for each membrane type, and the thickness of the
membrane was measured using a multipoint measuring tool within the SEM software. The
relative density (ρ*/ρs) of each CG membrane type was determined from the calculated
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density of the membrane (ρ*) relative to the known density of solid collagen (ρs, 1.3 g cm−3)
[12,41,42]. Swelling kinetics and final swelling ratio of each CG membrane variant was
determined by monitoring the weight of 2 cm by 2 cm membranes samples (n = 6) hydrated
in PBS for 5, 10, 15, 30 and increasing 30 min intervals up to 240 min. A normalized
swelling curve was calculated for each membrane variant and the time required for complete
hydration was defined as the point where the curve reached a plateau [43].

2.7. Mechanical characterization
Tensile tests were performed to on CG membranes (12 mm width, 45 mm length), aligned
scaffolds (6 mm diameter, 30 mm length), and core–shell scaffold-membrane composites (6
mm diameter, 30 mm length). Choice of sample geometry was dictated by the size of the
scaffolds and scaffold-membrane composites that will be deployed in subsequent in vivo
regeneration studies. Tensile tests were performed in a manner consistent with previous
mechanical analysis of CG scaffolds [12,44]. Specimens were hydrated in PBS for 24 h
prior to testing and were then pulled to failure at a rate of 1 mm/min using an MTS Instron 2
(Eden Prairie, MN) with rubberized grips to prevent slip. Tensile modulus was calculated
from the slope of the stress-strain curve over a strain range of 5–10% in the case of scaffolds
and composites [9] and over the initial linear region for membranes [44]. For comparison to
the anisotropic scaffolds, previously reported mechanical data for an isotropic control CG
scaffold with a consistent relative density was used [45]. All samples tested were hydrated in
PBS unless otherwise specified. Layered composites theory was applied to predict the

tensile modulus ( ) of the final composites from the relative size and modulus of
scaffold (composite radius, r; ( ) and membrane (membrane thickness, t;
( )) components and their separate moduli [38]:

(1)

2.8. Tendon cell culture and bioassays
2.8.1. Tendon cell isolation and expansion—Tendon cells (TCs) were isolated from
horses aged 2–3 years euthanized for reasons not related to tendinopathy using previously
described methods [46]. TCs were then expanded in standard culture flasks in high glucose
Dulbecco’s modified Eagle’s medium (DMEM, Fisher Scientific, Pittsburgh, PA)
supplemented with 10% fetal bovine serum (FBS, Invitrogen, Carlsbad, CA), 1% L-
glutamine (Invitrogen, Carlsbad, CA), 1% penicillin/streptomycin (Invitrogen, Carlsbad,
CA), 1% amphotericin-B (MP Biomedical, Solon, OH), and 25 μg/mL ascorbic acid (Wako,
Richmond, VA) [46]. TCs were fed every 3 days and cultured to confluence at 37 °C and
5% CO2. After expansion TCs were either frozen (50% DMEM, 40% FBS, 10% DMSO in
liquid nitrogen) for later experiments or used (passage 3) for scaffold culture.

2.8.2. CG scaffold tendon cell seeding and culture—CG scaffold pieces (8 mm
diameter, ~5 mm thickness, with and without outer membrane) were cut from the middle
section of 8 mm diameter by 15 mm length scaffolds and placed in ultra-low attachment 6
well plates (Corning Life Sciences, Lowell, MA). Confluent TCs were trypsinized and
resuspended at a concentration of 5 × 105 cells per 20 μL media. Scaffolds were initially
seeded with 10 μL of cell suspension, incubated at 37 °C for 15 min, turned over, and
seeded with an additional 10 μL of cell suspension for a total of 5 × 105 cells per scaffold as
previously described [29]. Scaffolds were incubated at 37 °C and 5% CO2 for the duration
of all experiments and were fed with complete DMEM that was changed every 3 days.
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2.8.3. Quantifying cell attachment, proliferation, and metabolic activity—A
previously described DNA quantification assay was used to determine the number of cells
attached to the scaffold [29]. Briefly, scaffolds were washed in PBS to remove unattached
cells, placed in a papain solution to digest the scaffold and lyse the cells in order to expose
their DNA, and then incubated with a Hoechst 33258 dye (Invitrogen, Carlsbad, CA) to
fluorescently label double-stranded DNA [29,47]. Fluorescence intensities (352/461 nm
excitation/emission) from each sample were read using a fluorescence spectrophotometer
(Varian, Santa Clara, CA) and then compared to a standard curve created from known
numbers of TCs. Cell numbers are reported as a percentage of the total number of seeded
cells; numbers of attached cells at day 1 were considered to be a measure of initial cell
attachment efficiency [22], while cell numbers at subsequent time points were considered a
measure of cell proliferation.

