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Introduction

Quantification of Cartilage
Poroelastic Material Properties
Via Analysis of Loading-Induced
Cell Death

Articular cartilage (AC) is a load-bearing tissue that covers long bones in synovial joints.
The biphasiclporoelastic mechanical properties of AC help it to protect joints by distributing
loads, absorbing impact forces, and reducing friction. Unfortunately, alterations in these
mechanical properties adversely impact cartilage function and precede joint degeneration
in the form of osteoarthritis (OA). Thus, understanding what factors regulate the poroelastic
mechanical properties of cartilage is of great scientific and clinical interest. Transgenic
mouse models provide a valuable platform to delineate how specific genes contribute to
cartilage mechanical properties. However, the poroelastic mechanical properties of murine
articular cartilage are challenging to measure due to its small size (thickness ~ 50 microns).
In the current study, our objective was to test whether the poroelastic mechanical properties
of murine articular cartilage can be determined based solely on time-dependent cell death
measurements under constant loading conditions. We hypothesized that in murine articular
cartilage subjected to constant, sub-impact loading from an incongruent surface, cell death
area and tissue strain are closely correlated. We further hypothesized that the relationship
between cell death area and tissue strain can be used—in combination with inverse finite
element modeling—to compute poroelastic mechanical properties. To test these hypotheses,
murine cartilage-on-bone explants from different anatomical locations were subjected to
constant loading conditions by an incongruent surface in a custom device. Cell death area
increased over time and scaled linearly with strain, which rose in magnitude over time due to
poroelastic creep. Thus, we were able to infer tissue strain from cell death area
measurements. Moreover, using tissue strain values inferred from cell death area
measurements, we applied an inverse finite element modeling procedure to compute
poroelastic material properties and acquired data consistent with previous studies.
Collectively, our findings demonstrate in the key role poroelastic creep plays in mediating
cell survival in mechanically loaded cartilage and verify that cell death area can be used as a
surrogate measure of tissue strain that enables determination of murine cartilage
mechanical properties. [DOI: 10.1115/1.4065194]

instance, when cartilage is compressed by a constant load,

Articular cartilage is a load-bearing tissue that covers and protects
the ends of long bones and enables painless and nearly frictionless
movement of synovial joints [1]. The functionality of AC is
endowed by its unique and intricate structure, composition, and
mechanical properties. Specifically, cartilage possesses a water-
saturated, collagen-rich extracellular matrix (ECM) interspersed
with negatively charged proteoglycans that help provide the tissue
with a high swelling pressure and a high resistance to compression
[2]. Due to the presence of both a solid component (the ECM) and a
fluid component (water), cartilage can be modeled as a biphasic/
poroelastic material whose mechanical response is determined by
the properties and interactions between these two phases [3]. For
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interstitial water—an incompressible material—provides fluid
load support that helps resist the applied force [4]. However, over
time, water is slowly squeezed from very small pores in the ECM
and the tissue progressively deforms at a rate proportional to its
permeability (k, a measure of how easily fluid flows in or out) to an
equilibrium deformation proportional to the solid matrix Young’s
modulus (£, a measure of intrinsic stiffness).

Because cartilage protects joints by distributing loads [5],
absorbing impact forces [6,7], and reducing friction [8-11],
alterations in cartilage poroelastic mechanical properties are
thought to have an adverse effect on joint health and have been
shown to precede joint degeneration in the form of osteoarthritis
[12,13]. However, what molecular constituents govern the poroe-
lastic mechanical properties of articular cartilage is incompletely
understood. A promising avenue to identify specific structural
components responsible for regulating cartilage poroelastic
mechanical properties is through the use of transgenic mouse
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Fig.1 Induction and quantification of cell death. (a) Schematic representation of the mechanical testing
device. Dissected specimens (femurs or humeri) were placed on the cover glass of the testing device and
compressed statically with a prescribed subimpact load (F) and loading duration, or dynamically with a
frequency of 0.1 Hz. Cartilage on the articular surface of the distal femoral condyles or the humeral head
was visualized before and after the application of F using a fluorescence or confocal microscope. (b)
Representative micrograph of the articular surface on the lateral condyle of a murine distal femur
subjected to F= 0.5 N of static loading. The area of cell death is the area outlined by the yellow contour,
defined as the contour within which cells lost calcein fluorescence (green) and gained Pl fluorescence
(red). The radius of the area of cell death (r¢e) geath) Was quantified assuming the area was a perfect circle.

