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Table 1:

LIST OF TABLES

The predicted model material properties separated by sample and
preload. For each sample and preload condition, mean and standard
deviation of Ec, Et, kO and M are reported for imparted loads 2,3,4,

and 5 N. Although an increase in load yielded a statistical change in
material properties, these data demonstrate a more substantial sample-
based effect on material properties. Additionally, the effect of preload
only significantly reduces the tensile modulus of the tissue, while the
remaining tissue properties remain indistinguishable. .............c.cccceeneee. 57
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Cartilage tissue lining our joints consists of a complex collagen matrix

to support load and reduce friction while infused chondrocytes

maintain biological processes. Most of the tissue is composed of water
(~80%) which is drawn in by the negatively charged proteoglycans........ 1

To maintain its functionality, the tissue must maintain its hydration

levels to improve lubrication [21], [22], minimize overloading [11],
maintain its collagen network and low permeability [24], and sustain
metabolic function and regular matrix synthesis [6], [14], [39]. These
processes also depend on the regular fluid gain and 10ss. ..........ccccoveneee. 4

A) Confined compression experiments were first used to describe the
creep mechanics and fluid exudation of cartilage. B) Unconfined
compression experiments more resembled the mechanics of cartilage
layers, specifically simulating an impermeable contact interface. At
equilibrium, fluid pressure in both unconfined and confined

compression ~0. C) Current models of joint contact include cartilage
creep models based on the lateral ejection of fluid and impermeable
interface as modeled in unconfined compression [11]. However, it is
unknown if that contact stress can be predicted and if the interface is
indeed IMPErmMeable. .........cccoove i 10

With the MCA paradigm, cartilage can only exude fluid throughout

the day (shown in grey). However, this will equate to significant

loading by the end of the day [102]. An alternative thought model
includes the realistically high fluid loss (red), but exudation must be
equally matched by rehydration (blue) if strains are kept low during
movement and by the end of the day..........ccccovveviiiiicicc 13

A) During static loading, contact areas under load will exude fluid.

Upon articulation in B), contact areas are directly exposed to the bath

for rehydration and hydrodynamics can rehydrate the contact via
tribological rehydration [117]. However, due to the periodic motion

of joints, joints will always incur some exudation when they return to
original contact conditions shown in A). This suggests that cartilage is

in a competitive framework of exudation and rehydration during
MOVEIMENL. ..t e s 15

Xi



Figure 1-6: The pictorial outline of this dissertation. To understand
exudation/rehydration, the contact stress must be predictable (Aim 1).
The mechanics of inflow and out must be well understood to
determine the strain on the tissue (Aim 2 and 3). The equilibrium
strain defined the “operating conditions” of cartilage, and the
physiological parameters that drive the equilibrium strain will be
defined (AIM 4) oo e 16

Figure 2-1: A) The uniaxial loading apparatus for loading cartilage. While the test
sample was submerged in a 1x PBS, an air piston (not shown) loads
the cartilage against the plexiglass plate while a camera records the
resultant contact area and the load cell records the force. B) A view of
the cartilage sample i) prior to loading and ii) a resultant contact area
near maximum loading conditions. The contact radius (a) never
exceeded the sample radius (9.5 mm). C) The geometrical parameters
i) an orthogonal view of a cartilage sample was recorded to define the
principal radius of curvature ii) after testing, cartilage samples were
sectioned and the thickness was measured at three locations to yield a
mean and standard deviation of each plug. .........c.cooeiiiiini, 23

Figure 2-2: The contact mechanics of a representative sample of cartilage is
visualized in A), B) and C). The measured force (F), contact area (A),
and contact stress (P) are displayed with each of the images. The
contact area data are shown in D) for the experimental range of loads
(0-450 N). The resultant contact stress data are graphed in E). Errors
in measurements were consistent across all samples. ...........cccocvninns 27

Figure 2-3: Resultant contact stress vs. input force is separated out for each joint
in A) - E). Connected data points represent the response for a single
sample. Aggregated results are displayed in G) including binned
means (bin size =30 N) with +/- standard deviation lines....................... 28

Figure 2-4: Theoretical Hertzian corrected contact Modulus vs. input force is
separated out for each joint in A) - E). Connected data points
represent the response for a single sample. Aggregated results are
displayed in G) including binned means (bin size =30 N) with +/-
standard deviation lINES. ........c.ooeiiiieiieie s 29

Figure 2-5: The mean Hertzian corrected contact modulus for each sample
Separating the data by joint illustrates the variability of modulus
within a joint, and thus, constant modulus should not be assumed for a
unique joint. The error bars represent the standard deviation of the
modulus over the range of experimental l0ads............c.ccccevviveiivereennenn 30
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Figure 3-1:

Figure 3-2:

Figure 3-3:

Figure 3-4:

Figure 3-5:

A) With the average contact modulus, the predicted Hertzian substrate
corrected contact stress is plotted against experimental data for a
representative sample. The power law fit is also provided. The percent
error (% Erri) was calculated at each data point to yield the RMSPE

from the fit. B) The RMSPE for all samples separated by joints tested.. 31

A histogram plot of the power law coefficients from the Hertzian
corrected model and the experimental results. The larger range in the
experimental power law coefficient (0.6-0.9) likely demonstrates that
there are sample specific stiffening effects. ........ccccoveviviviieiccec. 32

A) In Aim 2.1, we will determine the exudation characteristics of a
fully hydrated cartilage sample. B) Aim 2.2 will address if interfacial
permeability can be reestablished after a passive load...............ccccueneee. 41

The experimental setup for exudation data collection. The

deformation of cartilage could be tracked via the spring/vertical
stage/load cell system [18], [28]. India ink infused in the DI bath
provided the necessary contrast to discern the changing area of
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The biphasic model of contact and exudation. It was assumed that

the fluid within the tissue and the gap laterally ejected through the

tissue. Per Darcy’s Law, the pressure in the system was calculated

based on streamlines from 1 to 2. See Appendix A for model
development. Based on a given contact stress (c) and change in
deformation (Ag), the elastic stress (celastic), could be calculated. Thus,

the resultant fluid pressure could be calculated at future time steps
according to EqUation 19.........ccccoiiiiiiiii e 49

The measured deformation (A) and contact radius (B) is plotted vs.

time for a single sample and multiple loads. The respective time
constants (1) are shown in light gray circles. For this sample, the

average TaWas 4.6 times larger than average Ts. .....cocceveverieereseeseennens 52

A representative fit for a single load shown in red. The first data point
(~100 um) was considered the initial elastic deformation. All

subsequent deformation accounted for the exudation response.

Although this sample did not reach equilibrium within 90 minutes, the
model was able to well predict the exudation response. The standard
deviation between all simulated fits is non-discernable from the fit
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Figure 3-6:

Figure 3-7:

Figure 3-8:

Figure 3-9:

Figure 3-10:

The predicted permeability curves vs. tissue deformation for the range

of tested loads. The permeability at a given tissue deformation was
systematically higher for higher loads. For example, at 150 pum, the
apparent permeability was 50% higher when comparing 5N to 2N, but
also had a ~4X increase in fluid pressure, resulting in a 6X quicker
exudation rate at the same deformation............cccooeveeiinin e siesees 54

The generated FLS curves for a representative sample. In this sample,

the FLS started at ~96% at initial loading, which is expected since

fluid exudation =0. The FLS dropped to below 20% after ~5000

seconds. Increased load maintained FLS for a longer period................. 55

Comparing the effect of a 60-minute 0.3 N preload on the response of

A) deformation, B) contact radius, and generated C) permeability and

D) FLS curves for a 5 N contact load. Both the initial deformation and
contact area were greater in the preload case, likely due to prior
exudation from the 0.3 N load. By 100 seconds, the response was
visually indistinguishable, indicating the interface likely repressurized
with fluid. Consequently, the permeability characteristics (ko and M)
were also indistinguishable in this loading case. However, compaction

of the interface had limited effect on the fluid pressurization, as

depicted in similar FLS curves in D)........cccccooveviiiiiiciece e 58

A) The experimental exudation curves (solid lines) are contrasted with
the generated exudation curves (dashed lines) with permeability

values from literature (ko = 0.00171 mm*/Ns, M = 4.3). Because the
intrinsic permeability is reduced by ~10X, the generated exudation
curves take ~10X longer to reach the same strains. B) Using the

reduced permeability from literature result in an extended FLS decay
time. Again, FLS requires 10X the time to reach low FLS.................... 59

a) Applying passive load of 0.3N to equilibrium equates to ~0

pressure within the interfacial gaps and all of the load is supported by

the asperities. b) Once a higher load is introduced, asperities

experience more contact pressure as other asperities come into

contact, resulting in pressurized fluid into the cartilage gap, thus
reopening for the interface for flOW. ..o, 65
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Figure 4-1

Figure 4-2:

Schematic of the experimental apparatus. (a) The cartilage-on-flat
configuration (which generates a convergent stationary contact area,
cSCA) was used for passive swelling and tribological rehydration
tests. The sample was clamped via the subchondral bone and the
convex cartilage surface was loaded against a glass disc 21 mm from a
rotary spindle. A calibrated water drip added DI water at the same rate
as evaporation to maintain osmolarity. (b) The indenter-on-cartilage
configuration was used with a porous (60 um pores, 60% solid,
permeability (k) ~ 2500 mm*/Ns) plane-ended stainless-steel indenter
(¢ 6 mm) for free swelling tests. The sample was mounted to a 2-axis
tilt stage to align it with the indenter. Schematic sketches of
tribological rehydration, passive swelling, and free swelling are shown
TOF TETEIBNCE. ..t 73

(a) Methods used to quantify passive and free-swelling rates (6 ),
which are defined here as the rate of change in thickness or the rate of
volume change per unit contact area. Following static exudation at 5
N to a target compression, load was decreased to a tare load of 0.1 N.
Time-dependent passive and free swelling rates were quantified using
the instantaneous slope of recovery data taken just after reaching the
0.1 N tare load. The term ‘elastic’ denotes active loading and
unloading phases where fluid volume is approximately conserved. (b)
Methods used to quantify tribological rehydration and exudation rates,
also defined based on the change in thickness per unit time. Following
static exudation at 5 N to a target compression, fluid recovery
accompanied the onset of sliding at 100 mm/s under the constant 5 N
load. The time-dependent exudation and recovery rates were
quantified using the instantaneous slopes of the exudation and
recovery curves as shown. The tribological rehydration (total fluid
gained, blue points) rate is the sum of the strain-matched exudation
(fluid lost, grey) and recovery (net fluid gained, green) rates as shown. 77
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Figure 4-3:

Figure 4-4:

Figure 4-5:

Results of passive and free swelling experiments. (a) Raw end-of-
compression and start-of-recovery results from passive swelling
measurements for a single representative sample subjected to varying
tissue compression; each experiment is labeled with its initial
exudation in microns. (b) Raw compression and recovery results from
free swelling measurements for a different representative sample with
varying tissue compression. The exudation and elastic recovery
portions of the curve are highlighted in dark and light grey zones,
respectively. (c) Fluid recovery (in microns) for passive and free
swelling versus time from the same two representative samples. (d)
Passive and free swelling rates (in microns per second) versus time for
the same two representative Samples. ... 80

Results of tribological rehydration experiments conducted with
varying tissue compressions for a single representative sample. (a)
Raw compression and recovery results from tribological rehydration
measurements for a single representative sample subjected to different
initial compressions; each experiment is labeled with the initial
compression at the onset of sliding minus the elastic compression. (b)
Net measured fluid recovery starting from the onset of sliding as a
function of time for the same experiments. (c) Tribological
rehydration rates and exudation rates for the same experiments as a
function of time. The system reached a dynamic equilibrium of zero
net flow when exudation (outflow) balanced tribological rehydration
(inflow) at ~0.2 M/S €ACH........coiiiiiie s 82

Summary of fluid recovery rates for all samples. (a) Mean inflow rates
from all measurements for passive swelling (green), free swelling
(yellow), and tribological rehydration (blue) as a function of time for
the first 100 seconds of recovery (shaded regions represent the 95%
confidence intervals for these mean values). All three recovery rates
decreased with time but tribological rehydration and free swelling
rates were approximately an order of magnitude higher than passive
swelling over the entire time course. (b) Average inflow rates for the
first 100 seconds of recovery versus compression from exudation prior
to recovery for all tested samples. Shaded regions represent the overall
means and their 95% confidence intervals. ..........cccoceveiieiiie e 84
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Figure 5-3:

Figure 5-4:

Figure 5-5

Figure 5-6:

Figure 5-7:

An illustration of the competing rates paradigm for describing

cartilage fluid retention in the joint. (a) Exudation occurs during

loading and the rates of fluid loss decrease with increasing contact

area [9]. (b) Passive swelling occurs during static conditions within

the contact area. (c) Free swelling and tribological rehydration occur
during articulation outside and inside the contact area, respectively. ..... 87

Activation of the hydration mechanism is dependent on the available
wedge based on the curvature of cartilage. Pressure is increased as the
fluid is entrained into the wedge and allows fluid to enter the
semipermeable membrane. Most of the inflow rate into cartilage is
within the pressured wedge, as predicted by hydrodynamics. The
pressure and inflow rate data is modified from [248]. ........cccccvininnnn. 95

The measurements of dynamic equilibrium for a single load. A) After

a static load, the load is maintained and slid at 200mm/s until
equilibrium. The load was then reduced to 100mm/s and then 50

mm/s. Speeds were repeated 2X per load. B) The dynamic

equilibrium is noted in dark blue circles for each sliding speed. ............ 99

A representative test (4N) for cartilage FLS measurements. The force

is maintained in part (A) to exude fluid. Cartilage was then slid to
recover fluid and achieve equilibrium in part (B). Afterward, sliding
ceased and deformation was held constant until force relaxation
equilibrium (C). The FLS for cartilage was calculated at dynamic
equilibrium deformation (B). .......cccoeiieiiiieie e 101

A representative test of slow speed testing for a single load. For this

test, speeds 30 to 14 mm/s reached equilibrium within 30 minutes.

The first order equation was applied for speeds 12 to 6 mm/s to
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Representative sample data for A) the dynamic equilibrium, B)
dynamic fluid equilibrium, and C) the rehydration rate at the dynamic
equilibrium. Error bars shown indicate + 1 standard deviation............ 105

The FLS as a function of load. Different colors represent unique
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Rehydration rate vs sliding speed at 3N and 5N loads. The two base
colors (red and blue) represent the two different samples. The
rehydration <0.05 from 0-20 mm/s and rapidly increases from 20-100
mm/s. Each sample tends to have a different characteristic curve. ...... 107

Illustration of the rehydration hypothesis at the dynamic equilibrium.
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The squeeze film analysis of fluid flow for a given time step. The

change in strain (8) manifests as streamlines as shown. ‘r’ represents

the distance from the center of contact to each streamline. ‘s’ is the

axis that accounts for the distance each streamline must travel to be
laterally ejected. For an infinitely small section of the tissue (shown

on the right), the velocity ( V(r) ) of streamline starting at distance ‘r’

can be calculated for a given §. ‘dh’ represents the change in

thickness, or thickness, of the tISSUE...........cccvviiiiiiii i, 153
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that the flow rate for any slice defined by d6 must equate. Using the
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AETINE. . 154

The algorithm to compute the model strain. The model starts at the
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time step. The next time steps are then used in subsequent time steps
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accounted for the exudation model (Section 3.2.4), the effective

tensile modulus is calculated much softer and the fluid pressurization

will be undercalculated. Thus, the §fluid preload = €AF for

Equation 11 calculations. .............ccciveiiiieiiece e 159
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ABSTRACT

There has been steady rise in osteoarthritis (OA) incidence rates since the
Industrial Revolution. This begs the question, “Why?”” With increases in life
expectancy, a leading hypothesis is that we are incurring ‘wear and tear” on our joints
for much longer. However, the industrial revolution has also been marked with
increasing sedentary behavior. Emerging epidemiological data demonstrates that
outcomes of a sedentary lifestyle— which exposes our joints to minimal ‘wear and
tear’—implicate cartilage deterioration and OA development, contradicting the ‘wear
and tear’ paradigm.

From a mechanical perspective, sedentary behavior insufficiently loads
cartilage, leading to excessive, chronic tissue strains through fluid loss—this fluid loss
is associated with mechanical and biological dysfunction that can ultimately lead to
joint disease. Fortunately, movement is the engine that reverses fluid loss to establish
joint function. How much activity is needed, how often, and how those thresholds vary
with joint forces depend explicitly on competitive rates of fluid loss and recovery, but
these topics remain largely unstudied. Researchers and clinicians must understand the
processes contributing to fluid loss/recovery rates to anticipate the influence of an
active lifestyle on cartilage function and joint health.

With a well-controlled experimental test-bed, | address the fluid loss/recovery
knowledge gap in this dissertation. | leveraged several necessary experimental and
theoretical tools pioneered by former researchers to quantify (1) in-situ contact

mechanics and fluid loss rates and (2) relative rates of recovery. Because fluid loss
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depends on the magnitude of contact stress, my 1% aim investigates the predictability
of cartilage contact stress and addresses the potential consequences of assumed
cartilage material properties. In Aim 2, | develop an experimentally derived fluid loss
model to determine how quickly cartilage loses fluid from a static load (i.e. a
sedentary condition). Although cartilage loses fluid from a static load, engaging in
activity or unloading the joint can rehydrate the tissue. Therefore, in Aim 3, | quantify
the rates of rehydration from both activity and joint unloading to determine what
behavior may better restore hydration and function. After a restoration of fluid,
cartilage must sustain low fluid loss during activity to maintain its function. In Aim 4,
| examine how biomechanical factors, like speeds and loads, affect magnitude of fluid
loss during activity. Overall, this dissertation demonstrates that 1) material properties
of cartilage must be well-defined to predict contact stresses, 2) cartilage loses fluid
much faster than previous models had predicted, 3) activity rehydrates cartilage tissue
~10X faster than a strict unloading of the joint, and 4) cartilage tissue can robustly
maintain its function via fluid pressurization, despite increases in contact loads. By
connecting physiological biomechanics with fluid loss/recovery, outcomes from this
dissertation initiate the foundational bridge between activity and the ability to predict

long-term joint function.
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Chapter 1

CARTILAGE BIOMECHANICS AND ITS RELATIONSHIP TO FUNCTION

1.1 Cartilage function and structure

Human ambulation requires distribution of forces between articular joints with
minimal friction between contacting surfaces. Articular cartilage lines the surface of
joints (as shown in Figure 1-1A) to functionally transfer these loads while maintaining
low levels of inflammation and joint health. Cartilage remains as a functional load
bearing material for decades (1-5MPa) [1], and substantially outperforms synthetic
materials currently used to replace cartilage once it fails; a majority of joint
replacements last at most 25 years [2]. This suggests that cartilage is a biomaterial

more robust than any synthetically derived material.
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Figure 1-1: Cartilage tissue lining our joints consists of a complex collagen matrix to
support load and reduce friction while infused chondrocytes maintain
biological processes. Most of the tissue is composed of water (~80%)
which is drawn in by the negatively charged proteoglycans.



Avrticular cartilage is 1-4 mm thick hyaline cartilage lining the end of articular
joints. The survivability of cartilage can be attributed to the microstructure of the
extracellular matrix (ECM), as shown in Figure 1-1B. The ECM is mainly composed
of interstitial fluid (~80% by weight), collagen, and proteoglycans. Negatively charged
proteoglycans draw in surrounding fluid, which in turn tensions the collagen matrix to
provide its unique mechanical properties. Unlike other regenerative tissues in our
body, adult cartilage does not have blood vessels or nerves; cartilage must maintain its
structural integrity and functionality for a lifetime [3].

The matrix of collagen changes orientation based on the three zones illustrated
in Figure 1-1. The tangential orientation of the superficial layer helps transform
compressive loads to tensile stresses of the collagen fibrils. The middle zone, which
contains thicker, obliquely organized collagen fibrils, transitions the superficial layer
to the deep zone. In the deep zone, collagen fibrils are oriented perpendicular to the
cartilage surface to integrate with the subchondral bone, which further stiffens the
tissue during loading [4]. As cartilage is loaded, interstitial fluid pressurizes against

collagen fibers to stiffen the tissue and distribute load.

1.2 Articular Cartilage cells upkeep ECM integrity

Chondrocytes, shown integrated into the ECM in Figure 1-1, are metabolically
active cells that develop, maintain, and repair ECM structure. Each chondrocyte is
responsible for the ECM upkeep in its immediate vicinity and cannot readily
communicate with other chondrocytes. Therefore, these cells readily depend on
mechanical stimuli, like loads and hydrostatic pressures, to synthesize matrix

components and maintain ECM metabolism [5]-[7]. Because of its limited capacity



for cellular replication, chondrocytes depend on an optimal chemical and mechanical
environment [8], [9]. Cell survival depends on 1) protection from the ECM by
external mechanical forces [10]-[12] and 2) nutrition and metabolic waste exchange

with the surrounding synovial fluid [13], [14].

