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Abstract:

Extracellular matrix (ECM)-derived scaffolds have shown promise as tissue-engineered grafts for
promoting cartilage repair. However, there has been a lack of focus on fine-tuning the frictional
properties of scaffolds for cartilage tissue engineering as well as understanding their interactions
with synovial fluid constituents. Proteoglycan-4 (PRG4) and hyaluronan (HA) are macromolecules
within synovial fluid that play key roles as boundary mode lubricants during cartilage surface
interactions. The overall objective of this study was to characterize the role PRG4 and HA play in the
lubricating function of collagen-glycosaminoglycan (GAG) scaffolds for cartilage repair. As a first
step towards this goal, we aimed to develop a suitable in vitro friction test to establish the
boundary mode lubrication parameters for collagen-GAG scaffolds articulated against glass in a
phosphate buffered saline (PBS) bath. Subsequently, we sought to leverage this system to
determine the effect of physiological synovial fluid lubricants, PRG4 and HA, on the frictional
properties of collagen-GAG scaffolds, with scaffolds hydrated in PBS and bovine synovial fluid (bSF)
serving as negative and positive controls, respectively. At all compressive strains examined (¢ = 0.1 -
0.5), fluid depressurization within hydrated collagen-GAG scaffolds was >99% complete at %
minute. The coefficient of friction was stable at all compressive strains (ranging from a low 0.103
0.010 at €=0.3 up t0 0.121 + 0.015 at €=0.4) and indicative of boundary-mode conditions.
Immunohistochemistry demonstrated that PRG4 from recombinant human (rh) and bovine sources
adsorbed to collagen-GAG scaffolds and the coefficient of friction for scaffolds immersed in rhPRG4
(0.067 £ 0.027) and normal bSF (0.056 + 0.020) solution decreased compared to PBS (0.118 + 0.21,
both p<0.05, at €=0.2). The ability of the adsorbed rhPRG4 to reduce friction on the scaffolds
indicates that its incorporation within collagen-GAG biomaterials may enhance their lubricating

ability as potential tissue-engineered cartilage replacements. To conclude, this study reports the
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development of an in vitro friction test capable of characterizing the coefficient of friction of ECM-
derived scaffolds tested in a range of synovial fluid lubricants and demonstrates frictional

properties as a potential design parameter for implants and materials for soft tissue replacement.

Highlights:

e A scaffold-on-glass friction test for determining the coefficient of friction of ECM-derived
biomaterials immersed in different synovial fluid lubricants was developed.

e Boundary mode lubrication conditions were established by demonstrating fluid
depressurization of the scaffolds after compressive loading, and an invariant scaffold
coefficient of friction over a range of compression strains.

e rhPRG4 adsorbed onto collagen-GAG scaffolds in a functionally determinant manner
reducing its coefficient of friction.

e The incorporation of rhPRG4 within scaffolds may enhance their lubricating ability as tissue-

engineered cartilage replacements.

Key Words:

Tissue-Engineered-Cartilage; Collagen-Scaffold; Lubrication; PRG4; Hyaluronan; Synovial Fluid;
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1. Introduction

Tissue-engineered cartilage aims to regenerate or replace damaged tissues through a combination
of cells, signaling molecules, and scaffolds®. Three-dimensional scaffolds, typically fabricated using
synthetic or natural polymers, are designed to possess both the biological and biomechanical
specifications of native components. Biologically, scaffolds should promote cellular integration,
chondrogenic differentiation, and synthesis of new matrix before finally degrading into non-toxic bi-
products?. Biomechanically, scaffolds must remain structurally intact within the complex joint
loading environment until full tissue-integration and repair is complete®*. The predominant
function of cartilage is to support the nearly frictionless articulation during locomotion. However,
little focus has been given to the frictional properties of tissue-engineered implants®. Indeed, the
recommended mechanical characterization of cartilage implants by the FDA (ASTM F2451-05-2010)
describes uniaxial-steady compressive tests derived from reports that are over thirty years old. This
has led to a limited understanding of the frictional properties of synthetic or natural polymers used
for soft tissue replacement®’®, The explanation for the lack of material tests in a multi-axial and
dynamic configuration is manifold. Challenges include the expense of mechanical test equipment
and software, the time for developing and validating a custom setup and protocol, the variability of
biological samples, challenges in sample preparation, and finally, relatively ‘soft’ biological materials
that require sensitive equipment resolution to characterize differences between test groups.
Regardless of these collective challenges, advances in test setups are necessary to establish
physiological methods to validate materials and establish industry standards for the frictional

characteristics of tissue-engineered cartilage.



97  The lubrication of articular tissues occurs through theoretical (and experimentally tested)
98  mechanisms®91112 gyver several apparent modes'®45, Cartilage tissue is biphasic, providing an
99 initially low friction coefficient, owing to hydrostatic load support upon the onset of tissue loading
100 followed by increasing friction coefficient to an equilibrium value as fluid load support
101  depressurizes'®. If cartilage at contact interfaces can maintain fluid pressurization, as with a
102  migrating contact area, the friction coefficient remains very low!’*8, However, if fluid load support
103  depressurizes as with a stationary contact area, the boundary mode lubrication dominates as
104  surfaces articulate in direct contact!!. The coefficient of friction in boundary mode lubrication is
105 invariant over a range of compressive loads, entraining speeds, and lubricant viscosities'®. This
106  mode is consistent with the highest friction and wear rates observed?®, and synovial fluid
107 biomolecules at the cartilage surface are critical to maintaining low friction. In particular, synovial
108  fluid constituent’s proteoglycan-4 (PRG4) and hyaluronan (HA) are boundary lubricants which
109  reduce articular surface interactions (friction and surface shear strain)'®2%. Cartilage lubrication
110 mode plays a significant role in the friction coefficient and, therefore, tissue shear stress at the
111  articular surface, properties known to induce anabolic and catabolic responses from chondrocytes
112 within cartilage tissue?22324, Therefore, clarifying in vitro scaffold lubrication by physiological

113  lubricants may aid scaffold design considerations.