(Color version online.)

models. Nevertheless, assessing poroelastic mechanical properties
in mouse cartilage is difficult due to its very small size. Thus, to our
knowledge, only a few research groups have quantified these
properties in mice using nano- and micro-indentation techniques
[14-16].

An alternative approach to determine mouse cartilage poroelastic
mechanical properties may be through assessment of time-
dependent cell death. This approach is motivated by previous
studies demonstrating that in axially loaded bovine cartilage
explants, the extent of cell death increases with load duration [17].
Since tissue strain also increases with load duration in poroelastic
materials [3], these findings suggest that there may be a consistent
relationship between chondrocyte death and tissue strain. Thus, in
cartilage specimens subjected to a (known) constant load, it may be
feasible to quantify strain over time based on the time evolution of
cell death area. From the applied load and time-dependent strain,
tissue poroelastic material properties may then be determined using
inverse methods.

Importantly, in previous studies, we described an experimental
platform enabling assessment of the extent of cell death (cell death
area) in murine cartilage-on-femur and cartilage-on-humerus
explants subjected to a constant load from an incongruent surface
[18-20]. In the current study, our objective was to test whether time-
varying cell death measurements acquired using this platform can be
used (in combination with inverse finite element modeling) to assess
murine cartilage poroelastic mechanical properties. We hypothe-
sized that cell death area and tissue strain are strongly correlated in
this platform, and that the specific relationship between these
parameters can be used to determine tissue permeability and solid
matrix Young’s modulus from measurements of time-dependent
cell death area.

Methods

Study Design. Collectively, 91 murine cartilage-on-bone
explants (52 distal femurs and 39 humeri) obtained from 8 to
10 weeks old female BALB/c mice were tested in this study. Only
female mice were used in order to maintain uniformity in specimen
size and geometry. A total of 34 femurs and 21 humeri were
randomly assigned to one of six loading duration groups (1 N applied
for5s,10s,30s,60s,300s, or 900 s, n = 5-6 femurs per group, 3—6
humeri per group) to investigate the effects of loading duration on
cell vulnerability and establish poroelastic creep curves. Humeri
were not assigned to the 900s group because they reached
poroelastic equilibrium earlier (at 60s). Additionally, 18 femurs
and 18 humeri were randomly assigned to one of three loading
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groups (0.1 N, 0.5N, or 1 N applied for 5 min, n = 6 specimens per
group) to establish the relationship between peak tissue deformation
and cell death area. Finally, five of the distal femurs were used to
establish that cell death area measurements—in combination with
inverse FE modeling and the relationship between cell death area
and tissue deformation—can be used to determine tissue poroelastic
material properties.

Specimen Preparation. Experiments were approved by the
University of Rochester Committee on Animal Resources
(UCAR-2013-017). Humeri and distal femurs with fully intact
articular cartilage were carefully dissected from the glenohumeral
and tibiofemoral joints of 8—10 weeks old female BALB/c mice
immediately after sacrifice using a previously established technique
[19]. Briefly, surrounding soft tissue was carefully removed, leaving
intact cartilage-on-bone complexes. Femurs were cut § mm above
the tibiofemoral joint, while humeri were kept fully intact. Dissected
specimens were hydrated in Hank’s Balanced Salt Solution (HBSS)
ataphysiological pH (7.4%0.02) and in an iso-osmotic environment
(3031 mOsm) throughout all experiments, which were performed
at room temperature.