1.3 How does cartilage maintain its function?

As stated in Sections 1.1 and 1.2, fluid pressurization and regular fluid
exchange with the surrounding synovium is important for a functioning tissue. From a
mechanical perspective, pressurization mitigates potentially deleterious stresses [12],
[15]-[19] and friction [19]-[22]. Biologically, chondrocytes can only regularly
remodel the ECM matrix if they are hydrostatically pressurized [5]-[7] while shear
stresses are minimized [23]. The ECM architecture can only provide mechanical
protection to the collagen matrix [11], [12] and chondrocytes if stresses and friction

are mitigated [24]. Thus, the function of cartilage depends on the symbiosis between

the biology, mechanical function, and cartilage structure/architecture, as illustrated in

Figure 1-2. However, pressurization is only possible if the tissue is well hydrated.
Furthermore, both lubrication [25]-[31] and nutrient transport [32], [33] also depend
on regular fluid gain/loss and movement of fluid within the tissue [34]. Therefore, the
function of cartilage depends on its ability to regularly exchange fluid with the
surrounding environment while maintaining hydration for pressurization. This
acknowledgement has gained attention from researchers attempting to quantify fluid
exchange in vivo [35]-[38], is sparse mechanistic understanding on the fluid inflow

and sustained tissue hydration in a physiologically representative setting.
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Figure 1-2: To maintain its functionality, the tissue must maintain its hydration levels
to improve lubrication [21], [22], minimize overloading [11], maintain its
collagen network and low permeability [24], and sustain metabolic
function and regular matrix synthesis [6], [14], [39]. These processes also
depend on the regular fluid gain and loss.

1.4 What happens when cartilage breaks down?

As stated in Section 1.3, cartilage can optimize its mechanical and biological
function if interstitial fluid is regularly recovered and pressurized. However, if the
structure of cartilage is mechanically vulnerable, chondrocytes must regularly remodel
the ECM until biological and mechanical homeostasis is achieved [7]. If chondrocytes
cannot regularly restore homeostasis, remodeling efforts will become catabolic and
lead to eventual tissue breakdown. This breakdown, and therefore dysfunctionality,

leads to a musculoskeletal impairment known as osteoarthritis.



Osteoarthritis (OA) is the most common form of arthritis, as it affects over 32
million US adults [40]. Symptoms/side effects of the disease are frequent joint
pain/aching, stiffness, limited flexibility, and swelling, which leads to lower function
and lower quality of life [41]. From the CDC website, “OA is caused by damage or
breakdown of joint cartilage between bones...Some people call it degenerative joint
disease or “wear and tear” arthritis. It occurs most frequently in the hands, hips, and
knees.” [42] With severe OA, many individuals require joint replacement to alleviate
symptoms. Nearly, 1 million Americans elect to have knee and joint replacement

surgeries, which incurs financial burden on the individual and the economy [43].

1.5 Can we save our cartilage and reduce the risk of OA?

Despite having a complex disease etiology [44], it is clear that rates of OA in
the post-industrial age have doubled (when controlling for age, sex, BMI, and
ethnicity) as compared to the early industrial age [45]. Because the post-industrial
period correlates to longer life expectancies, a leading hypothesis is that longer
lifespans equate to more “wear and tear” on joints. For instance, participation in sport
(e.g. soccer, football, gymnastics, etc.) increases the risk of development and
progression of OA [46]-[50]. Therefore, it’s unsurprising that the general population
commonly believes that increased physical activity of any kind will initiate and
progress the disease [51], [52]. However, the association between sports/activity
participation and OA is confounded by prior injury [47], [50], which is known to have
a direct relation to OA development [53].

An alternate hypothesis of post-industrial OA rates considers a relationship
between OA and the reduction of physical activity. With the advent of less rigorous

occupations, the post-industrial era has also been marked by a substantial decrease in



overall physical activity [54], [55]. While pre-industrial societies have comparable
levels of non-ambulatory time to post-industrial societies, pre-industrial societies spent
time in postures still requiring small forms of movement as compared to extended
cessation of movement associated with modern lifestyles [56], [57] (i.e. watching TV,
sitting in a chair at work, sitting during transportation, etc.). Even if modern adults
meet physical activity guidelines, this adopted sedentary behavior has deleterious
cardiovascular and metabolic effects [58]. The human body has seemingly evolved to
require consistent levels of activity to remain healthy. The correlation between
increased sedentary behavior and increases in OA suggests that cartilage also
adopts this paradigm and may not solely be related to the “wear and tear” adage.
In fact, epidemiological studies from the past 10 years demonstrate that activity 1)
does not increase OA risk [36], [59]-[63], 2) does not further progress symptomatic or
structural OA [63]-[65], and 3) may inhibit disease progression [66], [67].
Furthermore, cartilage tends to atrophy with lack of use [68]-[72]. While these studies
can help advocate change in public health policy, they can only provide a solution for
a generalized population and provide no insight into the mechanistic risk factors.
However, Sections 1.1 - 1.3 demonstrate the importance of fluid exchange and

pressurization for long-term cartilage function and health. Thus, to understand why

engagement in activity improves long-term joint health, we must first understand

how cartilage fluid loss/gain and interstitial fluid pressurization responds to

mechanics of activity.

1.6 The mechanical response of cartilage and dynamics of fluid flow
Researchers have studied the mechanics of cartilage strains, fluid loss, and

fluid pressurization for over 70 years [22], [73]-[80]. Under a zero load condition,



cartilage swells to a specific thickness based on the balance of forces between the
osmotic pressure and tensioned collagen fibers in the ECM [81]. Upon an immediate
load, interstitial fluid pressurization rapidly increases. The lateral expansion of the
ECM is resisted by increased tensioning of the intertwined cartilage matrix, effectively
stiffening the tissue [3], [21], [82], [83]. The increased interstitial fluid pressure drives
fluid movement within the tissue and exudes fluid to the surrounding synovium.
Because of the porous microstructure, the exudation process is slowed due to the
frictional drag of interstitial fluid on the ECM [84]. The slow fluid exudation process
manifests as a creep and stress-relaxation response. If compressive stress is maintained
on the tissue, cartilage rapidly exudes fluid during an initial loading phase, but will
eventually slow as the tissue creeps to an equilibrium strain. Conversely, if cartilage
strain is held constant, the tissue will relax to an equilibrium stress.

At equilibrium, interstitial fluid pressure vanishes, and stresses are supported
entirely by the ECM, which is denoted solid stress. It is important to note that this
stress is not purely elastic. Instead, it is due to the osmotic pressure created by the
concentration of fixed charges of glycosaminoglycans (GAGs) within the matrix [85].
Osmotic pressure develops whenever a charge or ion concentration difference exists
across a permeable membrane [86]. This osmotic pressure difference drives fluid flow
from low concentration to high concentration. With higher tissue strains, concentration
of charges increases and in turn increases the osmotic pressure. Thus, cartilage
behaves according to Hooke’s law for elasticity even through the stress response to
strain is attributable to an entirely different phenomenon. At the static equilibrium,
there is no flow because the externally applied stress exactly matches the osmotic

swelling pressure [87], [88].



1.7 Applying biphasic theory to explain cartilage mechanics

Mow and colleagues proposed that cartilage stresses and strains could be
explained by biphasic mixture theory [78], [79], [84]. With biphasic theory, the stress
response of the tissue (o) is represented as:

oc=0,+P 1)
where o is effective stress resulting from strains in the solid matrix and P is the fluid
pressure in the system. When cartilage exudation remains low, the interstitial fluid
supports most of the load, and the ratio of the fluid pressurization to the total contact
stress is known as the fluid load support (FLS):

FLS =P/o )
With an FLS = 100%, the load is completely supported by the fluid constituent, while
an FLS = 0% indicates that the ECM completely supports the load. As previously
stated, P is dependent on the movement of fluid inside the cartilage tissue, which can
be calculated by Darcy’s Law:

q=-7"VP 3)
where q is the fluid flux through cartilage, k is the permeability of the tissue, J is the
viscosity of the fluid, L is the distance the fluid is traveling, and VP is the pressure
drop that drives the fluid exudation.

According to Equation 3, fluid flowing into and out of the tissue is primarily
driven by fluid pressure. This fluid pressure is dependent on 1) the applied stress and
2) the relative pressure at the boundary of cartilage. Mow and colleagues first
explained flow through cartilage with linear biphasic theory [84]. In their first
experiments of confined compression (Figure 1-3A), cartilage tissue was indented
with a permeable platen, allowing fluid to drain freely through the contact interface.

Although the authors demonstrated that cartilage could achieve high FLS at the initial



loading, the contact interface was considered unphysiological since 1) the tissue is not
‘confined’ in the joint and 2) the large fluid exudation at the contact interface does not
resemble the contact of two cartilage layers. A more “physiological” exudation
response—unconfined compression (Figure 1-3B) — imposes impermeability at the
contacting interface, which in turn forces cartilage to drive fluid laterally through the
tissue and the relaxation time of cartilage would scale with the contact area [89]. This
would suggest that a large contact area is beneficial since the exudation time would be
extended. However, the maximum fluid load support could theoretically only reach
33% due to the ability of the tissue to laterally expand during compression to conserve
volume. In practice, the collagen fibrils confine the tissue, limit lateral expansion, and
increase pressurization well-beyond the 33% value predicted for a model biphasic
material, due to a tension-compression nonlinearity [17], [90]. When this tension-
compression nonlinearity is accounted for in the model cartilage does maintain FLS
>80% in unconfined compression, leading to effective stress-shielding of the ECM

[79].
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Figure 1-3: A) Confined compression experiments were first used to describe the
creep mechanics and fluid exudation of cartilage. B) Unconfined
compression experiments more resembled the mechanics of cartilage
layers, specifically simulating an impermeable contact interface. At
equilibrium, fluid pressure in both unconfined and confined compression
~0. C) Current models of joint contact include cartilage creep models
based on the lateral ejection of fluid and impermeable interface as
modeled in unconfined compression [11]. However, it is unknown if that
contact stress can be predicted and if the interface is indeed impermeable.
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Inclusion of tension-compression non-linearity has led to high FLS in models
attempting to replicate joint contact [28], [83], as shown in Figure 1-3C. Like
unconfined compression, the interface is still considered impermeable to only allow
for lateral ejection of fluid and disallow flow into the contact interface. In this case,
exudation time depends on contact area size, which has been experimentally verified
[91]. In actuality, though, cartilage surfaces are extremely rough [92]-[95], and
cartilage-on-cartilage contact would theoretically promote a permeable interface for
fluid flow. Although many researchers have modeled the interface as impermeable,
Wu and Ferguson showed that the intra-articular gap was at least an order of
magnitude more permeable than the bulk tissue, allowing for an alternate flow path
during exudation [94], [95]. However, recent research has highlighted that the contact
may not be completely sealed, and some fluid may leak through the interface under
realistic contact [95], [96]. Considering fluid loss for a realistic joint geometry,
experimental investigations that explore the effect of the interface are limited [97],
[98]. Furthermore, connecting in vivo contact loads with contact stress, i.e. the driver
of fluid exudation, has been relatively unreliable [99], [100]. The ability to predict
contact stress and the resultant exudation characteristics have need to be addressed to

understand how much fluid is lost during loading periods.

1.8 Cartilage fluid strain in the context of human movement

Considering large in vivo contact areas and in vivo contact loads, FLS could
remain high (>90%) for hundreds to thousands of seconds [78], [84], [90], meaning
that 90% of the load was supported by the fluid constituent. Since FLS is a reflection
of cartilage function [21], [22], [79], a layer of cartilage could maintain its

functionality for time scales longer than a single loading phase during a gait (<1
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second). However considering bodyweight loads, a 20 minute walk with many gait
cycles would reduce FLS to <50% [15], [90], making the tissue vulnerable to
mechanical damage and biological dysregulation. Fortunately, studies show that
cartilage establishes a ~5% dynamic equilibrium strain during movement [35], [37],
[73], [101]-[104], which reflects sustained pressurization of the tissue. Therefore,
loading does not necessarily lead to net time-dependent exudation and reduced FLS
even though biphasic theory had predicted as such.

To reconcile this problem, Ateshian and Wang considered the migration of joint
contact area during movement. They showed that exudation is effectively stopped if
the speed of the contact area is faster than the exudative speed [12], [20]; i.e. the
exudation process cannot occur if contact stress is always moving to a different
location. Theory [16] and experiments [18], [83] have demonstrated that cartilage can
maintain high FLS and low fluid strain for a migrating area [105]. The migrating
contact area (MCA) paradigm explains that our joints maintain cartilage thickness and
hydration throughout an entire day of loading [106], [107] because joint movements
disrupt the exudation process.

If movement serves only to disrupt exudation, one should expect periods of
exudation during static loading conditions followed by periods of zero net fluid loss
during periods of joint movement. This ‘prevention of flow’ model for the MCA
paradigm is illustrated by the black line in Figure 1-4 presents a significant problem:
humans are mostly sedentary [108], even for habitually active people [109]. Assuming
movement serves only to prevent flow, a person that is active 50% of the day will
experience 50% of the exudation and strain of a completely inactive person. Based on

the ‘prevention of flow’ model, one would expect large strains by the end of the day,
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not the small 5% strains observed in practice. In-vivo data of static bodyweight

loading demonstrates that cartilage can reach 50% strain within 100 minutes. Thus, the

accumulated 5% diurnal strains cannot represent a monotonic exudation from

morning to night (see grey line in Figure 1-4), but actually represent a dynamic

competition between load induced exudation and movement induced rehydration (see

colored lines in Figure 1-4).

If cartilage only
exuded fluid

\

—— Exude
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How fast is
rehydration?

How fast is
exudation?

What causes
this asymptote?

I I
6 AM 12 PM

\
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Figure 1-4: With the MCA paradigm, cartilage can only exude fluid throughout the
day (shown in grey). However, this will equate to significant loading by
the end of the day [102]. An alternative thought model includes the
realistically high fluid loss (red), but exudation must be equally matched
by rehydration (blue) if strains are kept low during movement and by the
end of the day.
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The dynamic competition between exudation and rehydration can be made
clear by examining the contact excursion within an in vivo joint [110]-[114] (see
tibiofemoral joint in Figure 1-5). One can see that contact will spend a considerable
time under load, even in the MCA paradigm, and therefore will exude a significant
amount of fluid. To maintain ~5% strain during movement, there would also need to
be a competitive inflow to balance the exudative outflow. Considering that exudative
flow rates slow with compaction of the tissue [115], any exposure of the contact area
to the surrounding bath imbibe fluid much faster than the exudation rate, as originally
postulated by Linn [73]. However, this does not account for buried stationary contacts
on the tibial plateau. Fortunately, recent work from our group has demonstrated that
physiological sliding speeds can incur hydrodynamic pressures to rehydrate buried
contacts, even under loaded conditions [116]. Regardless of the contact configuration,
exudation will persist during movement and must be combatted by either intermittent
bath exposure or hydrodynamic pressures. However, the question remains if either of
these rehydration mechanisms dominate the rehydration process. More importantly, it
is unknown if these rehydration mechanisms persist in a variable load environment

that joints experience during normal activities.
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Figure 1-5: A) During static loading, contact areas under load will exude fluid. Upon
articulation in B), contact areas are directly exposed to the bath for
rehydration and hydrodynamics can rehydrate the contact via tribological
rehydration [117]. However, due to the periodic motion of joints, joints
will always incur some exudation when they return to original contact
conditions shown in A). This suggests that cartilage is in a competitive
framework of exudation and rehydration during movement.

1.9 Objectives

Overall, interstitial pressurization is important for cartilage function and
longevity, which can only be achieved if there is regular competitive rehydration of
the tissue. The correlation between sedentary behavior and OA rates the post-
industrial age suggests that excessive inactivity has led to deficient levels of hydration
and pressurization. Understanding the rate and magnitude of fluid inflow/outflow
during articulation can uncover the required activity time to maintain cartilage
function. Currently, researchers have developed foundational mechanics to describe

cartilage outflow but have yet to apply it in a realistic loading situation with known
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contact stresses. Furthermore, researchers know less of what drives fluid inflow and
the conditions that can maintain high fluid content during extended periods of activity.
If scientists, engineers, and clinicians need to predict cartilage functionality
throughout the day and long-term tissue health, they must better understand the
mechanics of this competition between fluid exudation and rehydration, particularly

under realistic stresses. Thus, this dissertation aims to elucidate the conditions that

drive fluid loss, gain, and maintenance under an array of physiological

conditions. Refer to Figure 1-6 for a pictorial representation of the proposed

dissertation aims.

Predicting
Exudation

Aim 2

Understanding Rehydration

Aim 3
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Figure 1-6: The pictorial outline of this dissertation. To understand
exudation/rehydration, the contact stress must be predictable (Aim 1).
The mechanics of inflow and out must be well understood to determine
the strain on the tissue (Aim 2 and 3). The equilibrium strain defined the
“operating conditions” of cartilage, and the physiological parameters that
drive the equilibrium strain will be defined (Aim 4)
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Since contact stress is the main driver of fluid exchange, Aim 1 investigates
the ability to predict contact stress using well-established models of contact.
Numerous analytical [15], [118]-[122] and numerical models [80], [123]-[127] of
cartilage contact have been developed, but validation of these contact models are
limited. Specifically, there has been no serious attempt to validate model predictions
about the effect of joint loads on contact stress. Thus, this aim models the contact
mechanics of cartilage, predicts how contact stress varies as a function of load, and
measures load-dependent stresses directly to test the model prediction under well-
controlled experimental conditions.

Aim 2 measures cartilage exudation rates in realistic contacts that include
roughness and curvature. Most exudation models have only included the permeability
of cartilage tissue [11], [15], [128], however this has led to inaccurate results as
compared to experiments [123]. Recent numerical studies have highlighted the
inclusion of interface permeability in the exudation response [129], but experimental
verification is lacking. For this aim, we test the effect of interfacial permeability on the
overall exudation response with an experimentally derived model.

While Aim 2 addresses the realistic exudation response, Aim 3 determines if
activity can promote a faster recovery as compared to an unloading of the joint.
Currently, recovery of fluid in-vivo has only been quantified for joint unloading [35],
but it is unknown if activity can more quickly drive fluid into the tissue, and therefore
repressurize the joint faster. Activity mediated rehydration recovery rates are
quantified and contrasted with sedentary based rates of recovery.

After the tissue can recover fluid, cartilage maintains a mean ~5% strain during

movement, but this value may increase or decrease by 100% based on the mechanical
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environment [37]. This indicates that the loads and walking speeds may affect fluid
loss, and therefore functionality, of the tissue during movement. Aim 4 explores what
physiological parameters affect the movement equilibrium strain as shown in Figure
1-6, specifically load and joint sliding speeds. Through the investigation, we quantify
the joint speeds required to rehydrate the tissue and determine if an increase in joint
loads reduce the function of the tissue.

In short, this dissertation elucidates the pertinent physiological parameters that
drive fluid loss and recovery. At the end of this dissertation, you (the reader) will
garner insight into realistic cartilage mechanics, specifically in the relation to

maintaining hydration, and ultimately cartilage functionality and health.
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Chapter 2

AIM 1—CAN A RANGE OF CONTACT STRESSES BE PREDICTED FOR A
RANGE OF PHYSIOLOGICAL LOADS?

2.1 Introduction

Osteoarthritis (OA) is characterized by cartilage breakdown, which is
associated with aberrant joint contact loads [130], [131]. These aberrant loads lead to
aberrant stresses, which have a direct influence on joint disease and failure [1], [62],
[132], [133]. Whereas joint loads can be measured in-vivo, contact stresses can only
be determined through modeling, which is exceptionally difficult for cartilage and
joints due to its biphasic structure, nonlinear elastic properties, extreme roughness, and
irregular surface geometry among other factors. Consequently, attempts to
appropriately model and quantify contact stresses during activities such as walking
and running is an ongoing area of OA research [134].

Because gquantifying contact stress in vivo is inherently difficult, joint contact
models have been developed to predict contact stress [135]-[137]. Many contact
models account for the intricate cartilage tissue structure to capture the viscoelastic
and biphasic strain response, which increases model complexity and consequently
reduces ease-of-use. Fortunately, the biphasic response can be considered negligible
since human movement (i.e. the gait cycle) is on a much shorter time scale than the
exudation time constant of cartilage [11], [12], [118], [121], [125], [138]-[142].
Therefore, cartilage can be assumed as purely elastic in a realistic loading condition—

an assumption verified by Ateshian et al. [138]. Although the elastic assumption
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simplifies the material response, applying an accurate and robust contact model is an
ongoing research topic. The gold standard for modeling includes finite element (FE)
methods [126], [137], [143]. Unfortunately, the FE modeling pipeline is time-
consuming and prone to numerical instabilities, creating a cumbersome
implementation that diminishes usability [100]. To improve ease of use, analytical
models have also been explored, such as a modified Hertzian contact and Winkler
foundation model [144]-[150].