114

115  Collagen is an attractive natural polymer for use as a scaffold in tissue engineering applications as it
116 is the main component of the extracellular matrix (ECM) and contains binding sites for cells (ligands)
117  onits surface?>?®. Furthermore, the addition of ECM molecules such as glycosaminoglycans (GAGs)
118  to produce collagen-based composite scaffolds support the chondrogenesis of mesenchymal stem

119  cells (MSCs) in vitro?’28293% When used as the top chondral layer of a tri-layered scaffold, cell-free
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collagen-GAG scaffolds promote cartilage regeneration in both small (rabbit) and large (goat and
horse) pre-clinical models3'3233, However, the quality of repaired tissue observed in these studies
could potentially be further improved by enhancing the frictional qualities at the surface of
implants, thereby protecting the tissue from the repeated forces (shear stress) of normal joint
articulation. If not primed to support lubrication, the high friction, and shear stress at the surface of
cartilage replacements and the regenerated matrix could lead to adverse cell metabolism and
apoptosis???324 the undue wear of cartilage implants or regenerated tissue, risk of fibrocartilage
formation, or possibly damage to opposing cartilage surfaces®*. The extent to which these events
could arise from elevated friction and shear stress during joint articulation is unclear as there is no

information on the frictional properties of collagen-GAG scaffold interfaces.

The structure of freeze-dried collagen-GAG scaffolds can be modeled as porous open-cell foams??
with tested deformation mechanisms and stress-strain behavior within uniaxial compression and
tension configurations®. In compression®®, three distinct regimes divide the stress-strain curves for
low-density, open-cell foams: a linear elastic regime (controlled by strut bending), a collapse
plateau regime (struts buckling and pore collapse) and a densification regime (complete pore
collapse throughout the material). Transitions between linear elastic to collapse-plateau regions
occur at roughly € = 0.1 strain for collagen scaffolds, with densification occurring at high strains (€ =
0.8). In tension, collagen matrices have similar responses in the linear-elastic regime. However, with
increasing tension, struts become increasingly oriented in the direction of the applied tension, and
the stiffness of the material increases until tensile failure with strain-rate dependent response®’.

Compressive strains that result in pore collapse and material densification alter hydraulic
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permeability and may have significant effects on the dominating lubrication-mode for collagen-GAG

scaffold implants.

The overall objective of this study was to characterize the role of synovial fluid and its constituent’s
(PRG4 and HA) on the coefficient of friction of collagen-GAG scaffolds for cartilage repair. As a first
step towards this goal, we sought to develop a suitable in vitro friction test to establish boundary
mode lubrication parameters by evaluating the frictional properties of collagen-GAG scaffolds
articulated against glass over a range of compression strains. Subsequently, this test was leveraged
to characterize the lubricating-ability of collagen-GAG scaffolds immersed in different synovial fluid
lubricant solutions, as an elucidation of the role such macromolecules play in lubrication may allow

for the future development of biomaterials with optimized frictional properties .
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2. Methods and Materials
2.1 Sample Preparation

2.1.1 Collagen-GAG Slurry

Collagen-GAG slurry was prepared as described previously®®. The day before blending, 0.5 M acetic
acid was mixed by diluting 22.9 mL glacial acetic acid to 800 mL distilled deionized water (d.d.H,0)
and adjusted to a pH 3.2. First, 1.8 mg (dry weight) of micro-fibrillar bovine tendon collagen-I
(Collagen Matrix, Franklin lakes, NJ, USA) was chopped and placed into 300 mL 0.5 M acetic acid at
4°C overnight. Separately, 0.16 mg sodium salt hyaluronic acid (0.74-1 MDa, Sigma-Aldrich, Arklow,
Co. Wicklow, Ireland) was added to 60 mL 0.5M acetic acid and incorporated by placing conical
tubes onto tube rollers at 4°C overnight. The following day, the collagen-only solution was
thoroughly mixed with an overhead blender (Ultra Turrax T18 Overhead blender, IKA Works Inc.,
Wilmington, NC) at 15000 RPM for 90 minutes. The hyaluronic acid solution was added to the
collagen-solution with ongoing overhead blending (dropwise in 5-10 mL increments every 10-20
minutes to prevent coagulation). Throughout mixing, the slurry beaker was kept immersed in an ice

bath to prevent protein denaturation from the heat released by the blender.

2.1.2 Collagen-GAG Scaffold Fabrication

The collagen-GAG slurry was de-gassed under vacuum to remove bubbles introduced during mixing
and loaded onto stainless-steel molds. The stainless-steel molds were designed to produce
cylindrical scaffolds (10 mm outer diameter x 8 mm height, 800 pL slurry per scaffold). Loaded
molds were then placed onto machine shelves (Advantage EL, Vir-Tis Co., Gardiner NY). The

lyophilization schedule initiated at 20°C to normalize conditions, then the shelf was cooled at
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0.9°C/min to a final freeze temperature of -40°C32 . The final freeze temperature was held for 1 hour
(ice crystals form, slowly trapping collagen outside) , followed by sublimation and heating in

primary and secondary phases to release both free and bound water from the matrix. The entire
lyophilization cycle was completed within 25 hours. Collagen-GAG scaffolds were produced with a
high level of porosity and a homogenously interconnected pore architecture3®4° (pore sizes and

surrounding collagen struts mirror the final ice crystal structure).