Assessing the Effects of Loading Duration on Mechanically-
Induced Chondrocyte Death. The spatial extent of cell injury/
death resulting from mechanical loading was quantified using a
previously established microscope-mounted in vitro mechanical
testing device [19]. Briefly, dissected specimens were vitally stained
at 37°C for 30 min with 10 uM calcein AM (Life Technologies,
Eugene, OR), an indicator of viable cells with intact membranes, and
then washed in HBSS for at least 10min to remove excess
extracellular dye prior to mechanical testing. Vitally stained
specimens were then placed on top of the cover glass of the
mechanical testing device, just above the objective of an inverted
microscope such that the articular surfaces on the femoral condyles
or the humeral heads were in contact with the glass and visible
through the microscope objective (Fig. 1(a)). To stabilize humeral
specimens on the testing device, a wooden applicator was fixed to
the distal side of the bone using cyanoacrylate glue. Using a
cylindrical weight, a subimpact load (F) of 1 N was applied on top of
the patellofemoral grove of the dissected femurs (n = 5—6/loading
group), or on top of the greater tuberosity of the humeri (n =4-6/
loading group except for the 5 s loading group where n =3) for 0, 5,
10, 30, 60, 300, or 900 s in order to determine the effect of subimpact
loading duration on cell vulnerability (Fig. 1(a)). The load was
imposed by manually lowering the cylindrical weight through a
smooth guide block, and a calibrated strain gauge was used to
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measure the applied load over time. Application of load compressed
the layer of cartilage lining the femoral condyles or the humeral
head. Note that the 900 s humerus group was omitted from the study
because the transient size of the area of cell injury/death reached
equilibrium at 60 s (see Results). Since the instantaneous magnitude
of the reaction force did not substantially exceed the force observed
at equilibrium (due to negligible kinetic energy at impact), the
application of a sustained 1 N load was termed “sub-impact” (Fig. S1
available in the Supplemental Materials on the ASME Digital
Collection). Thus, the magnitude of the applied load was computed
as mg, where m is the mass of the cylindrical impactor and g is the
acceleration due to the gravity.

To quantify the spatial extent of cell death due to the applied
mechanical loading regimen, the articular surfaces of the femoral
condyles or humeral head were imaged under fluorescence
illumination with a 4X dry lens (NA=0.13) on an inverted
epifluorescence microscope (Olympus IX-81) at baseline (i.e.,
before the application of mechanical load) and 5min after
mechanical load was removed (Fig. 1(b)). Additionally, after post-
load imaging, select specimens (n =5) were stained with 40 ug/mL
propidium iodide (PI, Life Technologies, Eugene, OR), an indicator
of cells with ruptured membranes, and re-imaged. Specimen loading
was monitored in real-time, and only small amounts of rotation or
sliding were observed. In particular, specimens typically slid less
than a few microns.

The radius of the area of cell death (rcej death )—1.€., the radius of
the area encompassing cells that lost calcein (green) fluorescence—
was manually quantified in Imagel] (Fig. 1(b)). To ensure that
manual measurements of 7cejgean Were repeatable, an inter-rater
reliability analysis was performed. Specifically, a total of four
blinded raters quantified 7y dearn in @ subset of images (7 = 6). The
intraclass correlation coefficient—a measure of reliability that
varies between 0 and 1—was calculated in Excel (Microsoft
Corporation, Redmond, WA). The intraclass correlation coefficient
was found to be 0.90, suggesting excellent reliability.

Establishing the Relationship Between Cartilage Strain and
Radius of Cell Death. To establish the relationship between tissue
strain and cell death on the articular surface, first, cartilage-on-bone
specimens were subjected to a range of static loads (0.1 N, 0.5N, or
1 N, n=6/group) for 5 min. For each test, rccjj gearn Was quantified as
described earlier. Since cell death predominantly occurred on lateral
femoral condyles, only lateral condyles were used to establish the
cell death/tissue strain relationship in femoral cartilage-on-bone
specimens. Note that the higher levels of cell death observed on the
lateral condyles are likely due to the way the sample is mounted and
the smaller radius of curvature on the lateral side.