Cell metabolic activity was determined using a previously described nondestructive
alamarBlue assay [29,48]. Cell-seeded scaffolds were incubated at 37 °C in 1× alamarBlue
(Invitrogen, Carlsbad, CA) solution with gentle shaking for 3 h. Resorufin fluorescence
(570/585 nm excitation/emission) was read at using a fluorescence spectrophotometer
(Varian, Santa Clara, CA) and compared to a standard curve created from known TCs of the
same passage as those used in the experiment. Results are expressed as the total metabolic
activity of the cells inside the scaffold relative to that of the initially seeded cells. Metabolic
activity results were used as a proxy for relative cell health when the total number of
attached cells was comparable [29].

2.9. Statistical analysis—One-way analysis of variance (ANOVA) was performed on
membrane and mechanical data sets followed by Tukey-HSD post-hoc tests. Paired student
t-tests were used to compare the two groups in cell viability experiments. Significance was
set at p < 0.05. At least n = 6 scaffolds or membranes were used for all analyses. Error is
reported in figures as standard deviation unless otherwise noted.

3. Results
3.1. CG membranes

CG membranes consistently displayed a dense network of fibrillar collagen content (Fig.
2(A)). The thickness of the final membrane was observed to increase with either the
collagen-GAG wt% in the CG suspension or with the volume of suspension used (Fig.
2(B)). The experimental groups were created from either 0.5% w/v or 1% w/v CG
suspensions with either 1× volume (25 mL) or 2× volume (50 mL) of suspension added to
the Petri dish prior to drying in order to create four membrane variants: 23 ± 1, 35 ± 1 μm
(0.5% w/v suspension; 1×, 2× volume); 45 ± 3 μm, 78 ± 3 μm (1% w/v suspension; 1×, 2×
volume). Additionally, sequential (n = 6, 1% w/v suspension) addition of CG suspension to
the same Petri dish during the process of evaporative drying was used to create membranes
as thick as 240 μm.

All CG membranes were found to possess consistent relative densities between 0.75 and
0.80 (20–25% porous) (Fig. 2(B)). While statistically significant differences in membrane
relative density were observed between some groups (1% w/v 1× vs. 0.5% w/v 2×, p =
0.003; 1% w/v 1× vs. 1% w/v 2×, p = 0.009), these differences do not suggest any trend.
Swelling assays revealed that all four membrane variants tested (0.5% w/v 1×, 0.5% w/v 2×,
1% w/v 1×, and 1% w/v 2×) showed consistent hydration curves and were at least 90%
hydrated after 30 min in PBS (data not shown).
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3.2. Membrane mechanical properties
As expected due to random evaporative processes, the CG membranes were found to be
isotropic in-plane. Dry specimens from 1% w/v 1× volume membranes were cut into
samples from orthogonal directions (‘parallel’ vs. ‘perpendicular’ samples) and then pulled
to failure. The tensile modulus of the dry membranes in the perpendicular orientation (636 ±
47 MPa) was not significantly different from the parallel orientation (693 ± 20 MPa) (p =
0.06). Like with CG scaffolds, the tensile modulus of the CG membranes was found to
increase significantly with crosslinking treatment and intensity [12]. The tensile moduli of
hydrated CG membrane specimens (0.5% w/v 1×, 1% w/v 1×) was determined after no
crosslinking (NC), dehydrothermal crosslinking (DHT), DHT plus carbodiimide
crosslinking at a 1:1:5 EDAC:NHS:COOH molar ratio (EDAC 1:1:5), and DHT plus
carbodiimide crosslinking at a 5:2:1 M ratio (EDAC 5:2:1). For the 0.5% w/v membranes, no
significant difference was observed between the NC and DHT groups (p = 0.86), but
significant differences were observed between all other groups (p ≤ 0.01, all groups). The
tensile modulus of the hydrated 1% w/v 1× membranes was found to significantly increase
with each increasing crosslinking step (p ≤ 0.02, all groups), resulting in hydrated CG
membranes showing tensile moduli approaching 30 MPa, multiple orders of magnitude
stiffer than CG scaffolds (Fig. 3(A–B)). While there is a notable decrease in membrane
modulus after hydration, this is consistent with previous results for CG scaffolds [12].