2.2 Synovial Fluid Lubricant Solutions

For mechanical tests, the lubricant solutions included: 1X phosphate-buffered saline (PBS) (negative
control), individual synovial fluid constituent solutions (recombinant human (rh) PRG4 and HA) at
physiological concentrations?!, and normal bovine synovial fluid (bSF) (positive control) (Animal
Technologies Inc., Tyler, TX, USA). Purified full-length rhPRG4, obtained from Lubris BioPharma LLC.;
(Framingham, MA, USA)*!, was diluted to 450 pg/mL in PBS. HA solution was prepared by dissolving
and gently incorporating (tube rotation, 24 hours) 1.5 MDa HA (Lifecore Biomedical, Chaska, MN,

USA) at a physiological concentration of 3.33 mg/mL in PBS.

2.3 Scaffold-on-Glass Friction Test

2.3.1 Mechanical Tester Specifications

All mechanical tests were completed on a Mach-1 mechanical tester v500csst (MAO0Q9,
Biomomentum, Laval, QC, Canada), with a multi-axial load cell and 17N amplification module
(MA232, Biomomentum), and sample base chamber (50.8 mm) (MA626, Biomomentum). The

Mach-1 is a configurable machine, with sensitive resolution (F, £ 0.85 mN, Fyx,+ 0.60 mN, Ty, .* 6.0
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uNemm), and the capability to execute repeatable sequences. All tests were completed at room
temperature. In preparation for friction testing, adhesive sandpaper (grit-100) was superglued to
the sample base chamber the day prior. To prepare the glass-counterface, microscope cover glasses
(Fisherbrand 12-545-102 25CIR-1) were superglued to cap-screws (1/4” 28 x 1-%”, Everbilt Grade 5 —
Fine screw - Zinc). The equipment and sample setup are depicted below (Fig. 1). Prior to loading
components, the multi-axial load cell was calibrated according to manufacturer’s instructions.
Following calibration, the sample base was secured to the stage and the mounted glass cover slip
secured to the load cell. A find contact function was used to set the vertical stage position with
reference to the sample base chamber and glass counter face. The load cell was zeroed and moved
at 0.05mm/s until an axial force of 100 mN was detected (to ensure full contact between glass

cover slip and the base chamber) and the position was set to 0 mm as a reference.

For all mechanical tests, collagen-GAG scaffolds were pre-hydrated in PBS and then placed in a test
lubricant bath (PBS, rhPRG4 solution, HA solution, or bSF) for 1-3 hours prior to testing. During,
hydration, scaffolds lose some aspects of the original “dry” shape and decrease in size, and so, prior
to loading samples onto the test set-up, the top point on the hydrated scaffold (resting on a flat
surface) was measured with calipers. To measure the sample height (with complete glass- contact),
a hydrated scaffold was centered on the sample base chamber, and the glass counter face brought
close to contact (~ 0.2 mm). The sample chamber was filled with test lubricant to replenish the
sample for 1 minute. The sample height was determined by a find contact function. The load cell
was zeroed (with the indenter fully immersed in the test solution, and taring both force (Fyy,.) and
torque (Txy,.) and moved at 0.02mm/s until an axial force of 2 mN was detected, and therefore
sample contact was made. Sample height was recorded to calculate compressive strain (&) and

velocity (vdown) for subsequent mechanical testing. According to these measurements, samples were
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compressed from the top height measured by calipers by approximately 5.75+2.37% (bathed in
rhPRG4) up to 8.08+1.61% (bathed in PBS) (% + SEM) using the find contact function. The measured
scaffold heights (by find contact) were not significantly different (1-way ANOVA, p>0.05). Sample
heights were 5.3£0.32 mm in PBS, 6.14+0.18 mm in HA, 5.13+1.17 mm in rhPRG4, and 5.24+0.59

mm in bSF.

Multi-Axial
Load Cell
Lubricant 3 Glass Slide
Scaffold Sandpaper
Rotational
Stage

1 Siae00
z@ﬂso

Figure 1: The equipment and sample setup for scaffold-glass friction test.

2.3.2 Test Parameters

The test configuration for collagen-GAG scaffolds was a stationary contact rotational test, against a
glass counterface, adapted from tests as described previously'®4243, The stationary contact
rotational set-up minimizes hydrodynamic effects generated by a leading edge and changing
contact areas, shown in other set-ups (e.g., pin on disc) and undesirable for boundary mode

conditions. Indeed, a rotating annulus on disc configuration has been employed previously to study
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cartilage-cartilage'®*? and cartilage-glass boundary lubrication®3. During testing, scaffolds were kept
in place by sandpaper glued to the bottom of sample-base holders and articulated against the glass
counterface. Samples were compressed at a constant velocity downwards vgown = 2% of height per
second. Compression (g) refers to the normal strain applied to samples, presented here in absolute
terms. Stress relaxation duration refers to the hold time for fluid depressurization post-
compression. Subsequently, samples were rotated +360° at a slow angular velocity of w = 7°/second
to maintain boundary mode lubricating conditions. The effective sliding velocity (vef = WR),
increases from approximately zero at the center (R = 0mm) up to 0.6 mm/s at the outer radius (R =
5mm), conditions shown to be suitable for boundary lubrication at cartilage-cartilage interfaces*?
and on the same order as other friction test setups*. The following sequence was completed on
scaffolds (n=5) to determine the effect of compression and test parameters for subsequent

experimental tests (Fig. 2). All data were collected at a frequency of 100 Hz.

i Compressive strain: € =0.1, 0.2, 0.3, 0.4, and 0.5.
ii.  Stress relaxation duration: %2 minute.
iii.  Angular velocity: ® =7 °/second or 1.16 rpm.
iv.  Rotational displacement: £360°.

v.  Release sample and wait for 5 minutes before completing next compression step-ramp.
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Figure 2: The rotational (A) and vertical (B) positions versus test time, total time 33 minutes.