After assessment of ¢y death» Specimens were stored at —20 °C for
1-2weeks and subsequently used to quantify the peak tissue
deformation induced by each prescribed load (0.1 N, 0.5N, or 1 N,
n = 6/group) using a previously established method [20]. Briefly,
after thawing, specimens were fluorescently stained for 1 h at 23 °C
with 10 ug/mL 5'-DTAF (Sigma-Aldrich, St. Louis, MO), a
fluorescent dye that binds to amine groups in proteins and enables
visualization of the cartilage ECM under fluorescent illumination.
Specimens were then washed in HBSS for 3 h to wash out the excess
dye and placed on the cover glass of the mechanical testing device
(Fig. 1(a)). Cartilage on the lateral femoral condyles or humeral
head was imaged both before and 5 min after application of the
prescribed load magnitude using an Olympus FV1000 laser
scanning confocal microscope with a 40X dry lens (LUCPLFLN,
NA =0.6) to obtain three-dimensional (3D) image stacks with a
spatial resolution of 0.31 um/pixel along z-axis (1.64 um/slice)
(Fig. 2). Note that in order to compensate for the refractive index
mismatch between the immersion media on the objective lens
(i.e., air) and the specimen-hydrating HBSS buffer, the z-axis of
the acquired image stacks was scaled by 1.33 [21]. Using the
acquired 3D confocal z-stacks (Fig. 2), the stretch ratio at the center
of contact (4.) was defined as 4. = Thicknesscompressed / Thicknesspaseiine
where the cartilage thickness under compression (Thicknesscompressed) and
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the baseline cartilage thickness (Thicknesspseline) Were measured at
the center of contact using a previously described MATLAB algorithm
[20]. The Lagrangian strain at the center of contact (E.) was
computed according to E, = % (AZ — 1). After quantifying both
tissue strain (E£,) and radius of the area of cell death (rcej gearn) in €ach
tested specimen for each prescribed load, the relationship between
these parameters was determined through a linear regression
analysis.

Characterization of Poroelastic Creep in Murine Articular
Cartilage. While we have previously used confocal microscopy to
characterize the equilibrium deformation of murine AC under
different static loading conditions [20], due to the slow acquisition
speed of confocal image stacks, it is more challenging to quantify
transient deformation of murine AC during poroelastic creep.
Therefore, we used the relationship between 7cejgearn and loading
duration in combination with the relationship between r¢cjj gearn and
E. (see previous sections) to determine the relationship between E.
and loading duration (i.e., the poroelastic creep curve of murine
AC). We first used our experimentally determined £, Versus 7ceji death
curves to determine a linear equation that converts reejgearh t0 E-.
Finally, we applied this conversion to transform our experimentally
determined reepdgearn Versus loading duration curves to E. versus
loading duration (poroelastic creep) curves. Note that specimens
that did not exhibit cell injury/death in the loading duration study
were not included in the characterization of poroelastic creep since
E. could not be quantified.

Characterization of the Poroelastic Material Properties of
Murine Articular Cartilage Using Inverse Finite Element
Analysis. To quantify poroelastic material properties, a finite
element-based optimization approach was used in combination
with poroelastic creep curves acquired as described earlier. First,
five femur-on-bone specimens previously stained with DTAF and
imaged in 3D to determine peak strain after force application were
randomly selected. For each specimen, the geometry (thickness and
curvature) of the cartilage on the lateral condyle was determined
based on the acquired 3D image stacks (Fig. 2) and used to construct

cover glass —

cover glass —

Fig. 2 Sagittal cross sections of articular cartilage before and
during compressive loading. Representative sagittal cross
sections from a confocal image stack of fluorescently labeled
(green) articular cartilage on a murine lateral femoral condyle
obtained (a) before and (b) after application of a staticload of 0.5 N
for 5 min. The top boundary is the cartilage-bone interface, while
the horizontal line denotes the boundary of the cover glass.
Acquired images were used to determine peak tissue compres-
sive strains induced by force application in order to establish the
relationship between tissue strain and radius of cell death. The
baseline image (a) was also used to construct a finite element
model from the measured thickness and radius of curvature

(Fig. 3).
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specimen-specific poroelastic/biphasic FE models loaded by a flat
rigid surface (Fig. 3).