Regardless of complexity, most models fail to predict important realities of the
contact response of cartilage. Thus, regardless of the modeling approach taken, testing
and validation are the two most important features of any modeling effort.
Unfortunately, testing and validation is the area in which the current cartilage and joint
modeling literature fall short. In many instances, a single material modulus is taken
from literature and applied to the contact model [151]. The most obvious problem with
this approach is that the reported values for the cartilage modulus vary by at least an
order of magnitude and there is no obvious reason to choose one value over any other.
In addition, these models are typically validated against an in vitro test with a single
load and single specimen [152]. It will always be possible to find a defensible modulus
from the literature, which, when used with the model, can nearly estimate an
experimental result. Thus, whether or not it’s the case, such results often have the
appearance of calibration rather than validation.

This approach has other technical problems. First, articular cartilage exhibits
heterogeneity in elastic modulus among different joints (e.g. knee vs hip) [153], joint
surfaces (e.g. tibial plateau vs femoral condyles) [154], and even across the same joint

surface [155], [156]. Second, cartilage stiffness increases with higher loads because
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more collagen fibrils are being recruited [157]. Thus, the selection of any one modulus
value may be unable to account for load-dependence, which is the primary purpose of
contact modeling. This may be the reason why researchers report such a large range of
material modulus (1-68 MPa) [151]. Ambiguity in input model values, like cartilage
modulus, can result in a wide range of reported cartilage contact behavior [99], [100].
Testing and validating model contact stress as a function of load eliminates these
problems.

This study is, to our knowledge, the first to predict, test, and validate the
contact response of joint surfaces as a function of load. For the sake of simplicity, ease
of use, and applicability to other studies, we develop and employ the simplest
analytical model that can reasonably represent the contact response of joint surfaces.
We used novel in-situ measurements of contact area to experimentally quantify
contact stresses for real joint surfaces against a model plexiglass flat under a range of
physiological loads. Finally, we used these results to determine the extent to which the

model can predict the load-dependent stress response of cartilage.

2.2 Methods

Experimental Details

2.2.1 Sample Extraction

Adult bovine stifles were obtained from a local abattoir. Full thickness ¢19
mm osteochondral plugs (n=51) were extracted from the medial and femoral condyles
from N =6 joints. Samples were then rinsed and stored in 1X phosphate buffered
saline (PBS) containing protease 1X inhibitor solution (Sigma-Aldrich, P8340) at 4°C.

The samples were CNC-milled for mounting into a custom loading-rig (Figure 2-1A).
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All tests were completed within 4 days of extraction to minimize the risk of enzymatic

digestion-induced changes in material properties.

2.2.2 Experimental Procedure

After sample extraction, two orthogonal profile images (see Figure 2-1Ci) were
captured to define the principal radii of curvature (R1 and R2). Images were imported
into an image processing software (ImageJ) and curvature across the surface of the
sample was computed via an open-source curvature analysis plugin (Kappa). The
mean and standard deviation of curvature were used in subsequent analyses.

Following orthogonal imaging, cartilage explants were clamped via the bone to
a 1-DOF pressurized loading apparatus, as illustrated in Figure 2-1A, to allow for the
cartilage to be loaded against a Plexiglas® plate. After mounting the sample in the
apparatus, a tilt stage was used to ensure that contact areas were located near the
center of the explant. Each explant was submerged in a 0.15 M PBS and allowed to
equilibrate for 10 minutes prior to contact testing. India ink was then added to the
solution to provide a discernable contact area when the cartilage was loaded against
the plate.

After equilibration, cartilage explants were loaded against the plate for 0.2
seconds and the axial load was recorded via a custom 6-axis load cell. Because the
loading time is relatively minimal to the exudation time constant, the cartilage material
can be assumed an incompressible solid [11], [118], [138]. A camera (Dino-L.ite
Premier AD4113TL) captured the contact area image immediately after load was
applied. Although exudation was expected to be negligible, the sample was unloaded

and allowed to recover for 60 seconds while submerged in the PBS bath. This process
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was repeated for each cartilage explant starting at 10N and ending at a maximum of
450 N.

After contact area measurements were completed, cartilage explants were
sectioned near the centerline for layer thickness measurements. Depicted in Figure
2-1Cii, cartilage thickness equaled to the average of 3 distance measurements from

outer edge of cartilage to the subchondral bone.

Linear Thrust Bearing

Heooglas Plate A

/ Camera z |

Figure 2-1: A) The uniaxial loading apparatus for loading cartilage. While the test
sample was submerged in a 1x PBS, an air piston (not shown) loads the
cartilage against the plexiglass plate while a camera records the resultant
contact area and the load cell records the force. B) A view of the cartilage
sample i) prior to loading and ii) a resultant contact area near maximum
loading conditions. The contact radius (a) never exceeded the sample
radius (9.5 mm). C) The geometrical parameters i) an orthogonal view of
a cartilage sample was recorded to define the principal radius of
curvature ii) after testing, cartilage samples were sectioned and the
thickness was measured at three locations to yield a mean and standard
deviation of each plug.
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2.3 Data Analysis

2.3.1 Experimental Contact Mechanics

Contact area images were imported into image processing software (ImageJ),
and the limits of contact area were manually segmented based on color threshold. An
ICC (two-way mixed effects, absolute agreement, single rater) of 0.99 (p <.01)

demonstrated a reliable method to measure the contact area. The average contact stress
F

(oc) is the ratio of the measured load (F) and contact area (A); oc = -
2.3.2 Theoretical Contact Mechanics Framework

We used a modified Hertzian contact model to determine how well the
experimentally observed mechanics of cartilage contact agree with existing theory. As
first proposed by Eberhardt et al., we neglect permeability and exudation since loading
times (0.2 s) are negligible compared to the exudation time constant of cartilage [11],
[118]. Assuming an effective elastic sphere on rigid flat, Hertzian contact mechanics

gives Equation 4 as the expected relationship between the “effective” contact modulus

(Ec"), the applied load (F), and the contact radius (a).

__ 3 RxF
T4 a3

E

(4)

The effective contact radius is computed using the measured contact area
(based on image analysis as described above) assuming a circular contact area (it is

elliptical or irregular in reality), where a = \E . The measured major and minor radii

are used to determine the effective radius of curvature, where R = Ri + Ri. In this

1 2

manner, any combination of force and area for a given sample geometry gives a

unique value for the effective contact modulus per Equation 4.
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The effective contact modulus reflects the modulus of cartilage if and only if
the cartilage is an infinite half space. In practice, because the cartilage is relatively soft
and thin, it reflects a combined modulus of the cartilage-bone system. The modulus of
the cartilage itself, Ec, can be isolated after correcting for the thickness effect using
Equation 5 with the effective contact radius, a, and the measured thickness of the
cartilage layer, t [158]; thickness correction factors have been extensively used in
other studies of cartilage modulus [155], [159], [160]. Equations 4 and 5 can be
combined to obtain a single expression relating the contact modulus of the cartilage
layer to input force and experimental contact radius (Equation 6). To determine how
much cartilage stiffens with increased load, we calculated the contact modulus at each

experimental contact load and contact radius using Equation 6.

5t 0.734 3
E. = Eg*(1-104e‘17(9 ) (5)
3 ReF £10.734 3
EC=Za3*(1—104e*749 ) (6)

Using Equation 4, it can be shown that the contact area and stress increase with
load to the 1/2 and 2/3 powers, respectively, given a constant modulus. The Winkler or
elastic foundation model, which is often used for thin, soft layers like cartilage,
predicts 1/4 and 1/2, respectively. Additionally, the effective modulus of cartilage is
likely to increase as the load increases due to the alignment and enhanced load
carrying by the collagen. Thus, a major aim of this study is to experimentally elucidate
how these outputs depend on load in practice. To obtain these relationships, we apply

a power law fit to contact area versus load and contact stress versus load results:
A=C-F¢ (7)

oc=D"FB (8)
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Finally, we used Equation 6 to determine how well the modified Hertz model

with a constant cartilage modulus can describe the experimentally observed load-stress

relationship of cartilage. Thus, a best-fit contact modulus (E ) was calculated

Chestfit
from the experimental range of loads and corresponding contact radii for each tested
sample (using ‘Isqnonlin’ fitting algorithm in MATLAB). To calculate the theoretical

contact stress with a constant modulus, a theoretical contact radius (a,) was

numerically computed with the best-fit modulus (E, ) at each experimental load.

bestfit
Next, the average contact stress was calculated (o, = #) for each load condition

th
and compared with the experimentally observed value. The predictive capability of the
model was then quantified with the root-mean-square-percent-error (RMSPE) between

experimental and predicted contact stresses for a given sample.
2.4 Results

2.4.1 Experimental results

Contact area results are shown for a single representative sample at three loads
in Figure 2-2A-C. As load increased, the contact area and stress increased, as
expected. Figure 2-2D demonstrates the sublinear effect of load on contact area. As
load increases, the rate of growth of the area decreases. The contact stress (Figure

2-2E) also increases sublinearly with load.
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Figure 2-2: The contact mechanics of a representative sample of cartilage is
visualized in A), B) and C). The measured force (F), contact area (A),
and contact stress (P) are displayed with each of the images. The contact
area data are shown in D) for the experimental range of loads (0-450 N).
The resultant contact stress data are graphed in E). Errors in
measurements were consistent across all samples.

Contact stress is plotted versus load for all samples in Figure 2-3G. The graphs
in Figure 2-3A-F are used to isolate the results from each of the 6 joints tested in this
study. Within each joint, we observed significant sample-to-sample variation in their
stress response to load. This variation within joints was as or more significant than the

variation between joints. At the maximum load of 450 N, the mean contact stress for
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each joint was consistently near 5 MPa. At this maximum load, the lowest stress was

2.5 MPa and the highest stress was 9 MPa.
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Figure 2-3: Resultant contact stress vs. input force is separated out for each joint in
A) - E). Connected data points represent the response for a single
sample. Aggregated results are displayed in G) including binned means
(bin size =30 N) with +/- standard deviation lines.

The entire dataset is shown in Figure 2-3G, which includes the mean stress (+/-
STD) at binned intervals across all samples. The standard deviation for contact stress
within each bin increased linearly with load (STD = 0.0024*Force + 0.32, R?=.97).

As illustrated in Figure 2-3, the samples did not increase their stress linearly
with increased load. Fitting the contact stress to the power law function in Equation 8
(i.e. 0 = aF#), The power-law exponent, B, followed a normal distribution (Shapiro-
Wilk test) with a mean (SD) value of 0.7320 (0.0713). These values were used for

comparison with the proposed Hertzian contact model defined in Section 2.3.2.
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2.4.2 Contact Model Results

The contact modulus (Equation 6) is plotted versus load for all samples in
Figure 2-4. The graphs in Figure 2-4A-F represent each of the 6 joints tested in the
present study. An aggregate of all the moduli is shown in Figure 2-4G, which includes
the mean modulus (+/- 1 STD) across all samples. As illustrated, the contact modulus

increased with increasing load, indicating a stiffening effect from increasing contact

loads.
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Figure 2-4: Theoretical Hertzian corrected contact Modulus vs. input force is
separated out for each joint in A) - E). Connected data points represent
the response for a single sample. Aggregated results are displayed in G)
including binned means (bin size =30 N) with +/- standard deviation
lines.

The best-fit modulus among all samples was 8.17 MPa with a standard
deviation of 3.25 MPa. Figure 2-5 displays the best-fit modulus and corresponding

confidence interval for all samples, separated by each tested joint. Figure 2-6A
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demonstrates the predictability of contact model with a best-fit modulus. For all
samples, the Hertzian layer corrected model over predicted the contact stress for lower
loads, but under predicted at higher loads. To express the relative error between the
model and the theoretical data, the RMS percent error (RMSPE) is displayed for each
sample in Figure 2-6B. The mean RMSPE among all samples was 13.8%, with a

maximum value of 22.5%.
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Figure 2-5: The mean Hertzian corrected contact modulus for each sample Separating
the data by joint illustrates the variability of modulus within a joint, and
thus, constant modulus should not be assumed for a unique joint. The
error bars represent the standard deviation of the modulus over the range
of experimental loads.
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Figure 2-6:  A) With the average contact modulus, the predicted Hertzian substrate
corrected contact stress is plotted against experimental data for a
representative sample. The power law fit is also provided. The percent
error (% Erri) was calculated at each data point to yield the RMSPE from
the fit. B) The RMSPE for all samples separated by joints tested.

As a final analysis, a power law fit was applied to the generated theoretical
Hertzian substrate corrected models to compare to the power law fits of experimental
results (Figure 2-7). According to the popular Winkler model, stress increases with
load to the 0.5 power. According to the Hertzian substrate corrected model (assuming
constant modulus), stress increased with load to the 0.56 power on average (standard
deviation of 1.8%). According to the experimental results, however, cartilage stress
was more sensitive than expected to load, increasing with load to the 0.73 power

(standard deviation of 9.7%).
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Figure 2-7: A histogram plot of the power law coefficients from the Hertzian
corrected model and the experimental results. The larger range in the
experimental power law coefficient (0.6-0.9) likely demonstrates that
there are sample specific stiffening effects.

2.4.3 Discussion

To our knowledge, this is the first known study to measure and theoretically
predict how cartilage contact stresses vary with load under a physiologically relevant
range of load conditions. The experimentally reported contact stresses from this study
are similar in magnitude as compared with articular joints [1], [161]. However,
previously reported contact stresses also include native structures of articular joints,

which modify cartilage contact loads. For the present study, our “ball-on-flat”
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configuration removes any confounding factors from other structures (e.g. ligaments,
meniscus) to elucidate the true cartilage contact mechanics, specifically how contact
stress develops with increasing load.

A power law (Equation 8) well describes the contact stress for a range of loads
(R? > 0.99 for all samples). However, the large range in the power coefficient of 0.73
+ 0.07 (see Figure 2-7) demonstrates that the cartilage contact behavior varies
significantly based on the characteristics of the sample. Our proposed Hertzian
corrected model, which assumed a constant elastic modulus for all loads, resulted in an
average power coefficient of 0.56 with a much tighter range of £ 0.01. This is
comparable to the Winkler Foundation model power coefficient of 0.5. The
discrepancy between the analytical models and experimental contact stress are likely
due to the stiffening collagen fibers of cartilage (see Figure 2-7). The non-linear
increase in elastic modulus agrees with previous literature, which found that cartilage
stiffens with increasing strain [162]-[164], partly due to the non-linear behavior of the
cartilage matrix [165]. However, Figure 2-4 also demonstrates that the relative
increase in contact modulus is not consistent among each sample; some moduli
remained at 2 MPa while others exceeded 10 MPa. Osmotic pressurization likely pre-
stressed cartilage fibers of some samples, thus leading to a more significant increase in
tissue stiffness [166]. Additionally, deep-zone cartilage fibers, which anchoring at the
tide mark, can substantially increase tissue stiffness [167]. We can presume the wide
ranging power coefficient is likely a factor of the 1) heterogeneity in fiber recruitment
at the superficial layer and 2) fiber anchoring to the subchondral bone, which has been

seen in other experimental studies[157], [168]. Future studies may need to probe the
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material properties of each layer to capture the full stress characteristics of cartilage
[121], [169]-[171].

Although it may be accurate to capture the true non-linear behavior of cartilage
fibers, a load-varying modulus may not be feasible in practical applications. Our study
demonstrates that a Hertzian-modified model with a single best-fit contact modulus
can predict the contact stress with an expected mean error of 13.7%, which is
comparable to the increase in contact stress in OA joints [134]. The Hertzian model
requires only easily attained geometrical parameters, thickness and curvature, to
extract the modulus of the tissue. Equation 6 can then be easily employed for a
practical prediction for a range of physiological loads.! It should be again noted that
this model was developed for fully-hydrated samples of cartilage. Because of its
exudation characteristics, cartilage stiffness will significantly alter based on the fluid
content of the tissue [17], [83], and the model should only be employed at similar fluid
strains.

Beyond simplicity of the model, the proposed Hertzian corrected model is
more reliable/robust than the Winkler model. For a “ball-on-flat” contact configuration

proposed in this study, a Winkler “bed-of-springs” contact modulus can be calculated
4F‘R

—) [172]. Applying this model to data in Figure 2-6A would yield

mTa*

analytically (E, =
a Winkler contact modulus of 49.3 MPa. Problems in applying this model arise when

accounting for the Poisson’s ratio of cartilage. Linear biphasic theory predicts an

effective instantaneous Poisson’s ratio of 0.5 [173]; this would equate to a ~0 MPa

11t is suggested, though, that if the Hertzian-modified approach is practically
implemented, that the modulus should be defined at the expected average load. For
example, a modulus should be defined at 100N for an expected 0-200N load range.
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elastic modulus according to an elastic foundation under plane strain. Conversely,
using an elastic modulus from literature would equate to an infinite contact modulus.
These numerical singularities have been avoided in literature by assuming a Poisson’s
ratio ranging from 0.40-0.49, which have been validated experimentally for nearly
instantaneous loads [134], [174]-[176]. In a Winkler foundation model, this range
corresponds to an 8x increase in contact modulus for a given elastic modulus and a
182% increase in contact stress for a given contact force. For the same range of
Poisson’s ratio, the Hertzian model predicts only a 10% increase in contact modulus
and only a 6.5% increase in contact stress for a given force. Therefore, a Hertzian
model is preferred over a Winkler foundation model because its potential error is
reduced.

Most importantly, this study demonstrates that even simple models will incur
significant error if the contact modulus is arbitrarily chosen from literature, instead of
being measured for the sample being tested. For example, Figure 2-6A demonstrates
that the best-fit modulus for that sample was 11.9 MPa. If, instead, a 5 MPa modulus
was assumed [177]-[179], stresses would be underpredicted for all loads, resulting in
a ~5x increase in RSMPE. This potentially large error has been highlighted in a
critique of arbitrarily chosen contact modulus, which the authors conclude that more
demographically relevant material properties (i.e. OA vs healthy) “can only improve
comparisons between injured and diseased tissue...” [151], [180]. While the authors
could not comment on the error from widespread use of material properties, this study
clearly demonstrates that the large range of contact moduli chosen can have drastic

effects on predicting contact stress.
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Because of our simplified contact model approach, there are several limitations
to this study. First, our derived contact modulus does not decouple the complex
material interactions of the cartilage matrix. As stated, the contact modulus of
cartilage increases with increased contact load based on the toe region [165].

Materials characterization of strain-stiffening properties that depend on fiber
orientation would likely have improved our model, yet, at the expense of complexity.
Second, our model assumed the attached bone to be a rigid substrate, but differences
in bone modulus may have manifested as changes in cartilage modulus. A similar
investigation found that the attached bone did not contribute to the overall deformation
of the osteochondral specimen and could be considered rigid [167]. Still, a more
comprehensive study considering the modulus of the bone may have provided insight
into the cartilage modulus response.

Overall, this is the first known study to quantify and characterize the contact
stress behavior of a curved cartilage layer. Secondly, it demonstrates that the
heterogeneity of cartilage material properties can substantially alter the contact stress,
even for a simple ball-on-flat loading configuration. However if the contact modulus is
well defined, the proposed Hertzian model can predict stresses with confidence for
studies ranging from benchtop testing [73], [116] to in-vivo joint contact [181]. Lastly,
this study stresses the importance of empirically defining a contact modulus for a

given sample, regardless of the contact model chosen.
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Chapter 3

AIM 2—EXUDATION CHARACTERISTICS OF CARTILAGE IN
PHYSIOLOGICAL CONDITIONS

3.1 Introduction

The functionality and long-term health of articular cartilage depends on its
ability to regularly pressurize fluid within the tissue [182]. Because most of daily life
is spent in sedentary behavior [108], [183], humans statically load articular joints,
which drives interstitial fluid loss, decreases pressurization [36], and ultimately
decreases tissue function [21].

Upon the instant of loading, interstitial fluid is initially conserved and the
deformation response is effectively elastic [138]. Load is primarily supported by fluid
pressure, which drives fluid outflow or exudation at the cartilage boundary [84]. As
fluid exudes and the tissue compresses, fluid pressure and tissue permeability
decrease, both of which slows the exudation rate [184], [185]. As the tissue
compresses, the repulsion between fixed charges within the matrix increases leading to
an increase in osmotic swelling pressure [85], [186]. Eventually, cartilage reaches a
compressive equilibrium in which interstitial pressure and flow vanish and the contact
pressure equals the osmotic swelling pressure [187].

This exudation response can be extremely fast or slow depending on what one
assumes about the conditions of the contact interface. The interstitial pores of cartilage
are nanoscale but the roughness of its surface is microscale. Under normal situations,

contact between such rough surfaces can be expected to leave large interfacial gaps
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with high permeability to fluid flow. According to McCutchen’s “weeping
lubrication” theory, pressurized interstitial fluid easily flows into these interfacial gaps
and effectively lubricates the contact [22]. In this situation, pressurized fluid will take
the shortest path into the contact interfaces and, as a result, the exudation rate will be
independent of the contact area (or it will depend on the interfacial permeability rather
than the cartilage permeability).