2.4 Data Analysis
The kinetic coefficient of friction (Linetic, neq) Was calculated as follows:

7.
_ )
/7 I'N,equilibrium

Upinetic Nea
T b §

The absolute torque (| tz|) was calculated from torque measured in both the positive rotation (from
100° to 260°) and the negative rotation (260° to 100°) as | T| = (Tzpositive - Tznegative)/2, thereby
accounting for offset torque. The scaffold radius (r) was 5 mm. The normal equilibrium load (Fy,

equilibrium) Was calculated from the linear portion of the curve after stress relaxation.

The compressive stiffness of scaffolds was determined from data obtained during the ramp loading.

Collagen-GAG scaffolds were compressed to £€=0.2 strain in unconfined wet compression at Vgown=
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2% height per second (n=5). The compressive stiffness of samples was calculated by simple linear
regression of stress-strain curves (¢=0.02-0.09) from data obtained during the ramp loading. The
normalized stress-relaxation data was fit to the stretch exponential model**¢ (Equation 1), that
accounts for the polymeric mechanism of relaxation. The stretch exponential model has been used
to describe the viscoelastic relaxation of a wide range materials including cartilage*’*® and cells
encapsulated in a agarose gel micro-environment*® . The model is a time-dependent viscoelastic
model suitable for unconfined compression behaviour analysis, the conditions under which the data

was acquired.

t

B
o= (O-ppnb - O-oq)e_(T) + O-Dq (1)

The value for opeqak Was determined experimentally, lower case “t” represents time. The coefficients,
T and B, and o.q were quantified by fitting experimental data to the model (Equation 1) using
nonlinear optimization to minimize the sum square of weighted residuals (R function: nIsLM,
package: minpack.lm). The stress relaxation time constant (£T) is associated with physical
characteristics of the test set up and viscoelasticity of materials (for example, temperature, polymer
length, and concentration). The stretching parameter (B) is related to the type of polymer motion,
e.g. reptation, and is inversely proportional to changes in polymer length. All analyses of raw .txt

files were completed using a custom analysis program on RStudio (version 1.2.5033).
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2.5 Immunohistochemistry

The adsorption of PRG4 to collagen-GAG scaffolds was characterized compared to positive cartilage
controls (fresh bovine samples). Positive control samples were prepared from fresh articular
cartilage discs (mature bovine stifle joints, obtained from a local abattoir in Calgary, AB, Canada
under the approval of the Animal Care Committee at the University of Calgary). Samples (labeled as
“fresh”) were embedded in OCT (Tissue Tek OCT, Sakura, Torrance, CA) and snap-frozen in
isopropanol cooled in a liquid nitrogen bath. Collagen-GAG scaffolds were incubated in solutions;
PBS (negative control), rhPRG4 @ 450 pg/mL in PBS, and bSF (positive control), overnight at 4°C.
Samples were subsequently rinsed in PBS at 4°C overnight, then fixed in OCT and stored at -80°C

prior to sectioning.

Sections (10 um thick) were cut from OCT blocks with a cryostat microtome (CM3050S, Leica
Biosystems Concord, Ontario, Canada) and placed onto positively charged glass slides (Super frost
Plus Adhesion Slides, Thermo Scientific). Sections were fixed in 4% paraformaldehyde in PBS and
washed in PBS to remove OCT. Samples were blocked 10% goat serum with 1% BSA in PBS in a
humidity chamber. Samples were incubated overnight in anti-PRG4 monoclonal antibody (mAb)
9G3 (Sigma Aldrich, Oakville, Canada); in 1.5% normal goat serum at a ratio of 1:100. The slides
were washed with PBS, and samples were incubated in secondary antibody, Alexa Fluor-594
rhodamine-conjugated goat-anti mouse IgG (Life Technologies, Carlsbad, CA, USA) in 1.5% normal
goat serum at a ratio of 1:1000. Finally, the samples were washed with PBS and sealed with
microscope coverslips (VWR Scientific Products, PA). Slides were imaged using a Zeiss microscope
(Carl Zeiss, Oberkochen, Germany) at a magnification of 10X objective. Fluorescence images were

obtained for red (Alexa Fluor-594 rhodamine detected PRG4; excitation/emission of 590/617 nm)
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fluorescence, excited by X-Cite 120 (EXFO Photonic Solutions Inc., Mississauga, ON, Canada) and

images were captured with an Olympus Camera supplied with DP Controller software.

2.6 Statistical Analysis

For collagen-GAG scaffolds in PBS, the effect of compression (as a repeated factor) on the Fy,
equilibrium, Tz, AN Hkinetic, Neq WS assessed by analysis of variance (ANOVA), with Tukey post hoc
analysis. The effect of test lubricant groups on Fu, equilibrium, Tz, and Hiinetic, Neq @t €=0.2 was assessed by
ANOVA, with Tukey post hoc analysis. The effect of test lubricant groups on compressive stiffness
(calculated by simple linear regression, SLR) was assessed by analysis of covariance (ANCOVA) to
test for differences between regression slopes. The effect of increasing compression on the stress
relaxation time constant was assessed by SLR. Unless indicated otherwise, data are presented as
the mean + standard error from the mean, and significance was accepted at a level of p<0.05.