The model element size was determined based on a mesh
convergence analysis. A full model was used instead of a partial
model exploiting symmetry (e.g., a quarter model) since the forward
simulation run time was reasonable (<30min). The hydraulic
permeability (k) of the cartilage was assumed to be independent of
strain, and the solid matrix of the cartilage was assumed to be a neo-
Hookean material described by a solid matrix Young’s modulus (£)
and drained Poisson’s ratio (v/). To determine E for each specimen/
model, a parameter optimization routine was implemented in FEBio
to identify the value of £ where the equilibrium Lagrangian strain at
the center of contact (E£,) induced by a simulated load of 0.4 N (the
force on the lateral condyle from the cover glass after application of
a 1 N load on the distal femur, Fig. S2 available in the Supplemental
Materials on the ASME Digital Collection) was equal to the
experimentally measured equilibrium tissue strain (E.). The
parameter E. was calculated according to E, = % (Az - 1), where
4. = Thicknesscompressed /Thicknesspaseline With Thicknesscompressed
and Thicknessp,seline both measured at the center of contact. Note
that the equilibrium behavior of the model is insensitive to k. Next, to
determine £ for each specimen/model, E was assigned its measured
value and the temporal evolution of tissue strain after application of
an 0.4 N load was simulated across multiple iterations of k. The
specimen-specific value of k£ was identified when the simulated and
experimentally measured creep curves (i.e., curves representing the
temporal evolution of £,) induced by application of an 0.4 N load on
the lateral condyle were optimally matched. In all models, the
Poisson’s ratio was taken to be 0.25 [20].

Statistical Analysis. The radius of the area of chondrocyte death
(7cell death) for each loading duration was compared to the control (0 s)
group using a Kruskal-Wallis test with Dunnett’s posthoc analysis
(x=0.05). For both humeri and distal femurs, linear regression
analysis was performed to correlate and determine the relationship
between Lagrangian strain at the center of contact (£.) and radius of
the area of cell death (¢ dearn)- The linear relationship between E.
and 7eep death (1-€., E. = mreendean + b) Was used to calculate E, for
each loading duration, and the standard deviation of E. was
computed using the error propagation formula og

2
= 2,2 o) 2 Oreell death 2 e
\/ M2rE death {(ﬂ;’) + (];:m;‘m +a7. All statistical analyses

were conducted in GraphPad Prism (version 6.01, La Jolla, CA) orin
Excel (Microsoft Corporation, Redmond, WA).

Results

The Effect of Sub-Impact Loading Duration on Mechanically-
Induced Chondrocyte Death. Statistically significant chondrocyte
death compared to control (0 s loading) was observed on the articular
surfaces of femoral condyles and humeral heads when the tissue was

1Fz=0.4N

Fig. 3 Model geometry for inverse finite element analysis. 3D
finite element model (FEM) used for inverse finite element
analysis (FEA) to determine specimen-specific poroelastic tissue
properties. A force F, was applied via arigid platen, and the strain
(E;) was tracked over time.
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Fig. 4 Cell death as a function of loading duration. Temporal
evolution of the radius of the area of cell death ((rce geath) When (a)
femurs (both condyles) and (b) humeri were subjected toa 1 N
static load applied for different durations. Data are mean *=SD. (*)
denotes significant difference compared to cell death prior to
application of load. The cell death profiles resemble a typical
creep curve where ree geath gradually increases until equilibrium
is reached.

subjected to a constant load for a prolonged duration (Fig. 4). In
femoral condyles, cell death radius was higher than control for
durations of 5, 10, 30, 60, 300, and 900 s. In humeral heads, loading
for less than 10 s did not induce significant cell injury/death (Fig. 4),

(a) Feell death (MM)
0 50 100 150
0.0 1 1 ]
0.14 y =-0.00086x - 0.30
L R?=0.78, p < 0.0001
w 0.2+
L ]
'0.3*".\ ~- .
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(b) Icell death (HM)
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0.0

y =-0.00079x - 0.29
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034,

0.4 i

Fig.5 Correlation between tissue strain and cell death. Lagran-
gian strain at the center of contact (E;) on (a) femoral lateral
condyles and (b) humeral heads versus radius of cell death
(Feelldeath) after 5 min static loading to 0.1 N, 0.5 N, and 1 N. Strong
and significant correlations between E, and rcgeath Were
observed for both femurs and humeri. Each data point represents
a single specimen subjected to a specific applied load. The
dashed lines are curve fits obtained from linear regression
analyses.
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but cell death radius was higher than control for durations of 10, 30,
60, 300, and 900 s. In both femurs and humeri, a constant sub-impact
load of 1 N induced a gradual increase in the radius of dead cells until
the spatial extent of cell death reached equilibrium and stayed
constant regardless of the loading duration.