In practice, however, the exudation rate decreases with increased contact area
in a manner consistent with an impermeable contact interface. Considering this result,
Ateshian and colleagues applied biphasic theory to curved cartilage layers to calculate
contact creep behavior [11], [15]. Their solution only accounted for creep behavior
after a “squeeze film” was depleted (>10s) [188]. Additionally, their model supported
“boosted lubrication” theory, which assumed that any fluid within the contact gap
would follow a pressure gradient into cartilage [189]. Stolz et al. developed a
theoretical model of a cartilage contact with realistic surface roughness and found that
any trapped fluid is depleted within seconds or minutes as a result of flow into the
cartilage [190]. Thus, most efforts to model cartilage contact now assume a no flow
boundary at the contact interfaces to reflect perfect impermeability [11], [15].

These models often overpredict relaxation times of cartilage by 10X2 [191],
[192]. Clearly, roughness does increase interfacial permeability and does impact
contact and flow mechanics. To reconcile this problem, cartilage contact models with
contact-dependent boundary conditions were developed [80], [193], [194], but these

interfacial models were not based on experimentally derived permeabilities. Most

2 Theoretical ~285 minutes [191] and experimental ~25 minutes[282]
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importantly, these interfacial models could not compute the effect of the extremely
rough cartilage surface [92], [93]. Wu and Ferguson used known roughness values of
cartilage to show the intra-articular gap was at least an order of magnitude more
permeable than the bulk tissue, allowing for an alternate flow path during exudation
[94], [95]. However, it was unknown if the rapidly deforming surface asperities
would quickly destroy the interface permeability such that the interface was practically
impermeable. In response, Liao et al. developed a numerical poroelastic cartilage
model which included the effect of surface asperities [129]. They found that the
permeability of the gap was 1000X larger upon initial loading and remained 30X
larger after 60 minutes of sustained load. This highly permeable interface provides a
new drainage route normal to the contact interface and then is laterally transmitted
through the contact gap to contribute to overall exudation [195]. The ‘weeping flow’
may speed up the consolidation time of the tissue, but the retention of pore pressure
within interfacial gaps reduces the deformation stresses on individual asperities and
extends the time over which the interface remains permeable.

Even with the permeable interface condition, however, the resultant relaxation
time constant in Liao’s model was only reduced by a 21% [129]. While the developed
poro-elastic model provides a useful framework that demonstrating the importance of
asperities and the contact gap permeability in fluid exudation, the proof of concept
only applied to a potentially non-realistic loading geometry with assumed material
properties. In addition, the model does not account for any loading history, including
the fact that joints remain in contact in unloaded conditions [196]-[198]. Even with
light loads, soft asperities on the cartilage surface will significantly deform [199],

which diminish the contact gap permeability such that the contact interface is
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“functionally closed”[96]. It is unknown if upon higher loading situations, if the
contact pressure can reopen the contact interface, thus re-establish the higher
permeability interface, such that fluid flows into the gap rather than strictly through
the tissue. Finally, exudation models that predict the contact area growth have
excluded the presence of a permeable contact interface [11], [15], [128], which the
Zhang group has shown to be a significant contributor to exudation characteristics and
functionality of the cartilage contact gap, including potential weeping lubrication and
sustained fluid pressurization [21], [22], [27], [129], [200], [201].

The rough surface, rough interface, interfacial permeability, and their effects
on exudation mechanics are unaddressed experimentally, specifically with a realistic
curved joint geometry. Tissue permeability properties from indentation may or may
not be the most relevant measures of permeability in the context of physiological
contact situations, i.e. curved cartilage surfaces. Because exudation defeats interstitial
pressurization, there is a critical need to experimentally clarify the impact of
interfacial permeability on the exudation mechanics of cartilage and joints. To address
this need, we measured the time-dependent exudation and contact mechanics from
osteochondral cores for a range of contact loads. To calculate the effect of the
interface on exudation mechanics, we applied our data to an experimentally derived
analytical cartilage contact model that accounts for both tissue and interfacial
permeability (see Aim 2.1 in Figure 3-1A). Furthermore, we test if cartilage still can
“weep” fluid into the interface, even when cartilage asperities have been significantly
deformed and the interfacial permeability has substantially decreased (see Aim 2.2 in

Figure 3-1 B).
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Figure 3-1: A) In Aim 2.1, we will determine the exudation characteristics of a fully
hydrated cartilage sample. B) Aim 2.2 will address if interfacial
permeability can be reestablished after a passive load

3.2 Methods

To capture the time-dependent exudation characteristics and contact stresses of
cartilage, we subjected osteochondral cores to a constant loads against a flat plate
while measuring the deformation and contact area (See sections 3.2.3 and 3.2.2). From
these experimental values, we were able to derive a Darcy’s flow model to calculate
the effective permeability of cartilage during the exudation process (Section 3.2.4).
We compared these experimentally derived permeabilities to previously known tissue
permeabilities to determine if the interface permeability augmented the exudation

response.
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3.2.1 Materials and specimen preparation

This study used a total of n =3 samples from 2 mature ( > 18-month-old steer)
fresh bovine stifles acquired locally (Herman’s Quality Meats, Newark, DE). A coring
saw was used to extract 19 mm diameter osteochondral cores from the medial and
lateral femoral condyles. Following extraction, samples were washed and then stored
in DI water containing protease 1X inhibitor solution (Sigma-Aldrich, P8340) at 4 °C
or dried under rough vacuum for 24 + hours to preserve the tissue. Previous studies
have demonstrated tissue dehydration is an effective means of preserving cartilage
mechanics [22], [116], [117], [202]. Testing on samples commenced within 4 days of
DI water storage and were tested at 23 °C over a period of less than 35 h.

After commencement of all testing procedures, cartilage explants were
sectioned near the centerline of cartilage for cartilage thickness measurements via
image acquisition (see Figure 2-1C for more detail). The average cartilage thickness

was used to calculate strain measurements in the proposed model.

3.2.2 Testing Instrument

Samples were clamped to a custom loading rig as illustrated in Figure 3-2 to
quantify the contact area and deformation under a prescribed contact load. Normal
loads were measured with a 6-channel load cell (ATI nanol7, £10 mN) and controlled
using a vertical nanopositioning stage (Q-545, Physik Instrumente) with force
feedback. The displacements of this stage (= 10 nm) were used to maintain constant
load conditions and to track cartilage deformation (6) over the course of the test.

Cartilage samples were submerged in deionized (DI) water with 10-15 ml of India Ink
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(Winsor & Newton®©) to provide contrast while imaging the contact area during
testing3.

A dual-LED light source provided the necessary lighting for the camera
(Teslong Inc.®) to capture the contact area image below the glass plate. NI Vision
Acquisition software integrated into a LabView VI was used to capture the image
data. The following image attributes were used to capture data: Contrast = 0.64
(maximum), Brightness = 64 (maximum), Exposure time <0.11 seconds, Gamma =1,

Saturation = 0 (minimum), and Gain < 25.

3 The inclusion of India Ink did not significantly change the exudation characteristics
of cartilage samples. (See Figure B. 2 in Appendix A for analysis)
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Figure 3-2: The experimental setup for exudation data collection. The deformation
of cartilage could be tracked via the spring/vertical stage/load cell system
[18], [28]. India ink infused in the DI bath provided the necessary
contrast to discern the changing area of contact.

3.2.3 Exudation Testing Procedure and Data Curation

After cartilage samples were clamped to the testing rig, each sample underwent
a preconditioning step prior to exudation testing as to normalize the free-swollen
sample to the mechanical environment as described in [117]. Each sample was first
loaded to 5 N (static) for 5 min, followed by free swelling at 0 N (static and out of
contact) for 10 min. Cartilage samples then were positioned immediately above the

glass plate (<5um) prior to loading.
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Samples were then loaded via the vertical stage (Figure 3-2) at either 2, 3, 4, or
5 N for 90 minutes or until a sample reached a deformational equilibrium. Samples
were then unloaded at the original vertical testing position to allow for a free-swelling
of the surface; samples remained in this position for 90 minutes to allow for full-tissue
reswelling [203]. The 90 minute loading phase followed by the 90 minute recovery
phase was repeated for the remaining four loads. The loading order was randomized.

A second series of experiments were conducted to determine how passive
contact impacted asperity deformation, interface permeability, and exudation. In these
experiments, samples first underwent a passive load (0.3 N) before loading at one of
the aforementioned loads (2, 3, 4, or 5 N). Passive loads were imparted until cartilage
reached an equilibrium deformation (~60 minutes of loading). Samples were then
loaded for 90 minutes and allowed to free swell for 90 minutes after loading.

Deformational and force data were collected at 10 Hz. Load imparted on
cartilage was controlled by a proportional controller updated at 10 Hz. During the
loading phase, cartilage reached its target load in <1.5 s, and we treated deformations
during the loading ramp as effectively elastic®. In the first 10 seconds of load, we
collected image data at 10 Hz to measure contact area growth. After 10 seconds,
image data were collected at 1 Hz since contact area did not rapidly increase after the
early loading phase.

After all the time series data was collected, the contact area was extracted from
image data via an adaptive color threshold in MATLAB image processing software.

See Appendix A.3 for further explanation of contact area analysis. The elastic loading

4 Our biphasic model [83] with typical properties gives a mean flow rate of ~50 nm/s,
which indicates that at most ~75nm of the ‘elastic’ deformation is attributable to flow
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portion was removed prior to analysis; only data within 2% of the target load was
considered. A 6™ order Savitsky-golay filter with a 100 point window was used to
filter the force, area, and deformation data and resampled at 1 Hz with a spline
interpolation to fill in any missing time series data. Deformation rate data (§) was then
calculated via finite differencing methods and was smoothed via a 50-point moving
mean filter. Next, any data after deformation equilibrium was removed; deformation

reached equilibrium once the deformation rate was < 2.5 nm/s. The contact radius was

considered the mean contact radius calculated from the area data (a = \/%). Contact

F . .
stress was calculated as the mean contact stress (o = Z)' Experimental strain was

1)
thickness

calculated from the experimental deformation data (e = ). Time constants for

both the deformation (ts) and contact radius (ta) were calculated as the time required

for the response to reached 63.2% of its equilibrium value.

3.2.4 Model Development

With the experimental data, an exudation model was developed to include the
effect of the permeable interface. The proposed model is similar to [98], where both
interfacial and tissue exudation are considered. To simplify our model and remove any
assumptions about the interface, the permeability of the interface and tissue were
aggregated to determine the overall exudation response. The initial deformation of the
cartilage tissue is calculated based on an initial Hertzian contact and subsequent
exudation deformation is based on Darcy flow. The model assumes an isotropic,
homogenous material with linear elasticity in tension and compression [154], [160].

Upon initial loading (t=0+), the initial contact deformation (&,) and strain ()

was assumed to be Hertzian:
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where Fo is the imposed load, ao is the initial experimental contact radius, t is the
thickness of the cartilage layer, and Eo is the initial effective contact modulus of the
cartilage layer.

Because the volume is conserved upon initial loading and Poisson’s ratio can
be assumed ~0, the initial contact modulus (Eo) can be assumed as (E." + E;) [83],
[154], [160], where E¢’ layer corrected equilibrium compressive modulus, and E; is the
tensile modulus. The layer corrected equilibrium modulus can be calculated based on

the thickness and area of the cartilage layer [158], which was introduced in Aim 1:

Ec

(1_1 . 8_1.73(%)0.734)?’

Equation 9 only considers a fully hydrated osteochondral plug. Because some

E{ =

(10)

of our experiments incur small preload (0.3 N) prior to imparting the larger load, Fo,
the strain accumulated fluid loss prior to loading (e5r) must be accounted for. Thus,
ear Must be subtracted from the initial strain (g,) such that the Hertzian strain from a
large contact load is not falsely inflated. Accounting for volume conservation upon
loading and the accumulated fluid loss prior to loading, Equation 9 can now be

rearranged as:

3 F
- 4 ao't'(EC"l'Et)

€0 EAF (11)

In a fully hydrated state, e,g=0 but g5 > 0 if cartilage has a small preload prior to
imparting the larger load, Fo. Refer to Figure B. 1 in Appendix B.1 for calculations of
ear from a preload.

With the initial strain calculated, the strain in subsequent time steps (&;..1)

could be calculated based on material properties that affect biphasic mechanics and
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fluid load support. Upon loading, the initial fluid load support (FLSo), which is the
portion of load carried by the fluid, of the system can be calculated as:

E*
E*+1

FLS, = (12)

where E* is the ratio of the tensile modulus to the compressive modulus (E* = Ev/Ec)

[83]. Per biphasic mechanics, the initial fluid pressure (Po) and initial elastic stress

00,,40:.) €N b€ calculated by the initial contact stress (a,) and FLSp as:
PO = O—O " FLSO (13)
o—oelastic == 00 ) (1 - FLSo) (14)

From the initial conditions, incremental increases in cartilage strain will be
calculated based on fluid exudation and resultant deformation of the elastic phase. See
illustration in Figure 3-3 for depiction of mechanics. Fluid strain or exudation is

driven iteratively with a Darcy Flow at each time step (i):

(15)

where &, is the strain rate and ki is the strain dependent permeability of the system
represented as:

k; = kg - e Méi (16)
where ko and M are material constants [184]. Development of Equation 15 can be
found in AppendixA.1.

Based on material properties, the strain at the next time step (&;,,) can then be
calculated from the strain rate of the current time step:
Eiv1 = & T & (tipr — &) 17)

and the increase in elastic stress (0,4, ,,.) depends on the change in strain:

+ Ec - (€41 — &) (18)

O-i+ lelastic — O-ielastic
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Thus, the fluid pressure (P;,,) can be calculated with the total contact stress (o;,,) and

the elastic contact stress (delastic;, ,) at the next time step:

Piy1 = 0iv1 = Ot (19)

Calculated values of P;,, and &;,; are then then be used to determine the permeability

and strain rate at the next time steps to drive the model forward in time. This

exudation model was then applied to experimental deformation, area, and force data to

compute the effective material properties of cartilage (Et, Ec, ko and M) as detailed in

Section 3.2.5. For a visual representation of model computations, please refer to the

flowchart in Figure A. 3 in AppendixA.2.
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Figure 3-3: The biphasic model of contact and exudation. It was assumed that the

fluid within the tissue and the gap laterally ejected through the tissue.
Per Darcy’s Law, the pressure in the system was calculated based on
streamlines from 1 to 2. See Appendix A for model development. Based
on a given contact stress (o) and change in deformation (Ag), the elastic
stress (oelastic), could be calculated. Thus, the resultant fluid pressure
could be calculated at future time steps according to Equation 19.
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3.2.5 Data Analysis

The curated data set was then fit to the exudation model from Section 3.2.4.
With time series experimental data of strain, contact radius, and contact stress, the 4
unknown material properties (Ec, Et, ko, and M) were computed with the ‘fgoalattain’
function (MATLAB®), which attempts to optimize several objective functions during
fitting. The objective functions during optimization were 1) minimize the sum-
squared-error (SSE) between the experimental strain and model strain and 2) minimize

the SSE between the experimental strain rates and model strain rates:

2
Z?(Si - gimodel)
minimize f (E., E;, ko, M) = minimize (20)
MG éimodel)2
The first 5 seconds within the loading response were weighted in the strain
SSE equation (g, ... €5) by 10X since initial points in the model are very sensitive to
changes in material properties. Additionally, the last 100 data points were weighted in

the strain rate SEE equation (€.,4-100 - €eng) PY 10X to ensure the model response

reaches equilibrium. The material properties were bounded as such:

0<E;=<o0
Ec < Ep <0 (21)
0.00001 < ko < 10
5< M <200

Initial guesses for the material properties were based on methods from [160], which
assumed a Hertzian contact. Because the model fit uses numerical optimization and is
prone to finding multiple local minimums, a ‘multistart” framework [204] was applied
to determine the stability of model solutions (n = 10 simulations, within £50% change
in original guess). From the 10 simulations, the mean and standard deviation of each

material property are reported.
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The material properties for each load (kO, M, Ec, and Et) were all fit to linear
mixed models with load and preload as independent variables. Load was coded as a
continuous variable from 2-5 N, and preload was coded as categorical (1 = preload
and 0 = no preload). The inclusion of preload in the model tested if the apparent
material properties changed when the interface was fully depressurized. All statistical
analyses were used an a priori significance of p=0.05. All analyses were completed on

MATLAB 2019.

3.3 Results

A representative measured deformation and contact radius plot are shown in
Figure 3-4. As expected, larger loads resulted in both larger deformations and contact
radii at both initial loading and equilibrium. As depicted in Figure 3-4, the contact
radius time constant (ta) was substantially faster than the deformation time constant
(T5); the ratio of taits was 4.55, 3.17, and 3.55 for the three samples tested. This
demonstrates that the contact interface relaxed 3-4x faster than the bulk tissue.

The proposed exudation model fit well to the experimental data with all
R?>0.99. Figure 3-5 demonstrates the goodness-of-fit for a single sample for a single
contact load. Among all samples, the mean error between the data and the fit was
0.0255 um, based on generated deviations from the multistart approach. Because this
error is within the noise floor of experiments, the multistart simulations demonstrated
the robustness of the model to find the true behavior and apparent material properties

at each load.
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Figure 3-4: The measured deformation (A) and contact radius (B) is plotted vs. time
for a single sample and multiple loads. The respective time constants (t)
are shown in light gray circles. For this sample, the average tawas 4.6
times larger than average ts.
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Figure 3-5: A representative fit for a single load shown in red. The first data point
(~100 um) was considered the initial elastic deformation. All subsequent
deformation accounted for the exudation response. Although this sample
did not reach equilibrium within 90 minutes, the model was able to well
predict the exudation response. The standard deviation between all
simulated fits is non-discernable from the fit shown in red.

3.3.1 Effect of load and preload

For each sample, the apparent permeability increased as a function of load.
The model permeability from the representative data from Figure 3-5 is shown in
Figure 3-6. Corresponding FLS curves are generated for each load for the
representative in Figure 3-7. As expected, the FLS support started above 80% for all

samples, which is similar to other experimental results [21], [83], [206]. The applied
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linear mixed models demonstrated that the calculated intrinsic permeability (p=0.001)
and tensile modulus (p=0.002) all increased linearly with load, while the equilibrium
modulus decreased with load (p =0.03). The permeability decay constant did not

significantly change with increased load (p=0.49).
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Figure 3-6: The predicted permeability curves vs. tissue deformation for the range of
tested loads. The permeability at a given tissue deformation was
systematically higher for higher loads. For example, at 150 pum, the
apparent permeability was 50% higher when comparing 5N to 2N, but
also had a ~4X increase in fluid pressure, resulting in a 6X quicker
exudation rate at the same deformation.
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Figure 3-7: The generated FLS curves for a representative sample. In this sample, the
FLS started at ~96% at initial loading, which is expected since fluid
exudation =0. The FLS dropped to below 20% after ~5000 seconds.
Increased load maintained FLS for a longer period.

The 0.3 N preload increased the initial deformation of the cartilage by a mean
14 um, which can be attributed to asperity deformation and fluid exudation prior to the
larger induced load (2-5 N). However, beyond 100 seconds, the exudation and contact
area curves were characteristically comparable, as seen in a representative sample in

Figure 3-8. As expected, the equilibrium modulus (Ec) did not significantly vary
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between preload and no-preload (p = 0.5). This was expected since the equilibrium
cartilage deformation was equal between the two conditions. The tensile modulus (Et)
was significantly lower in the preload case (p <0.001), likely due to fact that a preload
exuded some fluid and the superficial fibers could not produce substantial tension
upon a larger load. This also caused the initial fluid load support to decrease.
Surprisingly, preload did not significantly change the intrinsic permeability of the
system (p=0.81), indicating that the interface was not effectively “shut off” from the
preload. Lastly, the permeability decay constant was not significantly affected by
preload (p=0.83). This again indicated that permeability characteristics were preserved
even when a passive load depressurized had initially depressurized and reduced the
permeability of the interface. To compare the effect of preload on the experimentally
derived material properties, Table 1 reports Ec, Et, kO, and M for all the samples in the

current study.
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Table 1: The predicted model material properties separated by sample and
preload. For each sample and preload condition, mean and standard
deviation of Ec, Et, kO and M are reported for imparted loads 2,3,4, and 5
N. Although an increase in load yielded a statistical change in material
properties, these data demonstrate a more substantial sample-based effect
on material properties. Additionally, the effect of preload only
significantly reduces the tensile modulus of the tissue, while the
remaining tissue properties remain indistinguishable.