Statistic analysis was completed with RStudio.
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3. Results
3.1 Development of a Scaffold-on-Glass Friction Test

3.1.1 Normal Equilibrium Load (Fp, equiibrium) and Torque (7z) Increase with Compressive Strain

During boundary mode lubrication of cartilage, fluid is depressurized and the kinetic coefficient of
friction (Minetic, Neg) iS invariant over a range of compressive loads. In our scaffold friction test model,
Mkinetic, Neq IS Calculated through the experimental measurement of Fu, equiibrium and zz. Therefore, as a
step towards establishing boundary mode lubrication conditions, we examined the effect of
compression on collagen-GAG scaffolds friction tested in PBS solution. Fy, equilibium after stress-
relaxation increased proportionally with compression strain. Fn; equilibrium Was shown to increase
significantly at €=0.3 (10.6 + 2.4 mN) compared to £€=0.1 (5.3 £ 1.3 mN, p<0.05), at e=0.4 (14.1+1.7
mN) compared to €=0.1 (p<0.001) and £=0.2 (8.3 £ 1.0 mN, p<0.01), and at £€=0.5 (18.6 £ 4.6 mN)
compared to £=0.1, 0.2 (p <0.001) and £=0.3 (p<0.01), see Fig. 3A. Similarly, Tz was shown to
increase proportionally with compression (Fig. 3C). A trend towards a significant increase in 1z was
demonstrated at €=0.4 (8.7 £ 1.4 mNemm) compared to €=0.1 (3.4 £ 0.5, mNemm, p=0.06) and a
significant increase was demonstrated at €=0.5 (10.5 £ 2.2 mNemm) compared to £€=0.1 (p<0.001)
and €=0.2 (4.7 £ 0.85 mNemm, p<0.01) (Fig. 3B). Tz measurements relate to shear stress and the
resistance to articulating motion between the scaffold-glass interface. In the experimental design,
compression applied was increased through a sequence of ramps (Fig. 2) on each sample, Ttz

increased with compression as expected.
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Figure 3: (A) Fn, equilibrium Calculated after stress-relaxation across varying compressive strains. (B) The
absolute torque (|tz|) was calculated from values from positive rotation (tz 100-260°) and negative
rotation as (tz, 260-100°), @s |Tz| = (tz+ - Tz -)/2. (C) The torque-rotation profiles with increasing
compression are shown as time averaged data (data averaged per second). The secondary vertical
axis represents the spatially averaged shear stress determined by the original sample surface area.
Select profiles at €=0.1, 0.3 and 0.5 are shown for clarity. Significance: *p<0.05, **p<0.01,

***p<0.001.

3.1.2 Fluid Depressurization is Observed

We next sought to assess the change in load occurring during scaffold articulation, to ensure stress
relaxation/fluid depressurization was complete. In Figure 4B, neither a significant downward slope
in force vs. time (indicating ongoing de-pressurization or incomplete sample stress-relaxation), nor
significant normal force fluctuations (indicating sample slippage or misalignment during testing)
were evident during sample rotation. The stress relaxation duration of % minute was sufficient for
fluid-depressurization of collagen-GAG scaffolds as shown by flattened force-time slopes (Fig. 4A),
unchanging normal forces during scaffold articulation (Fig. 4B), and the model fit for stress
relaxation time constants (Fig. 4C). The percent difference in normal force (AF;) from the first and
final 10 degrees of rotation was minimal, ranging from 9, 3, 18, 12, and 11%, at a compression of
€=0.1, 0.2, 0.3, 0.4, and 0.5, respectively. The rotation profiles depict the normal force during
sample articulation (post-stress relaxation), and a lack of change is indicative that fluid

depressurization was complete for materials in this test setup at lower strains (0.1-0.3) (Fig. 4B).
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€ | 0 (Pa) (Fy cq) (mN) T B R2
0.10 | 60.458 (3.430+0.310) | 2.826(1.711+0.223) | 0.738 (0.509+ 0.045) 0.693
0.20 | 81.327 (5.956+0.406) | 1.604(1.649+0.341) | 0.414 (0.606 = 0.099) 0.750

0.30 | 102.050 (8.429+0.924) | 2.388 (1.640+ 0.261) | 0.572 (0.678+ 0.053) 0.832
0.40 | 119.915 (12.559+0.938) | 3.119 (2.620+ 0.417) | 0.667 (0.642 + 0.049) 0.936

0.50 | 199.242 (16.409+2.112) | 3.277(3.581+0.771) | 0.733 (0.780+ 0.043) 0.972
500 | ————--——-—-—-—-—--—-—--——-—--—-—-——-———————-—-—------

Axial Stress (o, Pa)

0 10 Time (s) 20 30

Figure 4. (A) Stress-relaxation profiles at increasing compression. (B) Force-rotation profiles (Fz vs.
time) during test sequence. The profiles in A and B are shown as time averaged values (data averaged
per second). The secondary vertical axis represents an equivalent axial stress, determined by the
original sample surface area. (C) The stretch relaxation model (Equation 1) was fit to normalized
stress relaxation data. The model fit to averaged data, model parameters, and data points are shown.
The values in brackets represent the model parameters for fits to each experimental run (u£SEM).

Significance; *p<0.05, **p<0.01.
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3.1.3  The Conditions for Boundary Mode Lubrication were Established

Hkinetic, Neg, OF collagen-GAG scaffolds tested in PBS against a glass counterface was invariant (ranging
from a low of 0.103 £ 0.010 at €=0.3 up t0 0.121 £ 0.015 at £€=0.4) over increasing compression
steps (¢=0.1, 0.2, 0.3, 0.4, and 0.5) (p>0.05) (Fig. 5). Boundary-mode lubrication (surface to
surface contact and minimal fluid film gap) allows for the examination of interactions between
synovial fluid lubricants and tissues and has been used for cartilage-cartilage*? and cartilage-
glass studies®3. Here, Linetic, Neq WS invariant across a range of compressive strains, indicative of
boundary-mode conditions being achieved as expected for a stationary contact rotational set-
up. Therefore, the role of synovial lubricants on collagen-GAG scaffold lubrication was examined at
€=0.2, a strain approximately equivalent to previously reported test parameters (¢ = 0.18-
0.24194243) and when combined with time to allow for fluid depressurization facilitated the

study of boundary mode lubrication.
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Figure 5. The kinetic coefficient of friction piinetic, neq Of cOllagen-GAG scaffolds articulated against
glass in PBS was invariant with increasing compression. Data is presented at p+SEM, ns: non-

significant p>0.05.