3.3. Aligned scaffold mechanical properties
All scaffolds displayed a consistent relative density (0.6%) [29]. The aligned CG scaffold
variants (Pore sizes: 55 ± 18 μm, 243 ± 29 μm) displayed significantly higher dry tensile
modulus (833 ± 236, 829 ± 165 kPa) compared to an isotropic CG control [45] (p ≤ 0.03)
(Fig. 3(C)). Cellular solids theory and previous experimental results predict that mechanical
properties of a series of scaffolds with constant relative density and mean pore shape (i.e.
degree of anisotropy) will be independent of pore size [9,12]. While slight differences in the
aspect ratio (A.R., a measure of the degree of pore anisotropy) for the two aligned scaffolds
have been previously reported (55 μm, 1.41 ± 0.16; 243 μm, 1.57 ± 0.23) [29], no difference
in scaffold tensile modulus was observed between the anisotropic scaffolds (p = 0.96).

3.4. Structural features of aligned scaffold-membrane core–shell composites
The CG scaffold core of the core–shell composites showed aligned, elongated pores in the
longitudinal plane (Fig. 4(A)) and circular, more isotropic pores in the transverse plane (Fig.
4(B)) as a result of unidirectional heat transfer applied during freeze-drying. The CG
membrane showed stable integration with the CG scaffold core (Fig. 4(C)), with limited
delamination observed during freeze-drying, hydration, crosslinking, or mechanical testing
processes.

3.5. Mechanical properties of aligned scaffold-membrane core–shell composites
Core-shell composites were created from a consistent aligned CG scaffold (pore size: 243 ±
29 μm) core and one of four 5:2:1 EDAC-crosslinked membranes of distinct thicknesses: 23
μm (0.5% w/v 1×), 45 μm (1% w/v 1×), 78 μm (1% w/v 2×), and 155 μm (1% w/v 2×
wrapped twice around scaffold). A significant effect of membrane thickness was observed
on the tensile modulus of the aligned scaffold-membrane core–shell composites (p <
0.0001). While the increase in modulus between the core–shell composites with 23 μm and
45 μm thick membranes was not significant (p = 0.14), significant differences were observed
between all other groups (p ≤ 0.001) (Fig. 5(A–B)). Scaffold-membrane composites also
demonstrated dramatically increased tensile moduli over aligned CG scaffolds alone, with a
36-fold increase observed for the 155 μm membrane composite.

Caliari et al. Page 7

Biomaterials. Author manuscript; available in PMC 2014 March 09.

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript



Experimental results closely mirrored theoretical predictions (solid line, Fig. 5(A)),
indicating that the scaffold core and membrane shell were functionally integrated.