EctSTD EtzSTD k0+STD MzSTD
Sample # Preload? (MPa) (MPa) (mm?*/Ns) (unitless)
1 No 0.776£0.051 9.193+£1.133 0.0072 £0.0032 25%1.9

Yes 0.819+0.088 7.327 £1.105 0.0070 £0.0022 2.7 +1.7

2 No 0.223+0.009 13.761 +2.152 0.0291 +0.0058 6.8 +0.4
Yes 0.249+0.009 6.545+1.686 0.0315+0.0052 7.6 +0.3

3 No 0.270+0.024 12.240+2.198 0.0165+0.0064 6.0 +1.6
Yes 0.290+0.017 9.645+2.307 0.0138 +0.0042 4.8 1.7
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Figure 3-8: Comparing the effect of a 60-minute 0.3 N preload on the response of A)

deformation, B) contact radius, and generated C) permeability and D)
FLS curves for a 5 N contact load. Both the initial deformation and
contact area were greater in the preload case, likely due to prior
exudation from the 0.3 N load. By 100 seconds, the response was
visually indistinguishable, indicating the interface likely repressurized
with fluid. Consequently, the permeability characteristics (ko and M)
were also indistinguishable in this loading case. However, compaction of
the interface had limited effect on the fluid pressurization, as depicted in
similar FLS curves in D)
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3.3.2 Simulating the effect of indentation-based permeability

To demonstrate the effect of the interface on exudation, we employed our
exudation model based on intrinsic permeability properties from literature [205]. We
used the best-fit values for Ec and E: from Table 1, Sample 3 to maintain the stiffness
properties of cartilage. However, ko and M were set to 0.00171 mm*Ns and 4.3,
respectively, to match previous experimental work [205]. For the representative
sample, predicted exudation curves and FLS curves are shown in Figure 3-9A and
Figure 3-9B, respectively. The simulated low permeability exudation required 9.5-

10.5X longer time to reach the similar strains from the experimental data.
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Figure 3-9: A) The experimental exudation curves (solid lines) are contrasted with
the generated exudation curves (dashed lines) with permeability values
from literature (ko = 0.00171 mm*/Ns, M = 4.3). Because the intrinsic
permeability is reduced by ~10X, the generated exudation curves take
~10X longer to reach the same strains. B) Using the reduced permeability
from literature result in an extended FLS decay time. Again, FLS
requires 10X the time to reach low FLS.
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3.4 Discussion

In this study, we measured the exudation response of cartilage explants using
both strain and contact area in an effort investigate the potential role of interface
permeability. These are, to our knowledge, the first direct measurements of exudation
from the perspective of contact area. The deformation-based exudation response was
about 10x faster than expected based on reported properties. This result implies that
permeability was about 10x larger than reported in the literature or obtained by us
using direct indentation measurements. Interestingly, the contact area relaxed about 4x
faster than thickness. Our interpretation of these results is that the effective
permeability is much larger than expected due to the presence of interfacial gaps of
relatively high permeability. These gaps provide a lower resistance path than the
tissue, which increases overall permeability. This gradient of permeability, biased
toward the surface, explains why the contact area relaxed much faster than the bulk.

The proposed model is based on standard elastic and mixture theories but its
details and implementation are unique to our knowledge. This model successfully
captured the creep behavior of curved cartilage contact as all model fits yielded
R?>0.99. Prior analyses of cartilage contact creep and exudation only considered
uniform loading [11], [12], [15], [207], which significantly simplified the modeling
approaches. While these models were developed to estimate stresses in cartilage, there
has been no experimental verification of cartilage contact area or the overall exudation
response under more realistic noncomformal contact situations. Furthermore, our
constitutive model is relatively simple and easily implementable based on the
flowchart shown in Figure A. 3 in AppendixA.2.

The corrected Hertzian contact model, introduced Aim 1 works well for an

instantaneously loaded contact, where the response is an equivalent elastic solid [138].
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Through Equation 11 and Equation 12, the model can capture the behavior of
compressive (Ec) and tensile modulus (E:) working in concert to increase initial FLS to
greater than 90%. For a standard linear elastic material with E* = E¢/Ec=1, cartilage
FLS is limited to 50%, as demonstrated in previous investigations [83], [105].

As expected, our model indicates intrinsic permeability values up to 20X
higher than previously reported permeability of cartilage [78], [105], [154], [160],
[185], [210]-[212]. The 5X range in the effective permeability calculated in this study
(0.007 — 0.034 mm*/Ns) is not unexpected as indentation tests have demonstrated
nearly an order of magnitude difference in intrinsic permeability [154], [160].

Furthermore, the effective permeability of the interface is strongly dependent on the

height of the gap (k « ), which is determined by the surface roughness

gap height?
[96], [98]. The large variance in cartilage surface roughness [92], [93]° combined with
the large variance in tissue permeability likely contributed to the apparent variance in
our experiments.

Still, the evidence that intrinsic permeability increases with contact load, while
being unaffected by a preload implies that the interface is a substantial contributor to
the exudation response. First, intrinsic permeability, which is an innate material
property of cartilage, should not vary with increased loads, only with deformation. In
the current study, however, intrinsic permeability increases with contact load which
implies increases in fluid pressurization opens interface for an alternate fluid
exudation pathway. The characteristic increase in permeability agrees with a previous

numerical study from Liao et al. They calculated that ~4X increase in fluid pressure

5 Some roughness RMS measurements of the hip can even exceed up to 70 um[97]!
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(see Figure 3-6) equates to a ~15X increase in gap permeability [96]. This increase in
gap permeability likely led to an 3X increase in apparent permeability when
comparing the 2 and 5 N load in Figure 3-6. Interestingly however, the authors also
predicted that the interface is “functionally” closed if fluid pressure drops below 0.5
MPa; i.e. the gap permeability of the system equates to the tissue permeability [96].
However, the fluid pressures incurred in this study never reached 0.5 MPa, but the
impact of the interface was still apparent on the scale of exudation.

When Liao et al. simulated the effect of a permeable interface, they calculated
that the exudation time only decreases 25% as compared to an impermeable interface
[129], which is still significantly lower than the 10x reduction in time constants
calculated from this study. Our results demonstrate the leaky interface substantially
alters the exudative time as compared to numerical measurements. One explanation of
this difference may be attributed to the asperity stiffness [129], [201]. Liao et al. had
as simulated the effect of increased asperity stiffness and found the interfacial gap
fluid pressure would fall quicker as compared to softer asperities, thus reducing the
time constant of cartilage [129]. Because the current experimental time constants are
10X quicker as compared to an impermeable interface, one may assume that the
asperities are as stiff as the bulk tissue to promote a stronger outflow. However, it is
known, qualitatively, that surface asperities are generally softer than tissue [199]. This
warrants a rigorous investigation of asperity stiffness and gap height during loading
conditions to accurately model the exudation process. This is important because fluid
flow from tissue into contact gap increases the duration of hydrodynamic lubrication
[195]. Faster weeping into the gap will complement more hydrodynamic lubrication

initially, but will hasten onset of boundary lubrication [97], [98], [195].
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Aside from asperity stiffness, surface roughness characteristics can
significantly alter the gap permeability, which is known to change in osteoarthritic
tissue. With OA, defibrillation of surface fibers can increase the roughness height
>200% [94], [214], [215] and reduce the surface correlation wavelengths are reduced
[200], [216]. Although increases in roughness increase the gap permeability, a
numerical study of OA surface roughness demonstrated that the reductions in
correlation lengths actually tissue reduced gap permeability [200]. In addition, asperity
stiffness is known to decrease in OA joints [217], which would further reduce gap
permeability. Furthermore, permeability of the bulk cartilage tissue [218], [219] and
the osteochondral junction [220] also increase in OA joints. The resistance of flow
through the gap may be preferentially redirected through the tissue and the
osteochondral junction, more quickly dehydrating the surface, decrease interfacial
pressurization, and incur higher friction forces. To examine this effect, future
investigations should measure “start-up” friction after different durations of static load
in osteoarthritic osteochondral tissue.

The passive loading case was intended to preferentially deform very soft
asperities and reduce interfacial permeability. Our hypothesis was that an “‘untouched’
surface would have an artificially large roughness and that interface permeability
would also be unnaturally large relative to joint surfaces, which are more or less
always in contact under small loads. Interestingly, the passive load had only a small
initial effect on exudation. As Figure 3-8 demonstrates, the exudation response was
essentially identical with and without passive loading by 40 seconds. It should be
noted that increasing from 0.3N preload to the experimental contact load (2-5 N),

increased the contact area by only 25% to 30%. If the asperities were extremely soft,
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then even small passive equilibrium loads would compress them and eliminate high
permeability pathways within the interface, thus providing much slow exudation and
permeabilities close to those of the tissue itself. The lack of sensitivity of exudation to
prior passive loading is consistent with: 1) the effective stiffness of the asperities is
close to that of the tissue itself; or 2) interfacial gaps and permeability are restored by
repressurization of the subsurface and interfacial fluid. While we do not have any
direct evidence of one over the other, we favor the second option. First, there is
evidence that the surface is much softer, perhaps orders of magnitude so. Second, the
observation that aggregate permeability (tissue and interface) tends toward tissue
permeability at equilibrium suggests that the asperities effectively collapse over time.
Finally, repressurization must occur and when it does, that will reduce load support by
the asperities along with their strain. However, this is only possible if there is enough
fluid in the bulk tissue, or “reservoir”, to drain into the interface. This phenomenon
well agrees with the concept of cartilage tissue as a “source” term for exudation into

the cartilage contact gap [195], which is illustrated in Figure 3-10.
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Figure 3-10: a) Applying passive load of 0.3N to equilibrium equates to ~0 pressure
within the interfacial gaps and all of the load is supported by the
asperities. b) Once a higher load is introduced, asperities experience
more contact pressure as other asperities come into contact, resulting in
pressurized fluid into the cartilage gap, thus reopening for the interface
for flow.

The only comparable contact creep model of cartilage-on-flat was from Kelkar
and Ateshian, who applied linear biphasic theory [15]. However, through linear
biphasic theory, cartilage cannot achieve high FLS [17], [83]. Still, the authors
calculated FLS time constants of 1950 — 2300 seconds for loads ranging from ~3-15
N, which are comparable to the time constants from this study (~1200 to 1600
seconds). However, the authors assumed joint radii of curvature ranging from 200-
2000 mm, which are 10-100X larger than actual radii of curvature [210], [221]-[224].
This leads to an increased conformability of contact, which is known to increase FLS
time constants due to a longer fluid flow paths [195]. With a realistic radius of
curvature and inclusion of a permeable interface, the linear biphasic theory would
predict FLS time constants in the order of 10s of seconds (based on the gel diffusion

equation, T « E—k). With the inclusion of tension-compression non-linearity from our
[

model, cartilage can create and sustain high FLS, despite having a leaky interface. In
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this manner, cartilage can supply fluid to the interface for potential reductions in
friction, while also maintaining functional levels of FLS within thousands of seconds
of static loading.

Because of our simplified model and well controlled experimental
configuration, some limitations should be noted. First, the exudation model is
extremely sensitive to initial deformation responses since minimal fluid loss is
assumed. However, the loads were applied within 1.5 seconds, leading to a non-
infinitesmal fluid loss. Regardless, we consistenly achieved FLS>.8 when comparing
load cases (2N vs 5 N), reflecting intraload reliability.

Second, we did not measure tissue permeability via indentation measurements
for a direct comparison to our exudation model. While indentation derived
permeability may be correlated with total fluid loss [210], values may not be directly
applicable to predict fluid loss in larger scale exudation models where the interface
plays a significant role. Other studies have demonstrated that indentation permeability
measurements may not actually capture the realistic permeability of the system[225],
[226].

Third, the use of DI water in our investigation does not replicate the viscosity
or osmotic swelling potentials of the true joint. We chose DI water over 1X PBS (0.15
M NacCl) because maintaining osmolarity of the solution is inherently difficult, even
when being tracked using an osmometer [212]. With the use of DI water, we simulated
an increase in GAG content and stiffened the tissue through osmotic pressure.
Increases in osmotic potential has been shown, numerically, to decrease volume of
exudate into the contact gap, reduce gap closure, and encourage gap fluid loss [201].

Using 1X PBS in our study, would equate to more overall exudation, but since the
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interface would collapse faster, we predict increased time constants. We intend to test
this model with increasing hypotonic solutions to determine the effect on the
exudation rate and permeability of the interface/tissue. Lastly, synovial fluid viscosity
is known to be 3-10X more viscous than DI water based on the shear rates it
experiences [227]. This may increase the resistance to flow at the interface [98], but
also extend the gap consolidation time [129]. Preliminary evidence suggests that the
addition of viscous mediums, like hyaluronic acid, do not significantly affect the
exudation response of cartilage [117], [227]. Still, future investigations should explore
the effect of viscous substances on exudation to confidently predict fluid loss in vivo.
Lastly, the proposed exudation model simplifies cartilage tissue into a
homogenous porous layer with the inclusion of a rough surface that augments the
exudation response, like previous studies [129], [228]. In reality, permeability is the
greatest near the surface of cartilage and decreases with depth [3], [211].
Furthermore, the tangential orientation of superficial zone (SZ) collagen fibers reduces
the radial permeability at the surface of cartilage, which promotes preferential flow
normal to the cartilage surface [229], [230]. Because of the high permeable superficial
layer, one may suppose that the fast exudation times in this study were a direct result
of SZ compression instead of a leaky interface. Further support for this conclusion is
shown in Figure 3-4, where the contact area creeps faster than the bulk tissue,
indicating a much faster relaxation near the surface of the tissue. However, under
compressive load, the SZ is also known to strain much faster than the remainder of the
tissue, quickly diminishing the permeability of the superficial zone, restricting
exudation to the interface [231]-[234]. With the removal of the SZ in experimental

[234], [235] and numerical studies[236], the permeability of cartilage increases two
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fold, indicating that the SZ compression actually slows fluid loss. Unfortunately, most
of these experiments leveraged a porous indenter, practically eliminating the effect of
the interfacial permeability. To decouple the effect of interfacial permeability and
superficial layer permeability on the overall exudation response, future studies should
use the current exudation model for experiments with SZ removed while preserving
the surface roughness of the tissue.

Despite these limitations, this is the first experimental evidence that the contact
interface is permeable, that interfacial flows are significant, and that rates of interstitial
fluid loss exceed those predicted based on the standard assumption of interfacial
impermeability. As expected, as cartilage contacts are being scaled to the joint level,
the effect of the interface can no longer be ignored when predicting exudation. For
example, Macirowski et al. investigated the interfacial exudation at the hip and
calculated that FLS is still > 0.9 after 20 minutes of physiological loading [97].
However, the authors predict a sharp decrease in gap conductance after a short loading
time of joints because they assumed that fluid pools remained trapped and sealed
within the cartilage interface. Our results demonstrate that these pressurized pools
may appear sealed on a macro scale, but will eventually be defeated based on the
smaller deformation undulation. To fully capture time scales pressurized fluid at the
interface, we propose that future reasearch includes all scales of trapped fluid in order

to predict the function of a joint after a static load.
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Chapter 4

AIM 3—THE MODES AND COMPETING RATES OF CARTILAGE FLUID
LOSS AND RECOVERY

(Portions of this chapter are published in—Voinier, Moore, Benson, Price, and

Burris, Acta Biomaterialia, 2022)

4.1 Introduction

Cartilage, the multiphasic tissue responsible for the load bearing and
lubrication of joints, normally comprises about 75% interstitial fluid [237]. Under
fully hydrated conditions, interstitial pressure preferentially supports the load, which
reduces tissue strain and friction [19], [21], [211], [237].While interstitial pressure
performs key functional roles, it is also responsible for fluid exudation, a process that
defeats interstitial hydration, pressure, and lubrication [21]. Indeed, experimental
studies with cartilage explants have shown that tissue strains and friction coefficients
approach 50% and 0.3, respectively, as fluid is lost over time [19], [20], [22], [27],
[28].

The mechanics of fluid exudation are well understood, predictable, and
observable even at the joint level [12], [17], [37], [77], [78]. Loading experiments with
cadaveric human knees have shown that joint strains can reach 50% within 2 hours of
static loading [238]. Fortunately, this exudation process is arrested during physical
activity. In one study, MRI measurements during repeated sets of knee bends showed
no time-dependent joint space thinning following an initial strain of only ~5% [35].

Theoretical work from Ateshian and Wang showed that exudation effectively stops

69



during articulation because the contact area migrates across the cartilage surface faster
than the interstitial fluid can respond [21]. Interestingly, Coleman et al. showed that
joint space thickness in the human knee is quite effectively preserved, thinning only
by 1-5%, throughout the day [106]. Given that the average American is physically
inactive or sedentary for most of the average day [108], such findings suggest that
joint space thicknesses reflect a dynamic competition between load-induced exudation
and movement-induced fluid recovery rather than the absolute absence of fluid flow.

The mechanics of fluid recovery by cartilage has received disproportionately
less research attention than the mechanics of fluid loss. Eckstein et al. showed that the
human knee thickened during rest following exercise at an average rate of 0.03 um/s
[35]. This recovery rate was uncompetitive with the loaded exudation rates observed at
similar strains [238], which raises questions about the nature of the surfaces and
interface during the recovery process. The authors attributed this slow recovery
process to low permeability of the consolidated surface but another possibility is that
the interface itself resisted inflow.

The nature of this surface/interface boundary is arguably the most important
characteristic of exudation mechanics [84]; the two limiting cases are confined and
unconfined compression [78]. In confined compression, the surface boundary is
defined by zero pressure and the characteristic deformation time constant is
independent of contact area; unconfined compression is instead defined by a zero flow
surface boundary condition and its characteristic time constant is proportional to the
contact area [78]. The same distinctions must be made for fluid recovery. In this study,
free swelling is the limiting case of fluid recovery by an exposed surface with a zero-

pressure boundary condition at the surface; passive swelling is the limiting case of
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fluid recovery within an unloaded contact area with a the zero-flow boundary
condition at the surface. While it is reasonable to assume that cartilage surfaces
separate during/following unloading, experimental evidence indicating that contact
areas remain following unloading [196], [197]and even persist under tension
[193]refute this assumption. To date, however, the nature of these unloaded interfaces
and their implications for fluid recovery dynamics remain largely unstudied.

We recently discovered another distinct mode of fluid recovery, which we call
tribological rehydration, using convergent stationary contact area (cCSCA) sliding
experiments designed to activate hydrodynamic pressurization [116]. In the case of the
cSCA, sliding caused interstitial fluid recovery within the shielded contact area
without any change in the applied load. Our studies of tribological rehydration
consistently suggest that hydrodynamic pressures are responsible for pushing
entrained fluid into the loaded contact area [116], [117], [208]. Unlike free swelling,
which only rehydrates surfaces outside the contact area, tribological rehydration
rehydrates surfaces within the contact area (e.g., the femoral condyle and tibial plateau
contact patch). Unlike passive swelling, which requires reductions in applied loads,
tribological rehydration occurs at constant loads. While the phenomenon of
articulation-induced fluid recovery has been widely attributed to free swelling at
exposed surfaces [73], [211], tribological rehydration may also represent an important
contributor. However, because these modes have yet to be isolated and quantified,
their potential contributions to fluid recovery within joints remain uncertain.

The preservation of joint space during physical activity is often attributed to
the absence of flow [20] [6], but we propose that the constant strains observed within

articulating joints [37][102] [13, 28] represent a dynamic equilibrium between
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competing rates of fluid loss and fluid recovery. This distinction between competing
flows and the absence of flow at equilibrium [20] [12] [6, 10] may be extremely
important physiologically and biomechanically given that local flows mediate solute
transport, biochemistry, mechanobiology, non-equilibrium biomechanics, and other
flow-dependent processes [37], [211], [237], [239]. Furthermore, it implies that the
cartilage strain behaviors typically observed during activity [35], [37], [73], [106],
[116] fundamentally depend on a competition between rates of fluid loss and fluid
recovery. This paper isolates and quantifies these rates for the first time using
controlled cartilage explant testing under physiologically relevant stresses, strains, and
sliding speeds. The results show that free swelling and tribological rehydration are
disproportionately fast compared to passive swelling and suggest that periodic joint
movements may represent a critical mechanism for preserving and even restoring

cartilage hydration and joint space throughout a mostly sedentary typical day.