3.2 The Effect of Synovial Fluid Lubricants on the Frictional Properties of Collagen-GAG Scaffolds

3.2.1 Immersion of Collagen-GAG Scaffolds in rhPRG4 and HA Does Not Affect Fy, equilibrium OF Tz

Fn, equitibrium did not change with test lubricant for collagen-GAG scaffolds (p>0.05) (Fig. 6A). Fy,
equilibrium Values of collagen-GAG scaffolds tested in lubricants ranged from HA: 7.9 + 1.6 mN, rhPRG4:
9.1+1.2 mN, to bSF: 9.4 + 2.3 mN (Fig. 6B). 1, measured between the scaffold-glass interface
decreased in bSF (2.5 £ 0.7 mNemm) compared to PBS (4.7 £ 0.9, mNemm, p<0.05), but not in other

lubricants (Fig. 6 C,D). This decrease in shear stress (resistance to articulation) observed in normal



416  bSF indicates a reduction in shear deformation at the surface of compressed scaffolds and would
417  suggest that the permeation of synovial fluid into implanted collagen biomaterials may function to

418 reduce friction.
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Figure 6. (A) Fn, equilibrium With €=0.2 compression and a % minute stress-relaxation duration. (B) Stress-
relaxation profiles of collagen-GAG scaffolds immersed in different lubricants, depicted as mean only
for graphical purposes. (C) The absolute torque of collagen-GAG scaffolds tested in synovial fluid
lubricant. (D) Select torque-rotation profiles of collagen-GAG scaffolds tested in bSF and PBS are
shown, depicted as mean only, with line of best fit (yellow-PBS, red-bSF) for graphical/visualization
purposes. (E) The stretch relaxation model (Equation 1) was fit to normalized stress relaxation data.

The model fit to averaged data and model parameters are shown. The values in brackets represent
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the model parameters for fits to each experimental run (u£SEM). Significance; *p<0.05, ns: non-

significant.

3.2.2. Immersion in rhPRG4 or HA Differentially Regulates the Compressive Stiffness of Collagen-

GAG Scaffolds.

The compressive stiffness of collagen-GAG scaffolds significantly decreased in rhPRG4-solution (0.45
1 0.17 kPa), and significantly increased in both HA and bSF (0.57 £ 0.02 and 0.55 + 0.02, kPa,
respectively), compared to PBS (0.49 + 0.02 kPa p<0.05) (Fig. 7A). The increased stiffness of
scaffolds saturated in bSF and HA could perhaps be due to HA entrapment within the porous
matrices, preventing the escape of water during compression in a similar fashion to GAGs in
cartilage, and swelling to maintain shape. The stress-strain curves of collagen-GAG scaffolds
revealed expected compressive responses as described previously®*3°. There was a linear-elastic
response from 0-0.10 strain, followed by a curve in the graph with the onset of pore collapse and
struct buckling of collagen-GAG scaffolds (Fig. 7B). The properties of collagen-GAG scaffolds did not
recover completely with five-minute load removal (indicating permanent deformation to some
extent), which is evident with each increasing compression step as the stress response decreases

(material softening, the curve is shifted downwards slightly).
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Figure 7. (A) The compressive stiffness of collagen scaffolds in synovial fluid lubricants. (B) The stress-
strain curves of collagen-GAG scaffolds in PBS, shown as time averaged values (data averaged per

second). Significance; *p<0.05.

3.2.3. Immersion in rhPRG4 Reduces Liinetic, neq Of Collagen-GAG Scaffolds

Ukinetic, neg decreased for collagen-GAG scaffolds immersed in rhPRG4-solution (0.067 + 0.027) and
normal bSF (0.056 + 0.020) compared to PBS (0.118 + 0.21, both p<0.05) (Fig. 8).
Immunohistochemistry demonstrated that PRG4 from recombinant human and bovine sources
adsorbed onto collagen-GAG scaffolds following a 24-hour incubation in solutions and a subsequent
24-hour PBS rinse, prior to specimen processing (Fig. 9). Fresh cartilage discs (positive controls)
demonstrated a 9G3-immunoreactive layer of native PRG4 localized to the articular surface. PRG4
supports cartilage lubrication by domain-specific functions, its C-terminus binds to cartilage
surfaces®®, the N-terminal forms disulfide-bonded dimers>!, and the mucin-like middle domain is

extensively glycosylated with o-linked oligosaccharides partially capped with sialic acid**. Each



463  domain-specific function contributes to PRG4’s lubricity, and in this work, PRG4 adsorption to

464  scaffolds is functional as demonstrated by a reduction in Liinetic, Neg-
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Figure 9. Immunolocalization of PRG4 to fresh articular surfaces — taken directly from joint and snap
frozen (positive control). Scaffolds were hydrated in PBS for 1 hour prior to incubation in test
solutions overnight (PBS, rhPRG4, bSF). Prior to processing, scaffolds were rinsed in PBS overnight at

4°C. PRG4 adsorbed to cartilage and scaffolds is shown in red.
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4. Discussion