3.6. Tendon cell attachment and bioactivity in core–shell composite scaffolds
TC number and metabolic activity were assessed over a 14 day in vitro culture period within
the aligned CG scaffolds alone (No membrane) or within the core–shell aligned scaffold-
membrane composites (Membrane) (Fig. 6); both groups were fabricated with the identical
scaffold microstructure (pore size: 243 μm). Early (1 day) results demonstrated that TC
number was significantly increased in the core–shell composites (p = 0.007) (Fig. 6(A)).
While both groups showed increases in TC number over time, no significant differences
were observed between the groups at either day 7 (p = 0.22) or day 14 (p = 0.33). No
significant difference was observed in TC metabolic activity at day 1 between the
Membrane and No membrane groups (p > 0.05) (Fig. 6(B)). While TC metabolic activity in
the scaffold alone was significantly higher than that in the core–shell composite at day 7 (p
= 0.01), TC metabolic activity in the core–shell composites was elevated compared to day 1
and there were no significant differences in metabolic activity between groups at day 14 (p >
0.05).

4. Discussion
This paper describes the development of a CG scaffold-membrane (core–shell) composite
for tendon tissue engineering with the intent to avoid aspects of the typical tradeoff between
mechanical properties (i.e. modulus, failure strength) and bioactivity (permeability and
porosity) for porous tissue engineering scaffolds. Cellular solids modeling provides the
framework to describe the tradeoff between mechanical properties and bioactivity proxies
(specific surface area, permeability, steric hindrance) as a function of scaffold relative
density [9,12,13,22,23,29]. Namely, with increasing scaffold ρ*/ρs, modulus (E ~ (ρ*/ρs)2)
and specific surface area (SA/V ~ (ρ*/ρs)0.5) increase, but permeability decreases (k ~ (1–ρ*/
ρs)1.5) and steric hindrance to cell penetration increases. These relations also predict that to
increase CG scaffold elastic modulus by the ~2 orders of magnitude necessary to achieve
levels suitable to prevent mechanical failure in the case of in vivo tendon applications, the
scaffold relative density would have to be increased from 0.006 to 0.05–0.15. While there
are techniques to create CG scaffolds with solid content approaching these levels [20], an
increase of this magnitude would result in sharp declines in both porosity, permeability, and
the ability of cells to penetrate into the scaffold microstructure. The resultant decrease in
bioactivity would likely make the scaffolds unsuitable for tendon tissue engineering. Taking
inspiration from mechanically efficient core–shell structures in nature [10], we felt the
scaffold-membrane composite paradigm may provide an alternative strategy to overcome
these limitations.

We describe an evaporative process to fabricate CG membranes with tailorable thicknesses
over an order of magnitude (23–240 μm), but consistent relative densities of ~0.75–0.80 that
are significantly higher than those of the CG scaffold (0.006) (Fig. 2(B)). CG membranes
were mechanically isotropic in-plane, and as with CG scaffolds [12,19] increasing the
degree of physical (DHT) or chemical (carbodiimide) crosslinking significantly increased
membrane tensile moduli (Fig. 2(A–B)). The EDAC 5:2:1 groups displayed ~7–10 fold
increases in modulus over non-crosslinked controls, comparable in magnitude shift to
previous work with CG scaffolds [12]. Additionally, CG membranes were observed to swell
with similar kinetics as previously observed for CG scaffolds [20] and to reach an
asymptote, suggesting a stable membrane structure.