4.2 Methods

4.2.1 Materials

This study used nine mature (>18-month-old steer) bovine stifles acquired
through two local sources (Herman’s Quality Meats, Newark, DE and Bowman’s
Butcher Shop, Churchville, MD). Following thawing and joint dissection, a coring
saw was used to extract 19 mm diameter osteochondral cores from the medial and
lateral femoral condyles. Each sample was stored and hydrated in phosphate buffered
saline (0.15 M) containing protease inhibitor (P2714, Sigma Aldrich); we refer to this
solution as PBS from here on. Samples were stored at 4°C for less than 4 days prior to

testing and they were tested at 23°C over a period of less than 12 hours.
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Figure 4-1 Schematic of the experimental apparatus. (a) The cartilage-on-flat
configuration (which generates a convergent stationary contact area,
cSCA) was used for passive swelling and tribological rehydration tests.
The sample was clamped via the subchondral bone and the convex
cartilage surface was loaded against a glass disc 21 mm from a rotary
spindle. A calibrated water drip added DI water at the same rate as
evaporation to maintain osmolarity. (b) The indenter-on-cartilage
configuration was used with a porous (60 wm pores, 60% solid,
permeability (k) ~ 2500 mm*/Ns) plane-ended stainless-steel indenter
(¢ 6 mm) for free swelling tests. The sample was mounted to a 2-axis tilt
stage to align it with the indenter. Schematic sketches of tribological
rehydration, passive swelling, and free swelling are shown for reference.
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4.2.2 Instrument and Measurements

The custom pin-on-disc tribometer shown in Figure 4-1 was used to quantify
fluid loss and recovery by measuring sample compression in real time under varying
experimental conditions (loaded or nominally unloaded, static or sliding). Normal
loads (Fn) were measured with a 6-channel load cell (ATI nanol17, £10 mN) and
controlled using a vertical nanopositioning stage (Q-545, Physik Instrumente) with
force feedback. The displacements of this stage (x 10 nm) were used to maintain
constant load conditions and to track cartilage compressions (&) and compression rates
(8) in situ (i.e., cartilage thickness). The load head assumed either of two orientations.
The ‘cartilage-on-flat’ mode (Figure 4-1a) was used for passive swelling and
tribological rehydration characterization. In this configuration, large diameter convex
osteochondral samples were mated against an impermeable glass counterface that was
fixed or rotated (w = 0 or 4.8 rad/s, respectively) depending on the experiment. The
‘indenter-on-cartilage’ mode (Figure 4-1b) was used for free swelling measurements.
In this configuration, a cylindrical porous plane-ended indenter with effectively
infinite permeability was used to load and nominally unload cartilage (to a tare load)
without inhibiting fluid flow out of or into the compressed surface. The cartilage
surface was aligned normal to the indenter’s axis of rotational symmetry using a two-

axis tilt stage. Both the cartilage surface and indenter were bathed in PBS.

4.2.3 Fluid Recovery Measurements

A total of 21 osteochondral cores were used to quantify free swelling (N=7
samples), passive swelling (N=7), or tribological rehydration (N=7) rates following
varying periods of fluid exudation. These recovery modes are depicted in Figure 4-1.

We used static recovery of cartilage under a nominal 0.1 N tare load against a porous
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indenter to represent free swelling; this experiment tracks recovery without
obstructing fluid recovery through the ‘contacting’ surface [240], [241]. We used
static recovery of cartilage in contact under a nominal 0.1 N tare load against
impermeable glass to represent passive swelling; this fixed-boundary experiment is
well-controlled yet mimics the cartilage-on-cartilage passive recovery response as
shown in Figure B. 3, Appendix B.2.1. In-situ contact area measurements showed that
the contact pressure during passive swelling is ~1-10 kPa (Figure B. 4, Appendix
B.2.2). We used recovery of cartilage under a maintained 5 N load against an
impermeable glass surface sliding at a mean speed (V) of 100 mm/s to represent
tribological rehydration. The measured contact pressures were ~0.1-0.2 MPa
(Appendix B.2.2); for context, this is consistent with the contact pressures observed
during static body weight loading of the human knee in-vivo (~0.2 MPa)[242]. The
100mm/s sliding speed was selected as it falls in the middle of the range cited for the
human knee during gait[243], [244]. The superficial layer fiber direction was not
recorded during extraction and was randomly oriented with respect to the sliding
direction; a previous study testing this effect detected no significance [117].

To start each test, samples were loaded at 1 N/s to a target of 5 + 0.05 N. We
neglected flow during each loading and unloading ramp and treated deformations
during loading and unloading as effectively elastic®. At the target load, the sample lost
fluid over time until reaching a randomized compression target between 100 and 500
um; these targets correspond approximately to the compressions reported for the

human knee after 10 to 100 minutes of static loading [238]. Following this point,

6 Our biphasic model [83] with typical properties gives a mean flow rate of ~50 nm/s,
which indicates that ~0.25% of the ‘elastic’ deformation is attributable to flow
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passive and free swelling were initiated by reducing the load to 0.1 £ 0.05 N at 1 N/s.
The fluid recovery rate (passive swelling and free swelling) was quantified as a
function of time (after reaching the target) using the time derivative of compression
measurements; we used a zero-phase filter with a five-point moving average to
mitigate the effect of measurement noise on the derivative. These loss and recovery
rates are based on changes in cartilage thickness (um/s) and they are equivalent to the
rate of volumetric recovery per unit contact area. We then averaged these results from
the first 100 seconds of recovery to quantify a representative mean rate for each
sample; we chose this time to i) capture temporal changes, ii) represent a
physiologically relevant time scale (e.g., a walk to the water cooler), and iii) avoid

excessive weighting by the decay toward zero near equilibrium.
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Figure 4-2: (a) Methods used to quantify passive and free-swelling rates (&), which

are defined here as the rate of change in thickness or the rate of volume
change per unit contact area. Following static exudation at 5 N to a target
compression, load was decreased to a tare load of 0.1 N. Time-dependent
passive and free swelling rates were quantified using the instantaneous
slope of recovery data taken just after reaching the 0.1 N tare load. The
term ‘elastic’ denotes active loading and unloading phases where fluid
volume is approximately conserved. (b) Methods used to quantify
tribological rehydration and exudation rates, also defined based on the
change in thickness per unit time. Following static exudation at 5 N to a
target compression, fluid recovery accompanied the onset of sliding at
100 mm/s under the constant 5 N load. The time-dependent exudation
and recovery rates were quantified using the instantaneous slopes of the
exudation and recovery curves as shown. The tribological renydration
(total fluid gained, blue points) rate is the sum of the strain-matched
exudation (fluid lost, grey) and recovery (net fluid gained, green) rates as
shown.

Following exudation, tribological rehydration was initiated by sliding the disk

at 100 mm/s while maintaining a constant 5 N load. The magnitudes of fluid exudation

and recovery rates were quantified before and during sliding, respectively, by taking

the time derivative of filtered compression data as described above. In this case, the

applied load was maintained so there was no elastic recovery component. Given prior

experimental evidence that exudation to be approximately independent of sliding [19],
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net fluid recovery, which is measured, represents the difference between tribological
rehydration (fluid gained) and exudation (fluid lost). To quantify the tribological
rehydration rate at a given time, we added the measured recovery rate and the
exudation rate for the same compression as shown for an arbitrary time point in Figure
4-2b.

While there may be considerable uncertainty in the exudation rate during
sliding, the confounding effect on tribological rehydration rates is minimal when
recovery rates are positive; as Figure 4-2b illustrates, the tribological rehydration rate
only deviates significantly from the measured recovery rate due to exudation when the
recovery rate approached zero. These uncertainties can become dominant when the
majority of the recover signal comes from exudation. To avoid this potentially
confounding effect, we only quantified tribological rehydration rates when net
recovery rates were positive. An example of net exudation can be found in Figure

4-2a.

4.2.4 Data Analysis

The primary objectives of the study were to quantify mean rates of cartilage
compression recovery due to passive swelling, free swelling, and tribological
rehydration and identify any significant differences between these recovery modes. To
detect statistical differences between average rates, we utilized one-way ANOVAs
with Tukey’s HSD multiple comparisons tests; the threshold for establishing statistical
significance was defined as a multiplicity adjusted p-value of p < 0.05. A secondary
aim was to determine if recovery rates characterized by a given mode depended on the

initial exudation. These relationships were assessed using Pearson’s correlation
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coefficients (r), with the equation of the linear fit of this data being provided to assist

interpretation. All data analyses were performed using MATLAB 2019b.

4.3 Results

Passive swelling results are shown in Figure 4-3a (green data points) for a
single representative sample subjected to varying compression targets. The last 15
seconds of exudation (dark background) under static loading (5N) and the elastic
recovery response (light background) during unloading (to 0.1N) are shown for
reference. Figures 4-3c and 4-3d show that passive swelling rates slowed
monotonically as cartilage recovered fluid (i.e., decompression) over time; in this case,
passive swelling rates decreased from an initial range of 0.10-0.25 pum/s to a range of
0.01-0.10 pm/s after 150 s.

Free swelling results are shown in Figure 4-3b for a second representative
sample subjected to varying compression targets (yellow data). The elastic recovery
was about 50 pm for both sets of experiments regardless of the initial exudation.
Figures 4-3c and 4-3d show that free swelling had a first-order character similar to that
of passive swelling but with faster rates; free swelling rates decreased from an initial

range of 0.9 to 1.3 um/s to a range of 0.2 to 0.4 um/s after 150 s.
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Figure 4-3: Results of passive and free swelling experiments. (a) Raw end-of-
compression and start-of-recovery results from passive swelling

representative sample subjected to varying compression targets followed by loaded

high-speed sliding. The load was fixed at 5 N and the compression measurement

measurements for a single representative sample subjected to varying

150

tissue compression; each experiment is labeled with its initial exudation
in microns. (b) Raw compression and recovery results from free swelling

measurements for a different representative sample with varying tissue
compression. The exudation and elastic recovery portions of the curve

are highlighted in dark and light grey zones, respectively. (c) Fluid
recovery (in microns) for passive and free swelling versus time from the
same two representative samples. (d) Passive and free swelling rates (in
microns per second) versus time for the same two representative samples.

Tribological rehydration results are shown in Figure 4-4a for a third

comprised an initial elastic component (~100 um on average) and an initial exudation

component (indicated). Regardless of the initial exudation condition, this sample

approached the same dynamic equilibrium (~175 um) during sliding. The sample

recovered fluid during sliding when the compression exceeded the dynamic

equilibrium and it lost fluid when sliding was initiated below this target (e.g., the 98

um initial exudation case). These observations are consistent with our hypothesis that
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the absence of net flow at the dynamic equilibrium reflects a competitive balance
between tribological rehydration (input) and exudation (output) rather than the
absence of flow in an absolute sense. The amount of net fluid recovered by the sample
increased with initial exudation as shown in Figure 4-4b. In each of the four ‘net
recovery’ cases’, tribological rehydration rates were 1-2 um/s initially and decreased
over time to a final value of ~0.2 um/s at the dynamic equilibrium (Figure 4-4c). As
Figure 4-4c illustrates, the dynamic equilibrium represents the compression/strain for
which the tribological rehydration rates equal the exudation rates. Across all samples
and conditions, the mean and standard deviation for the dynamic equilibrium
compression and the dynamic equilibrium inflow/outflow rates were 181 + 64 um (82
um from outflow after accounting for 99 um of elastic compression due to loading)

and 0.22 + 0.07 pum/s, respectively.

7 We excluded the 98 um initial exudation case from our analysis because it
experienced ‘net exudation’ during sliding. While it is possible to quantify tribological
rehydration rates despite net exudation, the measurement signal is dominated by
exudation and sensitive to the uncertainty in the exudation rate.
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Figure 4-4: Results of tribological rehydration experiments conducted with varying
tissue compressions for a single representative sample. (a) Raw
compression and recovery results from tribological rehydration
measurements for a single representative sample subjected to different
initial compressions; each experiment is labeled with the initial
compression at the onset of sliding minus the elastic compression. (b) Net
measured fluid recovery starting from the onset of sliding as a function of
time for the same experiments. (c) Tribological rehydration rates and
exudation rates for the same experiments as a function of time. The
system reached a dynamic equilibrium of zero net flow when exudation
(outflow) balanced tribological rehydration (inflow) at ~0.2 um/s each.

Figure 4-5a shows how the mean flow rates (all samples, all conditions) vary
as a function of time for the first 100 seconds of each recovery experiment; the shaded
regions represent 95% confidence intervals for these mean values. All three modes
slowed as the system approached full recovery over time. Free swelling and
tribological rehydration were consistently an order of magnitude faster than passive
swelling. Interestingly, free swelling and tribological rehydration exhibited
overlapping confidence intervals over the entire range with both rates decreasing from

initial rates of >1 um/s to 0.3 um/s after 100 s of sliding (rehydration time).
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The average inflow rate over the first 100 seconds of recovery is plotted for
each sample as a function of compression due to exudation in Figure 4-5b. For this
range of testing conditions, the rates (mean + the standard deviation) of free swelling,
tribological rehydration, and passive swelling were 0.71 + 0.15, 0.63 = 0.22 um/s, and
0.11 + 0.04, um/s, respectively. The shaded regions represent the overall means and
their 95% confidence intervals. A one-way ANOVA detected significant differences
among these rates. Post-hoc testing showed that free swelling and tribological
rehydration rates were significantly faster than passive swelling (p < 0.0001); it
revealed no significant difference between free swelling and tribological rehydration
rates (p = 0.16). On average, free swelling and tribological rehydration rates were ~6
to 7-fold faster than passive swelling. We detected no significant correlation between
the compression due to exudation and the tribological rehydration rate (r =0.11, p =
0.34)). However, the free swelling rate increased with compression due to exudation (r
=0.53, p =0.007) and the passive swelling rate decreased with compression due to

exudation (r = -0.51, p = 0.003).
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Figure 4-5: Summary of fluid recovery rates for all samples. (a) Mean inflow rates
from all measurements for passive swelling (green), free swelling
(yellow), and tribological rehydration (blue) as a function of time for the
first 100 seconds of recovery (shaded regions represent the 95%
confidence intervals for these mean values). All three recovery rates
decreased with time but tribological rehydration and free swelling rates
were approximately an order of magnitude higher than passive swelling
over the entire time course. (b) Average inflow rates for the first 100
seconds of recovery versus compression from exudation prior to recovery
for all tested samples. Shaded regions represent the overall means and
their 95% confidence intervals.

4.4 Discussion

This paper defined, isolated, and quantified three distinct modes of competitive
fluid recovery that cartilage has access to: passive swelling in nominally unloaded
contact areas, free swelling at exposed surfaces, and tribological rehydration within
loaded tribological contact areas. To our knowledge, these are the first direct
measurements to quantify the fluid recovery rates associated with each mode.
Tribological rehydration rates (0.63 pm/s) and free swelling rates (0.71 um/s) were
significantly faster than passive swelling rates (0.11 um/s) over the first 100 seconds
of recovery. In addition, this 7-fold difference in recovery rate was generally sustained

at longer timepoints. More importantly, tribological rehydration and free swelling
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rates were at least an order of magnitude faster than the exudation rates observed
during static loading just prior to sliding (0.06 um/s). This competitive asymmetry
between fluid recovery and exudation helps explain why articulation reversed fluid
loss so quickly in prior studies[73], [116], [243].

The specific rates reported here are, of course, limited to the conditions of the
study. These rates are likely to change with sample size, load, sliding speed, and
lubricant presence, among other variables[117], [208], [245], [246]. Nonetheless, their
agreement with results from more clinically relevant studies is noteworthy. Following
14 minutes of static loading, the mean exudation rate from intact human
patellofemoral (PT) joints was 0.03 um/s [238]. The mean passive swelling rate
observed for knees of live human subjects[35] was 2 to 6-fold slower than those
observed here (0.05 and 0.2 um/s) and these differences are consistent with 2 to 6-fold
larger contact areas in the PT joint [78]. Importantly, these observations are consistent
with the hypotheses that joints maintain cartilage-on-cartilage contact following
unloading, the contact interface is a significant impediment to fluid recovery, and the
impediment increases with increased strain and contact area/path length. Additionally,
following load-driven fluid exudation/compression within canine ankles, loaded
articulation led to net fluid recovery at an estimated rate of ~1 um/s[73], which agrees
well with the free swelling and tribological rehydration rates observed here. This
preliminary agreement between our results and those of more clinically relevant
studies suggests that our selection of stresses, strains, and sliding speeds provide a
strong degree of physiological relevance while promoting experimental control.
Perhaps even more interestingly, the dynamic equilibrium strain response during

tribological rehydration (~5% from fluid flow) was consistent with that observed in
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the knees of mobile human subjects[37], [106]. Whether this consistency was
fortuitous or the results of a more fundamental biomechanical response by cartilage
remains to be seen. Subsequent work will aim to clarify how controllable experimental
variables such as load, stress, and sliding speed influence the recovery process and
dynamic equilibrium response.

The observation that joints maintain interstitial hydration and pressure during
activity has been explained previously by the idea that the contact area migrates across
the cartilage surface faster than the interstitial fluid can respond [12], [21]. This
absence-of-flow paradigm is useful, particularly under equilibrium conditions, but it
fails to provide insight into non-equilibrium dynamics. For example, it cannot explain
the observation that cartilage in the human knee gradually thins toward a dynamic
equilibrium during the first 30 min of walking[37]. To resolve this outstanding issue,
we propose the competitive rates paradigm illustrated by Figure 4-6. During static
loading, our observations and those of from the human patellofemoral (PF) joint[238]
suggest exudation rates on the order of 0.05 pm/s (Figure 4-6¢). Unloading the joint
statically leads to comparable passive swelling rates of 0.03 pm/s according to
measurements with living human subjects[35] (Figure 4-6b). During joint articulation,
however, our results suggest that recovery rates are much faster due to the combined
effects of tribological rehydration inside the contact (0.63 um/s) and free swelling
(0.71 um/s) at free surfaces outside the contact (Figure 4-6¢). Linn’s measurements of
exudation during static loading and joint space thickening during loaded and unloaded

articulation are consistent with this paradigm and the rates measured here[73].
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Figure 4-6: An illustration of the competing rates paradigm for describing cartilage
fluid retention in the joint. (a) Exudation occurs during loading and the
rates of fluid loss decrease with increasing contact area [9]. (b) Passive
swelling occurs during static conditions within the contact area. (c) Free
swelling and tribological rehydration occur during articulation outside
and inside the contact area, respectively.

Our competitive-rates paradigm helps explain why Paranjape et al. [37]
observed overall fluid exudation despite contact migration during walking. Walking
from a fully hydrated state (the intended initial condition of the study), where the
initial strain is assumed to be 0%, requires net exudation. As net exudation occurs,
however, exudation rates decrease and recovery rates increase until meeting at the
dynamic equilibrium (~5% strain is typical [35], [37], [73], [106]). In general, one can
expect net fluid loss whenever strains are below their dynamic equilibria and net fluid
recovery otherwise. Linn showed this effect directly. He observed either net fluid loss
or net fluid recovery to the same dynamic equilibrium when he articulated canine
ankles from a fully recovered state or from a consolidated state, respectively [73]. The
same effect is evident in Figure 4-4; depending on the initial exudation, the sample
exhibited either net exudation or net recovery during sliding, as appropriate, until
reaching a consistent sample-dependent dynamic equilibrium compression. An
important and unstudied practical question is whether and how quickly joint space is
restored during walking following static loading (e.g. an hour at a standing desk). Our

observations suggest that as little as a few minutes of walking might restore joint
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space following an hour or more of continuous static loading. This hypothesis can be
tested with existing methods and the results may have significant clinical and
occupational implications.

Beyond clinical implications, these results help answer long-standing questions
about the conditions of the contact interface following nominal unloading. Biphasic
analysis assumes that the cartilage contact area is effectively impermeable[12] but this
neglects the possibility that cartilage absorbs fluid from the interfacial gaps created by
its unusually rough surfaces[189]. The latest theoretical studies support the
impermeable interface assumption [95], [96], [129], [200]. In particular, a study by
Liao et al. showed that exudation rates in realistically rough cartilage contacts were
only slightly greater than those of an impermeable interface because compression of
individual asperities reduces surface roughness, the size of interfacial gaps, and the
interfacial permeability[129]. Using only basic contact mechanics arguments, Klein
previously reached a similar conclusion that ‘under the pressures of living joints, the
surfaces of the sliding articular cartilage are expected to conform smoothly and
uniformly to each other, presumably down to separations of order nanometres’ [247].
Because both arguments are based on load-induced deformation, it is reasonable to
expect asperity decompression, increased interface permeability, and high recovery
rates following nominal unloading. However, our results are inconsistent with this
expectation; the observation that passive swelling rates were only ~17% the free
swelling rates suggests that the nominally unloaded (0.1 N tare load) contact area
remained resistant to fluid inflow and that the unloaded asperities remain highly
compressed. The low interfacial permeability (coupled with long fluid path lengths)

following joint unloading helps explain the otherwise surprising fact that cartilage
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contact areas remain large following unloading[196], [197] (see Figure B. 5) and even
persist under tension [193].

Extremely thin interfacial gaps can be expected to slow exudation and passive
swelling while amplifying hydrodynamic pressures and promoting tribological
rehydration. Thus, it appears that movement-induced recovery is favored by design
over static recovery. Interestingly, a recent theoretical study [248] showed that
tribological rehydration is driven by hydrodynamic pressures and actually anticipated
the rehydration rates observed here. Given its hydrodynamic origins, we were
surprised that tribological rehydration rates at loaded low permeability interfaces were
comparable to and even statistically indistinguishable from free swelling rates. One
potential explanation is that hydrodynamic pressures only serve to push fluid into the
low permeability interface[34], [117] and that osmotic swelling pressures ultimately
regulate fluid uptake rates (as they do for free swelling). This hypothesis suggests that
tribological rehydration rates will be limited by the lesser of the hydrodynamic
transport rate (to the interface) or the free swelling rate. In the future, we will vary
sliding speed (the driver of hydrodynamic transport) and contact stress and/or
osmolarity (a driver of free swelling) to test this hypothesis more directly.