The overall objective of this study was to characterize the role of synovial fluid and its constituents
on the coefficient of friction of collagen-GAG scaffolds. First, an in vitro boundary mode lubrication
friction test was developed by characterizing the effect of compressive strain on the kinetic
coefficient of friction of collagen-GAG scaffolds. Subsequently, this setup was used to determine the
role of physiological lubricants on the frictional properties of collagen-GAG scaffolds. The results
described here indicate that a stationary rotational test configuration may be useful for elucidating
the lubricating-ability of ECM-derived scaffolds against a glass interface. In PBS, both Fy, equilibrium
during stress relaxation and 1, during rotation increased proportionally with increasing compressive
strain. The stress relaxation duration of %2 minute was appropriate for fluid-depressurization of
collagen-GAG scaffolds at all strains (0.1-0.5), time constants for relaxation were determined by
fitting data to a stretch exponential model. The coefficient of friction for collagen-GAG scaffolds in
PBS was invariant across the compressive strains examined here, thus establishing boundary mode
lubrication test conditions. Friction for collagen-GAG scaffolds tested in rhPRG4-solution and bSF
decreased compared to PBS. Interestingly, PRG4 (from both recombinant human and bovine
sources) adsorbed to collagen-GAG scaffolds. These results suggest rhPRG4 in solution adsorbs onto
collagen-GAG scaffolds in a functionally determinant manner, which improves the lubricity of
scaffolds, and highlights its capacity to augment the frictional properties of collagen-based

biomaterials for cartilage repair.

The proportional increases of both normal equilibrium force and torque resulted in constant friction

of collagen scaffolds in PBS across the compressive strains assessed. The normal equilibrium force
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of collagen-GAG scaffolds in PBS increased proportionally with increasing compressive strain.
Stress-strain profiles showed responses characteristic for collagen-GAG scaffolds, with a linear
response at low strains (up to € = 0.1) followed by a curved response due to the onset of pore strut
buckling and pore-collapse at higher strains (0.2-0.5). Experimentally fit model time constants
demonstrated that for all strains tested (0.1-0.5), stress-relaxation was complete at % minute. In a
comparable friction test study by Gleghorn et al. 201034, (examining stiffer porous polyurethane
foams as cartilage replacements), stress relaxation data were fit to a biphasic model. The time
constants reported were approximately 10s at € = 0.30, 15s at £ = 0.4, and 60s at € = 0.5, with the
recommendation that stress-relaxation durations should be four times the stress-relaxation time
constant. In the present study, nonlinear fitting to the stretch relaxation model (described by June
et al, 2009*” and June et al, 2013%%) demonstrated smaller time constants for biomaterials studied in
this work. Smaller time constants would be expected for the relative soft scaffolds with high
porosity (>98%)?’ (and therefore permeability), allowing fluid flow and faster depressurization. The
time constants for collagen-GAG scaffolds in PBS gradually increased with compression (SLR,
p<0.01, adjusted R?=0.265) which was comparable to findings in previous cartilage work?*. The
parameter B represents the width of the relaxation-time distribution (0 < f < 1). Physically, B is
associated with the polymer motion known as reptation. The polymer reptation dynamics applies to
the stretch relaxation response of native cartilage®?, and biopolymers (chondroitin sulfate,
proteoglycan, hyaluronan) have essential roles, although the individual contribution by each has not
been examined. Hyaluronan alone has a more significant role in cartilage polymer dynamics than its
side chains or attached proteoglycans®?. In addition, smaller stretching exponent parameters are
associated with cartilage deterioration®?, and enzymatic digestion of cartilage components®’. In this

work, the stretch ratio was consistent for scaffolds in PBS at various compressions and in various
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lubricants. In the present study, torque also increased with compressive strain, possibly as scaffold
pores and the overall structure flattened, increasing the surface area of the scaffold in contact with
the glass and adding additional resistance during rotation. Higher compression (>0.1) may be
suitable to examine surface interactions and possibly the role of bound or interacting synovial fluid
lubricants on the lubricating ability of collagen-GAG scaffolds. Therefore, to determine the role of
synovial fluid constituents on the lubricating ability collagen-GAG scaffolds, a compressive strain of

0.2 was selected to ensure complete fluid depressurization and full-contact between interfaces.

The ability of rhPRG4 and bSF to lubricate collagen-scaffolds is consistent with previous studies at
cartilage-glass®3, latex-glass>*, and cartilage—cartilage!® interfaces. In the present work, collagen-GAG
scaffolds lubricated by either rhPRG4 solution or bSF decreased friction efficiently at low speed
against a glass surface. Native PRG4 binds to cartilage surfaces by its C-terminal domain®° and via
binding partners (cartilage oligomeric protein (COMP), fibronectin, and collagen 11)*>, to collagen Il in
vitro®, and to collagen IV®’. In this study, rhPRG4 in solution absorbed to collagen-GAG scaffolds in a
functional manner to reduce friction. The terminal domain(s) of native PRG4 bind to cartilage
surfaces, and its negatively charged mucin domain extends outward to form an aqueous film covering
which lowers friction against the opposing contact-surface. Therefore, given the reduction of friction
observed with bSF as a lubricant, it follows that PRG4 in bSF possibly adhered to collagen-GAG
scaffolds in a similar manner. Quantifying PRG4 (rh/bSF) adherence to collagen-GAG scaffolds
(number and manner of binding), as previously done for cartilage samples>8, could be completed in
future work. PRG4 is present within the superficial layer of cartilage, and attached toits surface where
it is critical in the maintenance of low friction between apposed sliding surfaces®* within the body.