We have previously described a directional solidification approach to fabricate CG scaffolds
with defined levels of anisotropy [29] where TC attachment, proliferation, metabolic
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activity, and degree of TC populational alignment were all shown to be critically affected by
both scaffold pore size and degree of anisotropy [29]. Here we investigated the effect of
scaffold anisotropy on its tensile properties and the capacity of the core–shell paradigm to
significantly improve construct properties. Aligned tissue engineering scaffolds have
consistently demonstrated superior mechanical properties along the axis of alignment
compared to isotropic controls [5,49], though these results have mainly been shown using
2D electrospun materials or single unit cell thick honeycomb-like structures [50]. We
showed that two aligned CG scaffold variants with significantly different pore sizes (55, 243
μm) had tensile moduli nearly three times greater than that of an isotropic CG scaffold
control fabricated at the same relative density (Fig. 3(C)). For a series of scaffolds with
constant ρ*/ρs such as the three scaffolds tested here, cellular solids theory and previous
results [9,12] allowed us to make two predictions regarding scaffold mechanical properties.
First, that scaffold modulus is a function of relative density but not pore diameter. This was
confirmed by showing that aligned scaffolds with identical relative densities but different
pore sizes had nearly identical tensile moduli (Fig. 3(C)). Second, that scaffold modulus
should increase with pore anisotropy (when scaffolds are tested in the direction of
anisotropy); this was confirmed by showing the significant increase in anisotropic scaffold
modulus relative to the isotropic control (Fig. 3(C)). We then applied cellular solids theory
to predict changes in the elastic moduli of anisotropic vs. isotropic open cell foams. Here,
the predicted modulus of the anisotropic scaffolds ( ) can be described with the isotropic
scaffold modulus ( ) and the anisotropic:isotropic scaffold pore aspect ratios (R):

(2)

Based on the previously reported aspect ratios of the 55 μm and 243 μm aligned scaffolds
neglecting the end sections held in the clamps during tensile testing [29] the predicted
moduli would be 880 kPa and 913 kPa for the 55 μm and 243 μm scaffolds, comparing
favorably to the experimentally achieved values of 833 ± 236 kPa and 829 ± 165 kPa.

We fabricated CG scaffold-membrane core–shell composites via liquid–solid phase co-
synthesis [37] in a manner aimed at achieving functional integration between CG scaffold
and membrane components by allowing a hydration time-step for the CG suspension to
hydrate the membrane prior to freezing. SEM confirmed the creation of an aligned
microstructure in the longitudinal plane (Fig. 4(A)) while the transverse plane showed a
more isotropic structure (Fig. 4(B)), consistent with results previously reported for the
aligned CG scaffold alone [29]. These results indicate that addition of the CG membrane did
not adversely influence the directional solidification process required to create the aligned
CG scaffold microstructure, and was expected because the CG membrane should not alter
the degree of thermal conductivity mismatch (kCu/kPTFE ~ 1600) in the composite mold
[29]. Importantly, it was demonstrated that the CG membrane could be integrated into the
CG scaffold structure to form a continuous composite material (Fig. 4(C)) that exhibited
limited delamination during fabrication, structural and mechanical analysis, and in vitro cell
culture components of this study. Comparatively, wrapping the membrane around a
complete scaffold required gluing or sutures to prevent delamination. The degree of
membrane incorporation theoretically could be tuned by adjusting the hydration time of the
membrane in the scaffold suspension prior to freeze-drying, presenting a future avenue for
testing and development, particularly in the light of the mechanical results discussed below.

After separately characterizing the mechanical properties of the aligned CG scaffolds and
CG membranes, CG scaffold-membrane composites were fabricated and characterized using
membranes ranging in thicknesses from 23 μm (0.5% w/v 1×) to 155 μm (1% w/v 2×
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wrapped twice around scaffold). These composites demonstrated dramatically increased
tensile moduli over CG scaffold controls (no membrane shell) with a 36-fold increase
observed for the 155 μm thick membrane (Fig. 5). The aspect ratios of the scaffold,
membrane, and scaffold-membrane samples tested in tension were consistent within groups.
However, because the membrane sample aspect ratios were greater than the scaffold and
scaffold-membrane samples, it is possible that the extension behavior of the membrane vs.
scaffolds was different due to differential stress propagation in the specimens. While
minimal impact is expected and all in-group comparisons are consistent, future work will
examine creep dependent behavior of these composites.