This study has several important limitations. While the conditions of this study
were selected for their physiological relevance, no single set of conditions can
represent the diversity of conditions in-vivo [161]; in particular, the effects of load,
speed, and material properties remain untested. The only effects we tested here were
those of time and strain. Free swelling rates increased with strain due, presumably, to
increased osmotic pressure (Figure 4-5b). Passive swelling rates slowed with increased

strain; in this case, the favorable effect of increased osmotic pressure appears to have
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been offset by the competing effects of increased contact area/path length, increased
asperity compression, and decreased interface permeability. Lastly, we used a smooth
glass surface or a porous steel indenter as the mating surface depending on the
experiment. Clearly, neither surface approximates the native cartilage surface. While
migration makes tribological rehydration impossible to isolate in cartilage-cartilage
contacts, we were able to test unloaded (passive) recovery of cartilage-on-cartilage
contacts. The results in Figure B. 3 show that passive swelling occurred at about the
same rate whether cartilage was mated against glass or another cartilage surface; thus,
cartilage appears to be approximately impermeable from the passive swelling point of
view, which explains the slow recovery during static unloading in-vivo[35]. We will
study this effect in detail in a future study. In addition, the porous indenter is a concern
due to the stress concentrator and may affect results if it damages the surface. We
repeated passive swelling measurements after porous indentation and observed no
effect from indentation (Figure B. ). Additionally, we found no difference in the free
swelling rates based on measurements with a porous indenter and a porous flat disc
(not shown).

In summary, this study provides several important joint biomechanics insights.
First, it provides evidence that dynamic compression/strain equilibria in cartilage
reflect a balance between fluid loss and recovery rather than the absence of fluid flow.
Second, it shows that movement-induced fluid recovery rates (due to direct surface
exposure and tribological rehydration within the contact) are 7-fold those of passive
swelling (due to nominal unloading) at the tested conditions. Third, it demonstrates
that interfacial permeability is extremely low, even in nominally unloaded contacts,

and suggests that low interface permeability may be the key feature underlying
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competitive asymmetry between movement-induced fluid recovery and load-induced
fluid loss (exudation would be far faster without significant resistance to interfacial
flow). Fourth, it presents a new competitive rates paradigm with which to interpret
these empirical results. In a recent study, for example, we used this competing rates
paradigm with strain measurements from small range-of-motion MCA experiments to
deduce that free swelling rates were likely ~1 um/s[105]; this study validates that
deduction. This paradigm also provides a theoretical basis for anticipating dynamic
equilibrium strains and loss or recovery rates during walking[37] and other activities.
Finally, and most importantly, it suggests that brief but regular physical activity may
be the most effective way to maintain maximum joint space thickness and cartilage

function throughout an otherwise sedentary day.
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Chapter 5

AIM 4—HYDRODYNAMIC DRIVEN REHYDRATION: HOW TO REACH
FUNCTIONAL EQUILIBRIUM

5.1 Introduction

Acrticular cartilage transfers load between bones with minimal friction. When
healthy, the tissue maintains this function throughout life. Cartilage remains healthy
when chondrocytes achieve homeostasis and damaging stresses are limited. To
achieve these goals, cartilage must regularly pressurize its interstitial fluid [39], [239],
[249], which is generally achievable during load-bearing activities like walking [16],
[250], [251]. However, some joint loading patterns may defeat fluid pressurization and
predispose cartilage to a harmful environment leading to OA [131], [252].

Fortunately, cartilage maintains ~5% strain throughout the day, on average
[106], [107], which reflects minimal fluid loss and high fluid pressure. Because static
loading of the joint can yield ~50% strain within hours [238], low diurnal strains do
not reflect an absence of exudation, but rather a play between load induced exudation
and rehydration [243]. In the previous chapter, we demonstrated that movement
mediated rehydration rates are ~10x faster as compared to passive swelling [198];
movement-based rehydration substantially outcompetes exudation rates to permit
efficient rehydration. Thus, cartilage can establish a consistent ~5% strain during
movement [35], [37], [73], [101]-[104], even though articular joints withstand forces

much greater than body weight [253].
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The asymptotic 5% strain — which is deemed the “dynamic equilibrium” — is
where fluid inflow and outflow are equal, and represents the operating conditions of
cartilage during movement [37]. One explanation of this low strain depends on the
migration of the cartilage contact area during movement. With this migrating contact
area (MCA) paradigm, dehydrated portions of cartilage are intermittently exposed to
surrounding fluid for relatively quick rehydration [73], [75]. A recent paper out of our
group demonstrated that cartilage maintains low strain and relatively high fluid
pressure even when only a small portion (<10%) of the contact patch is periodically
exposed to the bath [105]. The MCA paradigm, however, cannot be applied to
situations where joint contact remains relatively buried during movement (e.g. tibial
plateau).

Tribological rehydration, which was introduced in Chapter 4, is a substantial
contributor when rehydrating buried contacts [198], even under constant load. Our
current experimental evidence suggest that hydrodynamic pressurization promotes
tribological rehydration when sliding occurs at high joint sliding speeds (>50mm/s)
[116], [117], [208]. During the dynamic equilibrium, exudation continues due to a
sustained contact, but hydrodynamic pressure restores fluid at the same rate. In a
recent modeling study of dynamic equilibrium, de Boer, et al. confirmed that load
induced exudation rates and hydrodynamic induced rehydration rates must equate
[254]. Furthermore, they determined that cartilage inflow was primarily driven by a
pressurized front at the leading edge of contact, which helps fluid advect through the
dehydrated tissue [254], [255]; our previous experimental data have also suggested
this phenomenon [116], [117], [208], [256], [257]. However, the authors treated the

cartilage contact as two nominally flat surfaces in motion that could allow for
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development of a fluid film. When the film thickness is zero, no rehydration exists in
the contacting region because no flow can occur between a non-existent gap. This fact
disallows any interfacial flow during mixed-mode lubrication. The cartilage tribology
community, however, have generally accepted that articular joints experience mixed-
mode lubrication during gait [195], [258], [259], since the roughness of cartilage,
which is on the order of 1-10 um [92], is much larger than any developed fluid film,
which is on the order of nm [116].

In response, Putignano et al. developed a hydrodynamic model, which included
the roughness parameters of cartilage, to investigate how sliding drives fluid into
cartilage upon movement initiation [248]. Prior to moving, prolonged static loading
substantially deforms the soft surface asperities, which essentially seals the interface
from any more fluid flow [96]. Upon movement, a pressurized wedge (see Figure 5-1),
‘peels’ the leading edge of cartilage, effectively opening interface for fluid flow. The
roughness of cartilage in Putignano’s model allowed for a percolated network of fluid
flow within the interface [248]. In this model, the rehydration rate was linearly
dependent on sliding speed of cartilage, but independent of load. Additionally, this
model only analyzed the onset of sliding (i.e. movement initiation) and not the

dynamic equilibrium (i.e. continual movement).
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Figure 5-1: Activation of the hydration mechanism is dependent on the available
wedge based on the curvature of cartilage. Pressure is increased as the
fluid is entrained into the wedge and allows fluid to enter the
semipermeable membrane. Most of the inflow rate into cartilage is
within the pressured wedge, as predicted by hydrodynamics. The
pressure and inflow rate data is modified from [248].

While initial rehydration rates scale with sliding speed, it is unknown how
sliding speed and load will affect hydrodynamics at the dynamic equilibrium.
Addressing this knowledge gap can illuminate the specific parameters that drive
dynamic equilibrium strains witnessed in vivo, and consequently help scientists and
engineers understand what biomechanical conditions promote cartilage function. Thus,

we experimentally varied sliding speeds and contact loads while quantifying the
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deformation and rehydration rates at dynamic equilibrium. Because increases in
sliding speed drive up hydrodynamic pressure [116], [117], [208], [245], [248], [257],
[260], we hypothesized that an increase in physiologically relevant sliding speeds
would increase the rehydration rate and overall tissue thickness. Furthermore, we
hypothesized that an increase in load would defeat interstitial pressure[17], [21],
[206], and thus lead to a lower rehydration rate at higher loads. Accordingly, we
calculated the fluid load support (FLS)—which represents the portion of load carried
by interstitial pressure—as a function of load. Outcomes from this study will
determine the crucial mechanical variables that predict the dynamic equilibrium, while

also elucidating the role of hydrodynamics on tribological rehydration.

5.2 Methods

5.2.1 Materials and specimen preparation

This study used mature ( > 18-month-old steer) fresh bovine stifles acquired
locally (Herman’s Quality Meats, Newark, DE). A coring saw was used to extract 19
mm diameter osteochondral cores from the medial and lateral femoral condyles for a
total of n=17 samples. Following extraction, samples were then washed and stored in
DI water containing protease 1X inhibitor solution at 4 °C or dried under rough
vacuum for 24 + hours to preserve the tissue. Previous studies have demonstrated
tissue dehydration is an effective means of preserving cartilage mechanics[22], [116],
[117], [202]. Dehydrated samples were rehydrated overnight before testing the next
day (12+ hours of rehydration). Testing on samples commenced within 4 days of DI
water storage and were tested at 23 °C over a period of less than 12 hours. A previous

investigation demonstrated that tribological rehydration characteristics are
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reproducible within 96 hours of initial testing [245]. Immediately prior to testing, all
samples underwent a preconditioning cycle of 5 minutes of static loadingat5 N, 5

minutes of sliding loading at 5 N, and 10 minutes of free swelling [117].

5.2.2 Instrument and Measurements

The custom pin-on-disc tribometer shown in Figure 4-1 from Chapter 4 was
used to quantify the sample-specific dynamic equilibrium magnitudes by measuring
tissue compression in real time. Normal loads (Fn) were measured with a 6-channel
load cell (ATl nanol17, £10 mN) and controlled using a vertical nanopositioning stage
(Q-545, Physik Instrumente) with force feedback. The displacements of this stage (£
10 nm) were used to maintain constant load conditions and to track cartilage
deformation (3) and deformation rates (&) in situ. The osteochondral samples were
mated against an impermeable glass counterface 28 mm from the center of contact.
The disc was rotated at varying rotational speeds to induce an array of sliding speeds.
Rotational positions were tracked via an encoder (MA3, U.S. Digital) attached to the
spindle. A dual-LED light source provided the necessary lighting for the camera
(Teslong Inc.®) to capture the contact area during FLS measurements.

Because of the nature of the pin-on-disc tribometer and varying location of
contact on the cartilage sample, the mean sliding speed may incur £30% error [261]. A
preliminary measurement of cartilage contact demonstrated that the center of contact
only deviated by a maximum of 9.7% with a mean deviation of 4.5%; thus, reported
sliding speeds varied a maximum of 9.7% based on sample variation. The cartilage
surface was bathed in DI water containing protease 1X inhibitor solution during all

testing.
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5.2.3 Measuring the Dynamic Equilibrium with varying Sliding Speeds and
Load

A total of n =7 osteochondral cores were used to quantify the deformation and
rehydration rates of cartilage at the dynamic equilibrium for 1,2,3,4 and 5 N loads for
varying physiological sliding speeds of 200, 100, and 50 mm/s. These sliding speeds
represent the maximum, average, and minimum sliding speeds, respectively, of the
human tibiofemoral joint during swing phase [244]. For each load, samples were
statically loaded for 20 minutes to develop the exudation rate profile needed during
tribological renydration [198]. After the static load, samples were then slid at
200mm/s at the same load to recover fluid until the dynamic equilibrium was reached
(see Figure 5-2A). Because of the eccentricity of the spindle, 0.25 to 0.30 N of runout
was expected within each rotation. Thus, the average desired load was maintained and
updated after every rotation of the spindle.

Dynamic equilibrium was established when the rate of recovery maintained <
0.075 Aum/rotation8. After establishing dynamic equilibrium at 200 mm/s, the speed
was reduced to 100 mm/s until dynamic equilibrium, and subsequently reduced to
50mm/s until dynamic equilibrium. Establishment of the dynamic equilibrium was
repeated twice more at each speed to determine the repeatability of measurements.
(see Figure 5-2B). The dynamic equilibrium process was repeated for all loads.
Cartilage samples were allowed to free swell in DI water for 60 minutes between each

tested load.

8 A first order Savitsky-golay filter with a 15 point window was used to filter the
change in deformation data. Deformation rates were computed from filtered data.
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repeated 2X per load. B) The dynamic equilibrium is noted in dark blue
circles for each sliding speed.
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Because the rehydration flow equates to exudative flow, the rehydration rate at
equilibrium was considered the strain matched exudation rate from the exudation
curve (see Figure 4-2b for tribological rehydration rate analysis). Total deformation,
fluid deformation, and rehydration rate were fit to separate linear mixed effects models
with load and sliding speed as independent variables, and sample as the random

variable (a = 0.05 for significance).

5.2.4 Measuring the Fluid Load Support at Dynamic Equilibrium

Eight (n= 8) osteochondral cores were used to quantify FLS at dynamic
equilibrium for 1,2,3,4 and 5 N loads for a single physiological sliding speed. Samples
submerged in DI water and 10 ml of India Ink were statically loaded at a single load
for 5 minutes to exude fluid (Figure 5-3A). Loaded samples were then slid at 100
mm/s to recover to sliding equilibrium (Figure 5-3B). Holding the equilibrium
deformation constant, the sliding speed was set to 0 mm/s, while allowing the force on
the cartilage to subside to an equilibrium value (Figure 5-3C). A camera captured
contact area images at sliding-equilibrium contact pressure (o) and force-relaxation-
equilibrium contact pressure (gg). See Figure B. 6 in the Appendix for calculations of
the contact area during sliding experiments. Per biphasic theory, the FLS was then
calculated with the following equation:

FLS = ”FﬁT“d =22% (22)

g
This process was repeated for each load for each sample. A linear mixed

effects model was fit to FLS as a function of load to compare load dependency among

samples (o = 0.05 for significance).
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Figure 5-3: A representative test (4N) for cartilage FLS measurements. The force is
maintained in part (A) to exude fluid. Cartilage was then slid to recover
fluid and achieve equilibrium in part (B). Afterward, sliding ceased and
deformation was held constant until force relaxation equilibrium (C). The
FLS for cartilage was calculated at dynamic equilibrium deformation (B).

5.2.5 Measuring the Dynamic Equilibrium at Sub-physiological Sliding Speeds
To determine if hydrodynamics contributes to inflow at slower sliding speeds,
dynamic equilibrium rehydration rates were computed for speeds under 50 mm/s for
n=2 separate osteochondral samples. Loads of 3 and 5 N were used for this test.
Samples were statically loaded for 90 minutes to develop the exudation rate profile

needed during tribological rehydration. After the static load, samples were then slid at
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200 mm/s at the same load until dynamic equilibrium. After reaching equilibrium,
samples were then slid at progressively smaller velocities until equilibrium (100, 50,
30, 25, 22, 20, 18, 16, 14, 12, 10, 8, and 6 mm/s). To minimize testing time, maximum
of 30 minutes of sliding per speed was allowed.® If equilibrium was not reached
within 30 minutes, the data were fit to the first-order function §(t) = A + Be~¢¢ and

the dynamic equilibrium deformation is, by definition, equal to A.
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Figure 5-4: A representative test of slow speed testing for a single load. For this test,
speeds 30 to 14 mm/s reached equilibrium within 30 minutes. The first
order equation was applied for speeds 12 to 6 mm/s to estimate the
dynamic equilibrium values.

9 Because of the slower rotational rate of the spindle, the lower sliding velocities
would take longer to rehydrate to equilibrium and may not have reached an
equilibrium value within a 30 minute sliding timeframe. This was to minimize wear
from the increasing friction.
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5.3 Results

5.3.1 Dynamic Equilibrium with varying Sliding Speeds and Load

The dynamic equilibrium deformation as a function of load and sliding speed
for a representative cartilage sample is displayed in Figure 5-5. For each combination
of load and speed, measures of the dynamic equilibrium were consistent, as standard
deviations did not exceed 3% of mean values. This indicates that establishing the
dynamic equilibrium is repeatable, regardless of the previous testing conditions.

The linear mixed model for total deformation (R?>=0.91) indicated sliding
speed was not related to the dynamic equilibrium deformation (p=0.80), but that load
was positively related to the dynamic equilibrium deformation (p<0.001). The model
including dynamic equilibrium fluid deformation (R®>=0.91) indicated similar
findings— it was positively related to input load (p<0.001), but was almost significant
with sliding speed (p = 0.056). The linear model including rehydration rates (R?=0.70)
indicated the sliding speed significantly increased rehydration rate at equilibrium
(p<0.001) while contact load significantly decreased the rehydration rate (p<0.001).
The data for a representative sample is shown in Figure 5-6. As shown, the dynamic
equilibrium is solely dependent on the normal force (Figure 5-6A), while the
hydrodynamic effect is more apparent with decreased fluid equilibrium values and

increased rehydration rates (Figure 5-6 B and C, respectively).
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Figure 5-6: Representative sample data for A) the dynamic equilibrium, B) dynamic
fluid equilibrium, and C) the rehydration rate at the dynamic equilibrium.
Error bars shown indicate + 1 standard deviation.

5.3.2 Fluid Load Support at Dynamic Equilibrium

The FLS vs. load at the dynamic equilibrium is shown in Figure 5-7 for all
samples. The mean FLS ranged from 0.84 to 0.62 analyzed on a per sample basis. The
linear mixed model demonstrates that force does not significantly affect FLS (p= 0.62)

among all samples analyzed.
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Figure 5-7: The FLS as a function of load. Different colors represent unique samples.
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5.3.3 Dynamic Equilibrium at Low Sliding Speeds

The dynamic equilibrium rehydration rate as a function of load and sliding
speed for two representative cartilage samples are displayed in Figure 5-8. At lower
speeds (6-20 mm/s), rehydration rate increased with a very shallow slope. From
speeds ranging from 20 to 100 mm/s, the rehydration rate rapidly increased 10 to 20-
fold. The effect of increasing velocity on rehydration rate visually reaches an
asymptote above 100 mm/s of sliding speed. While rehydration rates did increase
above 100 mm/s as seen in section 5.3.1, the relative increase in rehydration rates were
insignificant as compared to the increases from 20 to 100 mm/s. The implications of

this behavior will be discussed.
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5.4 Discussion

This study uncovered the effects of physiological sliding speeds and loads that
drive the deformations, rehydration, and fluid load support during tribological
rehydration. As hypothesized, our results show that increasing load leads to increased
dynamic equilibrium strain and decreased tribological rehydration rates. Increased
sliding speeds had very little effect on the dynamic equilibrium strain or the
tribological rehydration rate under a physiologically relevant range of speeds from 50

to 200 mm/s.
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Interestingly, the observed effects of load and sliding speed on the tribological
rehydration of cartilage appear to conflict with our previous theoretical predictions
that tribological rehydration is proportional to speed and independent of load [247].
However, that study by Putignano et al. considered only the hydrodynamic rehydration
upon start of sliding, after the interface had been depressurized from static loading.
Because cartilage is dehydrated and depressurized, any entrained fluid entering the
interface will be preferentially driven into the tissue. Thus, it is effectively a prediction
of entrainment into the contact interface rather than a prediction of cartilage
absorption [247]. In this case, the interface is pressurized at the dynamic equilibrium
and the driving force for fluid absorption is radically diminished compared to static
equilibrium. Thus, in the case of high fluid load support, the amount of fluid absorbed
by the cartilage (tribological rehydration rate) is much less than the amount of fluid
entrained into the contact (refer to Figure 5-9 for descriptive illustration). At high-
speed sliding dynamic equilibrium, we presume that the flow supplied to the interface
is shared between flow into the tissue and flow through the interface.

With this in mind, the two important questions to ask are: What regulates the
rehydration rate and how does it change at higher loads and lower speeds? The key
finding is our observation that fluid load support is independent of load. Increasing
load by 5x increased the dynamic equilibrium strain proportionally, but it had no
effect on fluid load support, which remained constant for each sample. In other words,
when load increased, the stress supported by the matrix increased but the fluid
pressure increased by the same amount. Thus, cartilage behaves such that strain and
friction are proportional to load as would be expected based on Hooke’s and

Amonton’s laws, respectively. It has been well-demonstrated that fluid load support is
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fixed at some value that depends on the material properties of the sample during
indentation, instantaneous loading, and sliding in the migrating contact area. This
study demonstrates the same self-regulation effect on fluid load support in the
convergent stationary contact area.