Relationship Between Cartilage Strain and Radius of Cell
Death. Lagrangian strain at the center of contact (£,) was strongly
correlated with radius of cell death (7cej gearn) for both femoral lateral
condyles (R*=0.78, slope =—0.000,86 um ', p<0.0001) and
humeri (R? = 0.89, slope = —0.000,79 um ™", p < 0.0001) (Fig. 5).
These relationships demonstrate that an increase in tissue strain
magnitude exacerbates the spatial extent of cell death on the
articular surface under sustained subimpact loading conditions.
Note that the y-intercepts of the fitted curves indicate the critical
tissue strain (ESi<d) leading to in situ chondrocyte death.
Interestingly, this threshold strain (E<¢d! = —0.30 for femurs and
ECitical — (.29 for humeri), as well as the slopes of the fitted curves
(—0.000,86 ,um_1 for femurs and —0.000,79 ,um_] for humeri),
remained relatively consistent regardless of anatomical location.

Characterization of Poroelastic Creep Behavior. The poroe-
lastic creep behavior of murine cartilage on the lateral femoral
condyle and humerus was characterized using the established
relationship between peak tissue strain (£.) and radius of cell death
(Feeltdeath) (Fig. 5) to convert reej geath Versus loading duration curves
(Fig. 4) to E. versus loading duration curves (Fig. 6). The resulting
creep responses demonstrated that compression of articular cartilage
on both the femoral lateral condyles and the humeral heads
surpassed the critical tissue strain (E.~ —0.3%) within the first

(a) Load duration (s)
0 09 20 40 60 80 100200 400 600 8001000
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-0.40
(b) Load duration (s)
0 09 20 40 60 80 100200 400 600 8001000
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Fig.6 Poroelastic creep curves depicting time-dependent strain
and cell death induced by static loading. Temporal evolution of
tissue strain (E;, left axis) as determined from the radius of the
area of cell death (rceigeath, right axis) in (a) femurs (lateral
condyle) and (b) humeri after application of a 1 N static load for
different durations. E, was inferred from rce) geath according to the
previously established relationships (Fig. 5). The E, versus
loading duration curves resemble typical creep curves where
E, gradually increases in magnitude until equilibrium is reached.
Data are mean +SD, where SD is the standard deviation of E,
calculated using standard error propagation formulas.
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10s and gradually slowed until equilibrium was reached at
approximately 1 min (Fig. 6).

Characterization of the Poroelastic Material Properties of
Murine Articular Cartilage Using Inverse Finite Element
Analysis. Inverse finite element analysis (iIFEA) was used to
determine murine cartilage poroelastic material properties based
on specimen-specific geometric parameters and poroelastic creep
curves generated as described earlier (Fig. 6). The Young’s modulus
(E) was found to be 12.2 MPa (Fig. S3 available in the Supplemental
Materials on the ASME Digital Collection), while the hydraulic
permeability (k) was found to be 0.86 x 1071 m*N-s (Fig. 7).

Discussion

In this study, we tested intact cartilage-on-bone explants obtained
from different anatomical locations using a previously developed
microscope-mounted platform to isolate the effects of tissue
deformation and strain on the viability of murine in situ
chondrocytes. By applying prescribed subimpact load magnitudes
with different durations, tissue strain was varied and the resulting
spatial extent of cell death (i.e., rcelldeatn) Was quantified. While
T'celldeath depended on loading duration for a given load magnitude,
we identified a consistent linear relationship between tissue strain
and radius of cell death. Moreover, we showed that the relationship
between tissue strain and 7cejjgeath Can be used to convert 7ol death
versus loading duration curves to tissue strain versus loading
duration curves (i.e., poroelastic creep curves). Finally, we showed
that based on these creep curves (generated from measurements of
mechanically induced cell death), poroelastic material properties
can be inferred using an inverse finite element modeling procedure.