Experimental results for the scaffold-membrane composite were also compared to
predictions from layered composites theory, which has previously been used to accurately
predict the tensile properties of multicomponent materials based on the relative size of the
individual components and their separate moduli [38]. Experimental results correlated well
with theoretical predictions, especially for composites with the two thicker membranes (78
μm, 155 μm). However, the experimental values for tensile moduli of the core–shell
composites with the two thinnest membranes (23, 45 μm) fell somewhat short of theoretical
predictions from layered composite theory (Fig. 5(A)). These results may suggest a degree
of incomplete integration between the core and shell components for the thinnest shell
composites, with superior, more complete incorporation observed for the thicker membranes
with the scaffold core. However the composites with the thinnest shells were fabricated only
to test a wider range of composite structures and are not anticipated to be used for in vivo
tendon tissue engineering applications. Overall, the close agreement of the experimental
results with the theoretical predictions as well as the low incidence of composite
delamination suggests that the core–shell scaffolds behave like layered composites, implying
adequate integration of the membrane with the scaffold.

While the scaffold core maintains an open-pore structure conducive for cell penetration and
efficient metabolite transport, addition of the CG membrane shell covering ~75% of the
scaffold surface requires assessing cell proliferation and metabolic activity within the
composite structure in order to determine its effect on nutrient and oxygen transport into the
construct. Typical diffusion distances in CG scaffolds are on the order of 1–2 mm [51],
implying the scaffold geometry used here will at minimum provide an environment at its
core with reduced metabolite transport. Based on previous results showing that collagen
membranes are typically cell-impermeable but that depending on membrane density can be
metabolite and small biomolecule permeable [52], we hypothesized that addition of a 20–
25% porous CG membrane shell would not significantly reduce the bioactivity of TCs
seeded within the scaffold due to adequate maintenance of metabolite transport. TC number
and metabolic activity were measured over a 14 day in vitro culture period in aligned CG
scaffold cores (pore size: 243 ± 29 μm) with (Membrane) and without (No membrane) CG
membrane shells. After 1 day in culture, the total number of attached TCs was observed to
significantly (p = 0.007) increase in CG membrane scaffolds relative to the scaffold alone
(Fig. 6(A)), with no significant difference (p = 0.22) in the metabolic activity (Fig. 6(B)).
This result is likely a consequence of the cell-impermeable membrane impacting cell-loss
during the seeding step; it is likely that the membrane prevented the cell suspension seeded
onto the scaffold from leaking out of the sides, thereby improving cell attachment relative to
the scaffold alone where additional cells might be lost. Later time points, a measure of TC
proliferation, showed dramatic increases in cell number and metabolic activity compared to
day 1 for both groups (Fig. 6(A)). TC number and metabolic activity increased for both
groups from day 1 to day 7 and showed further increases at day 14, with no significant
differences observed between the groups at this final time point (Fig. 6(A–B)). These results
indicate that the core–shell constructs have adequate permeability to support the nutrient and
metabolite transport necessary for sustained TC viability and proliferation. We also

Caliari et al. Page 10

Biomaterials. Author manuscript; available in PMC 2014 March 09.

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript



recognize the need for additional metrics beyond viability data to more fully characterize the
behavior of TCs in these composites. Ongoing work in our lab is using real-time PCR to
quantify the expression of tendon-related markers as a function of scaffold microstructural,
mechanical, and chemical properties.

The membrane design presented here has adequate permeability to maintain long-term cell
viability in vitro, but it is cell-impermeable. While adequate TC proliferation and metabolic
activity was observed, this was for the case where cells were seeded onto either end of the
construct for in vitro assays. For acellular in vivo deployment into a tendon defect, it may be
necessary to facilitate cell penetration from all directions. To that end, we are currently
developing a periodically perforated CG membrane that contains large (250–500 μm)
openings to facilitate radial cell penetration and assessing cell bioactivity in larger scaffold-
membrane composites. To further improve composite mechanical competence, we are also
developing a new series of anisotropic CG scaffolds with moderately increased relative
density (0.012, 0.018) compared to the current constructs (0.006). Cellular solids theory
predicts that these materials will show a 4–9-fold increase in tensile modulus with minimal
reductions in porosity and permeability. These materials are also well suited for integration
with recently developed techniques in our lab that enable photolithography-based
sequestration of biomolecules within the scaffolds [53] in order to further improve scaffold
bioactivity.