The addition of PRG4 to tissue-engineered scaffolds may optimize the frictional properties of these
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constructs for in-vivo use. For example, in contact lens biomaterials, the comfort of use was
previously optimized with the addition of PRG4 to improve surface wettability>® and reduce surface
friction®%61, HA-solution did not modulate the lubricating ability compared to PBS. It has been
postulated that PRG4 at the surface of cartilage anchors HA close to the surface where it acts as a
boundary lubricant®3. According to this theory, without PRG4 at the surface, HA-solution alone cannot
support boundary lubrication. However, in similar experimental work by Abubacker et al. 2018, HA-
solution supported lubrication at cartilage-cartilage interfaces but failed to lubricate cartilage-glass
interfaces®. These findings suggest that friction test counterfaces may impact reported findings, and
the use of glass may not be suitable to examine the role of HA in boundary lubrication. Still, collagen-
GAG scaffolds may be useful materials to examine the interactions of physiological lubricants more
closely, and further studies could extend to examine a combination of solutions on the lubricating

ability of collagen scaffolds, including for example rhPRG4 + HA.

Collagen scaffolds may also be suitable substrates to elucidate the contributions of individual
components to the mechanical properties of cartilage via a bottom-up methodology. Previous works
have examined the mechanical properties of cartilage, including compressive stiffness, dynamic shear
stiffness, and lubricating ability through top-down approaches. In these methods, select elements of
cartilage are digested followed by characterization of the effect to in vitro biomechanics. Cartilage
compressive stiffness deteriorates with solid matrix and proteoglycan degradation®%3%4, the dynamic
shear stiffness decreases with proteoglycan-depletion, collagen degradation, and the removal of
chondroitin and hyaluronan®, and the surface friction of proteoglycan-depleted!®® cartilage plugs is
significantly increased. In the present study, the addition of synovial fluid lubricants modulated

compressive stiffness and lubricating ability. Immersing collagen-GAG scaffolds in bSF and HA-
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solution increased compressive stiffness, possibly by hydration (via HA) and swelling, to allow
collagen-GAG scaffolds to retain shape and resist deformation, as occurs in native cartilage. However,
the direct measurement of solution osmolarity would be necessary to clarify this affect. In rhPRG4
solution, the compressive stiffness (Fig. 7A) of scaffolds was decreased, possibly owing to solution
viscosity and a faster exudation of fluid from materials. The effect of test lubricant viscosity on the
compressive stiffness of scaffolds was transient. After strain was applied and stress relaxation
occurred, the equilibrium axial loads were not different between lubricants (Fig. 6AB). Previously,
disparate effects of PRG4 to solution viscosity have been reported, PRG4 decreases the dynamic
viscosity of solutions®” and others reported increased viscosity (resistance to diffusion) with its
addition®®. Therefore, it remains to be clarified if PRG4 may contribute to the mechanical properties
of other biological tissues beyond enhanced lubrication, how transient or equilibrium properties are
affected, and how PRG4 may decrease (or enhance) mechanical stiffness. It should also be noted that
the scaling-up of these ECM-derived biomaterials to treat large defects, or even to resurface entire
condyles, would likely require the generation of scaffolds with additional mechanical reinforcement.
In this regard, additive manufacturing techniques, such as those recently leveraged to reinforce
cartilaginous templates for osteochondral repair with 3D printed polymer frames®, could potentially

be applied.

This study was not without limitations, including the use of a non-physiological scaffold-on-glass
interface (stationary contact, rotational setup). The friction-test interface lacks certain surface
characteristics and may not accurately mimic naturally articulating surfaces, where molecular
interactions between surface and lubricants are important and operative to articulation®®%2,

However, it should be noted that glass interfaces have been used extensively to characterize the
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frictional properties of tissue-engineered cartilage’®’?, orthopedic implants’?, the role of synovial
fluid lubricants®>*, and the role of cartilage’>’47>76 and in this study was used to successfully
distinguish the difference between negative (PBS) and positive (bSF) control lubricants for collagen-
GAG scaffolds. In addition, although the objective was to examine the effect of compressive strain,
the effect of sliding velocity and stress-relaxation was excluded. The sliding velocity used was slow
and constant for all tests completed, important in establishing boundary mode lubrication
conditions*. In addition, porous-collagen scaffolds exhibit rate-dependent tensile responses®’, and
at higher velocities surface shear deformation is significant causing samples to dislodge from setup
and adding significant variability between tests. Although not explicitly examined (e.g., by video
capture), sample slippage or misalighment between at the sample-sandpaper interface was not
evident with the test's slow sliding velocity, the low torques measured, and the strength of glue.
During rotation, normal forces (Fig. 4B) and torque (Fig. 3C) were generally constant and scaffolds
remained in position; therefore, if any slippage and/or misalighment occurred, they (and their
effects) would have been minimal. The stress-relaxation duration of %2 minute was selected during
pilot studies at € = 0.3, where stress-relaxation slopes of 0.01 N/min were evident at 30s. Finally, the
kinetic coefficient of friction of scaffolds was calculated using the outer scaffold radius. This
calculation does not account for velocity and torque variation with radius, approximately zero at the
center of to a maximum along the outer radius. Therefore, while magnitude of the calculated friction
coefficient is affected by this fact, the calculated coefficient of friction is still suitable as an average

friction value for comparison between groups in this study.

In conclusion, the effect of compressive strain and the role of synovial fluid lubricants on the

coefficient of friction of collagen-based scaffolds was characterized. The coefficient of friction of
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scaffolds in PBS was invariant across increasing compressive strain steps tested here, indicative of
boundary-mode lubrication conditions. Encouragingly, both bSF and rhPRG4-solution reduced
friction of collagen-GAG scaffolds against a glass interface. These data collectively point to the
importance of frictional properties as modifiable design parameters for implants and materials for
soft tissue replacement. Lastly, rhPRG4 adsorbed to collagen-GAG scaffolds in a conformation that
enhanced material lubricity against a glass interface. It follows, therefore, that the incorporation of
rhPRG4 within collagen-GAG scaffolds may enhance the lubricating ability of tissue-engineered

cartilage replacements.
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