To investigate possible variations across joints, we established
direct relationships between tissue strain (£,) and the radius of the
area of cell death (7celidearn ) On the articular surface for both femoral
cartilage and humeral cartilage. For each anatomical location, these
relationships revealed (1) the rate of change in cell death as a
function of tissue strain (i.e., 'cell gearh Tate = 1/slope of the fitted E.
VETSUS T'cell death CUrve) and (2) the critical tissue strain (E<¢4l) above
which the cells are killed. The similar values of 7. gearn rate and
ECritieal in femurs (el dearn Tate = — 1.3 x 10 pm, ESTitieal = —0.30)
and humeri (7eji geath Tate — 1.2 X 103 ,um,E?m“" = —0.29) suggest
that murine in situ chondrocytes have the same sensitivity to
subimpact mechanical loading regardless of anatomical location.
Though not highly sensitive to anatomical location, the relationship
between tissue strain and 7. qeqn €Stablished in this study may
depend on mouse strain, age, sex, or other variables. Nevertheless,
once established, our data suggest that this relationship can be used
to compute poroelastic material properties in murine cartilage based
solely on cell death areas quantified from standard fluorescence
micrographs.

(a) Load duration (s)

0 20 40 60 80200 900
0.0———— »—
0.1 -- Exp data

ui'.0.2 — FEM
-0.3b _____
-0.4

Fig. 7 Poroelastic/biphasic properties of AC determined via
inverse finite element analysis. (a) Experimentally determined
poroelastic creep curve (dashed line) and curve fit determined
from inverse finite element analysis (solid line). (b) Hydraulic
permeability (k) determined using iFEA. Data are mean + SD. The
dashed line and shaded area in (b) represents values (mean =+ SD)
obtained from literature [14].
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According to our data, ES¢! has a value of approximately —0.3
in articular cartilage under static loading. This finding is consistent
with studies reporting that a nominal strain of —0.1 (leading to a
superficial zone strain of —0.3) was required to kill chondrocytes in
statically loaded of bovine cartilage explants [17]. Notably,
compressive strains as high as 39% have been measured in vivo in
static loading scenarios including standing on a single leg for several
minutes [22]. Thus, our findings suggest that some static
physiological activities may induce cell death in joints.

Using the approach developed in this study, the hydraulic
permeability (k) of murine cartilage was found to be 0.86 x 10~
m*/N -s, consistent with the value reported in the literature based on
micro-indentation tests (k=1.1 +0.4 x 1071° m4/N—s) [14]. The
solid matrix Young’s modulus (£) is murine cartilage was found to
be 12.2 MPa—similar to values reported in previous studies from
our lab and others [20,23], but higher than values reported in other
published work [13,14]. Because our inverse finite element
modeling procedure accounted for the geometry of the tissue and
the presence of the rigid bone and glass slide, the large magnitude £
in our study is unlikely to be a substrate effect. Instead, our
measurement of £ may be higher than some previous studies
because our mechanical tests induced high compressive strains in
the tissue (>30%, compared with <5% in standard mechanical
testing protocols), and cartilage is a highly nonlinear material with a
solid matrix Young’s modulus that increases with strain [24].

It is interesting to consider Why reepgearh Erows over time under
constant loading conditions, and what the underlying cause of the
close relationship between r¢ejj gearn and tissue strain (£.) may be. In
our experimental platform, a flat rigid surface (the glass slide)
imparts a constant, static load on cartilage with a curved surface. In
this incongruent geometry, as fluid squeezes from the biphasic/
poroelastic tissue, two important phenomena occur: (1) the
compressive strain in the tissue grows due to poroelastic creep;
and (2) the contact area increases over time, reducing the contact
pressure from the glass and stress within the cartilage. Thus, under
these specific conditions, load is constant over time and stress
diminishes over time. However, strain magnitude increases over
time, similar to cell death area (Fig. 6). Collectively, these findings
suggest that chondrocyte death may be triggered by tissue strain, but
not by tissue load and stress. However, it is also possible that cell
death area increases over time not because tissue strain magnitude is
elevated, but rather because time-dependent growth of the contact
area exposes an increasingly large region of cells to contact-induced
stress above a critical level (despite an overall reduction of tissue
stress). In this scenario, the close relationship between tissue strain
and cell death area would not be causal, but would instead simply
reflect that both cell death area and strain are separately correlated
with contact area.