5. Conclusions
This paper describes development of a core–shell CG biomaterial composite that
successfully integrates a high density outer shell (isotropic CG membrane) with a low
density porous core (anisotropic CG scaffold). The membrane thickness can be controlled
over a wide range (23–240 μm) and the composite Young’s modulus can be predicted by
layered composites theory. The addition of a membrane shell significantly increases the
core–shell composite tensile modulus in a manner consistent with layered composite theory.
This paradigm allows us to circumvent a conventional limitation in biomaterial scaffolds
design where construct mechanical strength and porosity are inversely related. Further, these
composites also demonstrate the capability to support TC attachment, proliferation, and
viability out to 14 days at comparable levels to CG scaffolds alone, indicating CG
membranes possess adequate permeability to support cell bioactivity within the scaffold
structure. Future work will continue to optimize membrane design and integration while
progressing toward in vivo preclinical and clinical applications.
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Fig. 1.
Schematic of CG scaffold-membrane composite design.
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Fig. 2.
A) Cross-sectional SEM image of the CG membrane illustrating the dense, layered fibrillar
organization. Scale bar: 10 μm. B) CG membranes can be produced over a wide range of
thicknesses (23–240 μm) with consistent relative density (0.75–0.80) (n = 17). Error bars:
Mean ± SD.
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Fig. 3.
A) Effect of increasing the intensity of crosslinking on the tensile modulus of 1% w/v 1×
CG membranes (n = 6). B) Comparison of stress-strain curves for each 1% w/v 1× CG
membrane variant. Increasing crosslinking treatments: NC (non-crosslinked), DHT
(dehydrothermal crosslinked), EDAC 1:1:5 and EDAC 5:2:1 (EDAC:NHS:COOH ratios).
C) Both aligned CG scaffolds have significantly higher tensile moduli than isotropic CG
controls (adapted from [1]; n = 6). No significant difference was observed in tensile modulus
between aligned CG scaffolds fabricated at two different pore sizes (243 μm, 55 μm). Error
bars: Mean ± SD.
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Fig. 4.
A) SEM image of a representative longitudinal CG scaffold section shows the aligned,
elongated pore structure present in the anisotropic cores of the core–shell scaffolds. The
vertical white arrow indicates the direction of heat transfer during directional solidification.
Scale bar: 100 μm. B) SEM image of a representative transverse section through the scaffold
displays the round, isotropic pore structure. Scale bar: 100 μm. C) SEM image of transverse
plane of the scaffold-membrane composite showing the integration of the two regions. Scale
bar: 1 mm.
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Fig. 5.
A) The tensile modulus of the core–shell CG composites increases significantly with
membrane thickness. The experimentally measure tensile modulus (n = 6, black squares)
compares favorably to the predicted composite modulus obtained from layered composites
theory (black line). The close agreement is indicative of integration of the membrane shell
with scaffold core. Error bars: Mean ± SD. B) Representative stress-strain curves for the
series of core–shell composites with increasing shell thickness.
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Fig. 6.
A) Core-shell CG composites (Membrane) support significantly higher TC number at day 1
(n = 6) and similar cell number at days 7 and 14 (n = 6) compared to CG scaffolds alone (No
membrane). Both groups show large increases in TC number from day 1 to day 7 and day 7
to day 14. B) CG scaffolds alone (No membrane) display higher TC metabolic activity at
day 1 (n = 18), significantly higher metabolic activity at day 7 (n = 12), and higher TC
metabolic activity at day 14 (n = 6) compared to the core–shell CG composites (Membrane).
However, both groups show large increases in TC metabolic activity from day 1 to day 7
and subsequent maintenance of metabolic activity through day 14. Error bars: Mean ± SD.
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