There are several limitations that must be considered in this study.
First, cell death was quantified S min after the applied subimpact
loading was removed, and thus only short-term cell death was
analyzed. However, it is conceivable that cell death area could
evolve over time due to repair of damaged/permeabilized mem-
branes [25] or other slow processes, rendering cell death area
measurements less reliable. Nevertheless, previous characterization
of our in vitro murine model has demonstrated that the area of dead
cells reduced by only ~ 5% within 3 h after removal of the injurious
subimpact loads [19], suggesting that our cell death area
measurements predominantly identify cells killed immediately by
extreme loading conditions. Second, cell death was induced by the
application of extreme subimpact loads (0.5 N and 1 N). These loads
brought about compressive strains above 40% and local compres-
sive stresses exceeding 16 MPa (according to FE simulations),
which are higher than physiological strains and stresses reported in
literature [22]. However, because extreme loads were applied, large,
quantifiable areas of dead cells were produced, and the resultant
wide range in the parameter 7 deah Was exploited to establish a
relationship between 7cejdean and tissue strain (Fig. 4). Third, it is
possible that storing specimens in —20 °C changes ECM mechanical
properties, leading to overestimation of the peak tissue
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deformations. However, specimens from all experimental groups
were frozen, and we do not anticipate that consistent tissue
alterations caused by the freeze-thaw process affect the linear
relationship between cell injury and tissue deformation. Fourth, in
this study, we were only able to quantify cell death after the applied
load was removed from the tested explants (Fig. S4 available in the
Supplemental Materials on the ASME Digital Collection). Thus, we
were unable to perform real-time visualization of cell death during
poroelastic creep, presumably since the calcein dye—the indicator
of viable cells—was “trapped” in the compressed tissue and could
not leave damaged cells and diffuse through the compressed ECM
(see Supplementary Materials). Consequently, we could not visual-
ize temporally varying cell injury/death in real-time using a single
specimen and therefore could not conduct a longitudinal study that
would have significantly reduced the number of specimens required
to establish poroelastic creep curves. Fifth, we used cyanoacrylate
glue to stabilize humeral specimens prior to testing, and it is
conceivable that cells were affected by the presence of glue.
However, the finding that humeral specimens and femoral speci-
mens exhibited similar trends suggested that the influence of glue on
the acquired data was likely negligible. Sixth, since bone and
cartilage size and morphology vary by sex, only female mice were
used in this study to ensure consistent specimen size and cartilage
geometry. While we expect E. and 7y gearn t0 also strongly correlate
in male mice, the specific quantitative relationship between these
parameters may be sex-dependent. Thus, the sex-dependence of this
quantitative relationship will be interrogated in future work.
Seventh, there are gaps in the correlation plots used to determine
the relationship between E. and reengean (Fig. 5), and it is
conceivable that the absence of data in these regions could bias
the linear fits. Thus, there is a need to fill these gaps in future studies.
Nevertheless, we expect the data within these regions to follow
trends consistent with the linear fit determined based on behavior at
higher and lower levels of strain. Finally, while intact cartilage-on-
bone explants faithfully reproduce the native mechanical and
structural environment of in situ articular chondrocytes, some
physiological external conditions (e.g., temperature and oxygen
levels) were not maintained in this study. Nevertheless, all
experiments were conducted under a consistent environment,
allowing for fair comparisons between the experimental groups.

In conclusion, using an in vitro murine cartilage-on-bone explant
model, we established a linear relationship between tissue strain and
death of in situ chondrocytes in two different anatomical locations.
We also demonstrated the key role poroelastic creep plays in
mediating cell survival in intact cartilage subjected to sub-impact
loading from an incongruent surface. In particular, we showed that
poroelastic creep provides a time window (causes a delay) before
cartilage surpasses critical tissue strain leading to cell death. Hence,
prolonged static loading in incongruent joints may be associated
with increased susceptibility to cell injury. Finally, we demonstrated
that measurements of cell death overtime on the surface of cartilage
exposed to constant loading conditions can be used—in combina-
tion with our established relationships between tissue strain and cell
death area—to assess murine cartilage poroelastic material proper-
ties. In future studies, this approach can be applied in transgenic
mouse models to delineate how specific genes modulate the
macroscale poroelastic mechanical response of cartilage.
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