Thus, the generalized takeaway is that cartilage regulates fluid load support
when sliding supplies the interface with sufficient fluid. Naturally, the dynamic
equilibrium strain will increase proportionally with load as observed. This observation
also provides an expectation for the effect of load on the tribological rehydration rate,
which is equal to the exudation rate at the dynamic equilibrium strain. We can
anticipate the effect of load on the tribological rehydration rate by considering
biphasic theory. The exudation rate at a given strain increases with load, but the
relevant strain (dynamic equilibrium) also increases. Thus, according to theory, the
tribological rehydration rate is insensitive to load (other variables being equal) because
the effect of increased load on the strain rate is offset by the competing effect of strain.
The fact that we observe some effect of load can be explained by changes in other

variables such as changes in interface permeability.
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Illustration of the rehydration hypothesis at the dynamic equilibrium.
After opening of the wedge, the flow into the cartilage interface (Qin) is
the sum of the flow into the tissue (Qr) and through the interface (Qi). Py
equals the sum of interstitial pressure and osmotic pressure. Py is the
lubricating pressure hydrodynamic pressure. After static loading, initial

sliding will cause % >> %, since interstitial pressures have dropped,
and flow will preferentially drive into the tissue. At high-speed sliding,

interstitial fluid pressure is restored and % ~ %, such that the flow into

the tissue (Qt) will now compete with flow through the interface (Qi). An
increase in sliding speed will increase %, but also increase % and
decrease kr [185] such that hydrodynamic inflow is limited.

Lastly, the investigation into rehydration rates for a range of high and low

sliding speeds (Figure 5-8) provides further insight into the hydrodynamic triggering

mechanism of tribological rehydration. As expected, the rehydration rate is capped at

high physiological sliding speeds and decreases with contact load. However, the rapid

decrease in rehydration rates below ~50mm/s demonstrates that hydrodynamic

rehydration effects are rapidly blunted. From ~20-6 mm/s, rehydration rates still scale

with sliding speed, but are inconsequential as compared to physiological sliding

speeds. Therefore, the rehydration characteristic of the tissue can be thought of three

distinct behaviors, as illustrated in Figure 5-10. From 0 to 20 mm/s, hydrodynamics

likely pressurizes fluid at the wedge, which is indicative of the non-trivial increase in

rehydration rate with increased sliding speeds (see illustration in Figure 5-10 A). This

110



agrees with previous experimental investigations [117], [263]. Beyond 20 mm/s,
elasto-hydrodynamics (EHD), ‘peels’ open the interface through fluid pressurization,
and creates a preferential channel for fluid to enter the interface[116], [265], [266].
This pressurized fluid now can directly rehydrate the contact interface, instead of only
the convergent wedge, leading to a >10X increase in rehydration rate (compare 20 to
50 mm/s in Figure 5-10 B). This “transition” speed to higher rehydration rates is
consistent with previous data [117], [263]. In region B of Figure 5-10, increasing
sliding speed will increase hydrodynamic pressure to push more fluid into the
interface. Within this region, the fluid is still preferentially absorbed by the tissue.

Around 50 mm/s, the rehydration rate of the system begins to saturate, and
some of the interfacial fluid is not absorbed and passes through the contact, as shown
in Figure 5-10 C. The transition to rehydration saturation seems to be, pictorially,
determined by sample uniqueness as the “red” sample in Figure 5-8 reached
rehydration saturation faster than the “blue” sample. While previous studies
demonstrated that higher loads require higher transition speeds [117], Figure 5-8
implies that cartilage characteristics, like radius of curvature and intrinsic
permeability, also determine the rehydration saturation. Future studies will investigate
the effect of geometrical parameters and material properties on the saturation speed.
Nevertheless, these results indicate that once the contact interface has been opened
with hydrodynamic pressure, exposure of the contact area overwhelmingly contributes
to the rehydration rates.

Current cartilage models of hydrodynamic rehydration rely on a large
‘rehydration front’ at the wedge contact, with limited fluid flux in the contact area

[248], [254], [255]; this departs from the current experimental findings. De Boer et al.
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demonstrated that with a developed fluid film, fluid could enter the center of contact,
but would also require an equivalent exudation at the trailing edge of contact [255].
An increase in contact load in their model decreased the fluid gap height, but increased
the fluid inflow by ~10x due to the increase in film pressure; again, this contradicts the
current experimental findings. Putignano et al. included the roughness of cartilage in
their hydrodyanmic model to allow for rehydration flux in the contact interface, but
was extremely limited as compared to the convergent wedge rehydration rate [248].
Beyond the current experimental results, two other studies suggest that the
contact interface is the main contributor to tribological rehydration: 1) Low friction
coefficients are established much faster than the dynamic equilibrium deformation,
indicating that lubricating fluid preferential rehydrates the contact surface prior the
deep tissue [116]. And 2) fluorescence studies demonstrated that more solutes
accumulate in the contact area as compared to the convergent wedge, indicating a
preferential flow into the interface [260]. The current results and previous studies
warrant a numerical investigation that focuses on high hydration rates from interfacial

flow [129], [200].
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Figure 5-10: Thought model of tribological rehydration. A) The interface is effectively
impermeable when speed is slow, an rehydration is insignificant B)The
interface becomes permeable. Hydrodynamic pressures at higher speeds
begin to push fluid into interfacial gaps, which expand to increase
interface permeability. The rehydration rate increases with the rate of
flow into the interface. C) The rehydration rate saturates due to tissue
absorption limits or because the inflow rate is limited by the tissues
ability to absorb fluid.
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Lastly, these results offer important insights into the rehydration of synovial
joints like the hip and knee. That is, we observed that the stationary contact area serves
as an important source of rehydration at the joint surface with preferred rehydration in
the interface, as depicted in Figure 5-11. From a physiological standpoint, it is
unsurprising that cartilage preferentially rehydrates the surface given that lubrication
is paramount to its function [267]. The stationary contact area mechanism/paradigm
likely works in concert with the migrating contact area paradigm, which intermittently
exposes cartilage contacts for rehydration [20], [83], [105]. Together, these paradigms
allow cartilage to restore interstitial fluid to provide a lubricative and pressurization

reservoir [195] for future static loading.

A) High Rehydration! B

High Rehydration :
Near Wedge

at interface |

Figure 5-11: A) Current models predict a large rehydration front near the convergent
wedge. B) The current results demonstrate that the rehydration occurs
directly at the interface at physiological sliding speeds

Further, our results suggest that cartilage can maintain fluid load support at
elevated loads in the convergent stationary contact area given a sufficient supply of
interfacial fluid. Thus, slight increases in the dynamic equilibrium strain responses
measured in vivo [37], [38], [102], [106] may not defeat interstitial fluid
pressurization. Nonetheless, sustained fluid load support does not imply favorable

conditions for long-term survivability. Even if cartilage can maintain FLS, increased
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loads in vivo cause increased shear stresses, contact stresses [1], [62], [132]-[134],
[268]-[270] and tissue strains [9], [107], [271], [272], each of which is well-correlated
with increased OA risk due to some combination of structural degradation of the
tissue[273]-[275], cellular apoptosis/necrosis[9], [276], and catabolic inflammation
responses [23], [277].

Several limitations of the current study are worth noting, specifically our
limited ability to simulate in vivo mechanics of the joint. The limited load capabilities
of the experiment yielded contact pressures ranging 0.05-0.30 MPa, which is
substantially lower than contact pressures measured in vivo [1]. Hydrodynamics may
not be able to ‘peel’ the interface open with in vivo stress and prohibit interfacial
rehydration. While peak contact stresses range from 1-8 MPa depending on the joint
[1], the contact stresses during actual sliding (i.e. swing phase) are much less than
peak contact stresses [161], [179]. For instance, the measured contact stress during
swing phase is approximated 0.70 MPa for the tibiofemoral joint. While our
experimental contact stresses reached an average peak pressure of 0.30 MPa at a 5N
load19, the doubling in contact stress may not defeat tribological rehydration. Future
studies will need to increase the stress of the experimental setup to determine if the
dynamic equilibrium can be established through tribological rehydration, and
ultimately sustain FLS at physiological joint contact stresses. Additionally, data was
collected on a unidirectional pin-on-disc tribometer, while the true nature of the joint
is reciprocal. Regardless of the direction of flow, the in vivo sliding speeds incurring

hydrodynamic pressures require to open the interface for inflow. However,

10 Assuming a Herztian contact
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tribological rehydration is likely only available to the joint during the swing phase of
both the hip and the tibiofemoral joint, as those are associated with the highest joint
sliding speeds [244].

In closing, this investigation into the dynamic equilibrium of cartilage indicates
that 1) increases in load decreased the rehydration rate likely because the effective
permeability of the system reduced under higher fluid pressure, 2) hydrodynamics
seems to exist as the primary driver to tribological rehydration, but may be “capped”
at higher speeds as the fluid passes through the interface, and 3) the FLS remains
relatively unchanged with significant increases in load, indicating that cartilage
exhibits a "pressure regulating” system to maintain its function. These results indicate
that the cartilage interface plays a much larger role in rehydration than previously

modeled, especially for a mixed mode lubrication setting.
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Chapter 6
DISCUSSION AND CLOSING REMARKS

6.1 Summary of Aims

Aim 1 revealed that contact stress is highly varied, even in a simplified test bed
(i.e. cartilage-on-flat with an instantaneous load), which can be attributed to highly
variable material properties. Changes in modulus, specifically, can substantially affect
the contact stress of cartilage and, thus, should be accurately defined based on its
loading environment. For the cartilage-on-flat testbed, the proposed Hertzian model
can well-estimate (~13% error) contact stresses if the contact modulus is well defined.
Because of the simplicity of the model and the low error rate, the model can be easily
implemented in benchtop testing of cartilage explants to predict contact stress with
confidence.

With Aim 2, we developed an experimentally derived analytical model to
predict exudation characteristics of cartilage based on the inclusion of the interface.
While previous experimentalists and models debated the role of the interface, our
experiments demonstrate that fluid pressurization in the contact gap keeps the gap
open for an alternate exudation path, reducing the consolidation time constants of
cartilage. While this equates to a quicker subsiding of FLS, the “open” interface
allows for consistent fluid flow to minimize friction. Future research should ensure
the interface is properly measured and modeled to appropriately predict exudation

rates.
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While Aim 2 explored the consequence of the interface on exudation of
cartilage, Aim 3 demonstrated that activity mediated rehydration pumps fluid into the
tissue much faster than a strict unloading of the tissue, due to the compromised
interface. While unloading unloads asperities, osmotic swelling is not able to
adequately open the interface, resulting in slow rehydration rates. The variable
permeability interface helps cartilage quickly exude from the tissue and rehydrate the
during movement, but at a cost of functionally closing of the interface when cartilage
is unloaded and needs to recover fluid. Most importantly, this study shows that joint
articulation reverses fluid loss following static loading at > 10-fold the preceding
exudation rate. These competitive recovery rates suggest that joint space and function
may be best maintained throughout an otherwise sedentary day using brief but regular
physical activity. Future studies should expand to joint level or person level to
determine what the relative contributions of activity-based rehydration mechanisms
(free swelling vs tribological rehydration) and how they may be defeated in high-risk
populations for OA.

Lastly in Aim 4, we uncovered the physiological parameters that drive
asymptotic equilibrium that is depicted in in-vivo strain measurement[36], [37]. As
expected, the rehydration rate of cartilage is diminished as loads are increase, but
unexpectedly, did not increase at higher sliding speeds. We propose that the
rehydration rate is limited at higher speeds due to preferential flow through the
interface vs into the tissue at dynamic equilibrium. Once the “reservoir” fluid has
been restored in the tissue, any remaining flow can aid in surface lubrication.
Furthermore, the loss in rehydration rates did not affect the protective fluid

pressurization of the tissue, but in fact increased pressurization to maintain FLS.
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Again, the variable permeability of the tissue and interface seems to be a design
feature to maintain the pressure in the tissue. Because this study was completed at
sub-physiological loads, we intend to complete future studies to determine if a critical
physiological joint contact stresses shuts of hydrodynamics effects of sliding, and thus
destroying interfacial rehydration.

Collectively, these aims demonstrate that the innate material properties of
cartilage may not fully explain the complex mechanics of this system, specifically
because the interface may play a much more active role than originally thought.
During static loading, the permeable cartilage interface results in a much faster
exudation time as compared to an impermeable interface, but this may be

advantageous for two reasons: 1) it ensures that waste products across the entire

cartilage surface can be exchanged with the surrounding synovium, and 2) it provides
better lubrication through the “weeping” lubrication paradigm. However, this faster
exudation time also means that the function of cartilage will deteriorate faster.

During movement, this same permeable interface promotes fluid flow through
and into the tissue. This allows cartilage to rehydrate more quickly during movement
(i.e., faster than a passive unload), and in turn, restores lubricative function and
counteracts potentially damaging shear forces. In sum, the permeable interface plays a
more integral role in fluid exchange than was originally thought. All of the studies in
this dissertation did not decouple interfacial flow and bulk tissue flow in terms of
gross fluid rehydration/exudation of cartilage and assumed that the permeability of the
interface was the sole contributor to faster exudation and rehydration rates. However,
the anisotropic structure of cartilage, particularly the high permeability, yet soft,

superficial layer [3], [211], [229]-[234], may be a significant contributor to fluid
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exchange. To determine the true effect of the interface, the superficial zone may need
to be included as a separate layer in models or removed for experimental comparison.
Regardless, this dissertation indicates that interfacial flow must be considered in any
future studies that examine the fluid loss/gain, function, and longevity of articular

cartilage [200].

6.2 How can this dissertation inform activity recommendations?

Recently, Andriacchi et al. proposed that healthy cartilage is a result of “play”
between the biology, structure, and mechanics of articular joints and modulated by the
“activity” the joint experiences (see Figure 6-1 A for illustration)[278], [279]. Each of
these systems must be kept in a normal range to ensure cartilage can maintain its
healthy state. Once one of these systems is exposed to an abnormal input outside the
normal range, disease initiation can occur. This potentially diseased state then can
adversely affect the other two systems, causing a negative feedback loop that further
accelerates OA development (see Figure 6-1 B). While biology, structure, and/or
mechanics systems may be difficult or even impossible to change, modulation of
activity may be more feasible.

Outcomes from this dissertation can guide studies aiming to determine the
effects of activity on cartilage health. Furthermore, we can start to address the issue
that “today, [experimentally demonstrated] health advice on how to maintain healthy
synovial joints is notably absent”[195]. We still have limited understanding how
cartilage can maintain its daily functionality and, therefore, clinicians have difficulty
prescribing adequate activity protocols to promote cartilage health. Combating OA
with activity as a means of therapy is still far from understood and implemented;

standard operating procedures on activity dosing are still in development [280].
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“Systems approach” to understanding OA initiation and development
adapted from Andriacci et al. [278], [279]. Considering the factors of
biology, structure, and mechanics, cartilage undergoes a specified
amount of activity, which can lead to a healthy environment or disease
cartilage. If cartilage cannot withstand activity, it is worsened through a
feedback loop until end-stage OA.

More recent work has demonstrated that “OA patient-specific risks will be

found if direct metrics for the tissue mechanical environmental stressors, such as

[tissue] consolidation and fluid exudation, rather than indirect measures like BMI and
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physical activity, are used” [182]. Because this dissertation demonstrates that the

interface can quickly dehydrate and rehydrate the tissue based on timescales ranging

from minutes to hours, the functionality and health of your cartilage likely depend on

activity behavior reflective of an hourly timescale rather than just a daily or weekly

timescale. Because activity promotes cartilage hydration and fluid pressurization, |

propose that habitual activity throughout the day drives the health of cartilage (See

Figure 6-2). This dissertation has only uncovered the relationship between tissue

mechanics, fluid exchange, and cartilage functionality, and must be translated to more

clinically relevant settings, such as the joint level or person level. It is important that

future researchers work towards understanding fluid exchange within the context of

whole joints so that clinicians can ultimately optimize cartilage function and engage

the population in long-term OA prevention [65]
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Figure 6-2: A modified “systems approach” to account for the role of activity and
hydration in the responses of each system and ultimately cartilage health.
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Appendix A

SUPPLEMENTAL METHODS

A.1 Darcy Flow Model Development

The development of the squeeze film exudation model is dependent on Darcy’s
Law and conservation of mass flow through the permeable tissue and contact
interface. Refer to Figure A. 1 for flow analysis through the tissue. To calculate the
fluid pressurization in the tissue, lateral transmission of the fluid was assumed per
unconfined compression analysis. The total fluid exudation included the summation
of the fluid being ejected through the tissue and the contact gap. The pressure drop
from point 1 to point 2 was assumed ~0, as demonstrated by previous numerical
analyses of fluid flow stream lines within cartilage (see appendix B in [17] and Figure
3in [281] and Figure 10 in [194]).

Using conservation of flow within a small section of the tissue, the following

relationship is given:

2pi-r-dh-V(r)=2pi-r-ds-§
ds-§
dh

Because of the symmetry of streamlines in the squeeze film analysis, the following

V(@r) =

relationship between a change ‘dh’ and ‘ds’ is provided:
) dh ds

h a
And therefore:
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V(@r) = A
©) , 0
j—l <35 r
< 2 <
0 32 =1 vm«—J dh
< |
T I5 ds
< a > r

Figure A. 1: The squeeze film analysis of fluid flow for a given time step. The change
in strain (&) manifests as streamlines as shown. ‘r’ represents the
distance from the center of contact to each streamline. ‘s’ is the axis that
accounts for the distance each streamline must travel to be laterally
ejected. For an infinitely small section of the tissue (shown on the right),
the velocity ( V(r) ) of streamline starting at distance ‘r’ can be calculated
for agiven 6. ‘dh’ represents the change in thickness, or thickness, of the

tissue.

The velocity relationship V(r) = % can be used with the conservation of

flow expanding out radially as shown in the contact area Figure A. 2. The following

relationship can be provided:

r-df-V(@r)=V(@r+s)-(r+s)-db

And thus, the velocity of a stream line originating at distance ‘r’ along axis ‘s’ can be

defined:
2a-6 r

Vi) = h r+s
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Contact area of
cartilage

Figure A. 2: Looking at the contact area of cartilage, conservation of flow requires
that the flow rate for any slice defined by d6 must equate. Using the

relationship, V(r) = %, the flow velocity at point V/(r+s) can be
defined.

2

Darcy’s law states that VP,_; = V /k, and therefore the pressure at distance ‘r
can be calculated:

a-—-r

P(r) = f V(s'r)-ds=m(ln(a)—ln(r))
k hok

0

The average pressure within a cartilage at a given timepoint, Pave, can be

calculated with the known values of contact radius (a), permeability (k), and strain rate

(é).
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A.2 Model Iterative Algorithm and Fit
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i Experimental Data Calculated Data Material Properties to be fit !
' — Feed Forward Process ---+Feed Back Process H t=0, Forcey, €5 39, 0y
Initial conditions Tension
Compression
Hertzian Contact Non-Linearity
B Fo E* Eq
&carc T E4F = 7 — FLS, = E*=—"
Ocate © *AF ™ 4 3, - thickness « (E.' + E;) *TE+1 % E;
Py =0y -FLS, 00 pqstie = 00 (1= FLSy)
Biphasic Theory
Driving Conditions
(time steps iy, i , i - i) Darcy Flow Model
9.k
ki=kg- e MEicai £ = 7 c!;; Py =
Next Time Steps |  i______________ -
(time steps i+1) i
1
]
i
H .
TitLetastic = Tietastic T Ec* CEivtome ~ Ficare) : Eivtoqe = €1 F € (bisn — 1)
Ji+1 ~ Yela it T ¢
FLSiy = = Piot = FLSiy -0y 1
i+1

linimi

Objective Function 1

Optimize
E, E, ko M

Objective Function 2

Figure A. 3: The algorithm to compute the model strain. The model starts at the initial
conditions and computes the permeability and strain rate at each time
step. The next time steps are then used in subsequent time steps to update
permeability and strain rate. The material properties are optimized based
on the two objective functions.
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A.3 Exudation Model Image processing

Because of the potential change in image darkness from initial contact to final
contact, an adaptive algorithm was applied to calculate the contact area. First, image
intensities were adjusted such that grayer pixeled would be saturated near the fringe of
the contact area. Then were binarized with as adaptive threshold, including a
sensitivity of 0.9. Binarized images were dilated via orthogonal flat linear structuring
elements (length = 4 pixels) to fill in any generated holes. An active contour was then
applied to the binary images based on the original image (N = 15 iterations). Finally
the area was then calculated based on the calibration constant of .018243 mm/pixel.
Figure A. 4 showcases the contact area at initial contact and the equilibrium contact

area from a single 3N static load test.
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Figure A. 4: The calculated area for two images in a single test. All data within the
white outlines shown was considered the contact area.
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Appendix B

SUPPLEMENTAL RESULTS

B.1 Exudation Model Results

B @o 0.3 N preload
@0 4N

0

fluid preloa

s
| elastig preload 1 1 1 1 1 1 1 1

0 20 40 60 80 100 120 140 160 180

Time(min)

Figure B. 1: A representative preload at 0.3N is shown before at a 4N load. The

preload causes an elastic deformation (Se;qastic pretoaa) and fluid
deformation (8fiyia pretoaq). If the accumulated fluid is not accounted
for the exudation model (Section 3.2.4), the effective tensile modulus is
calculated much softer and the fluid pressurization will be
undercalculated. Thus, the &¢1yiq pretoaa = €ar for Equation 11
calculations.
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Figure B. 2:
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The mean characteristic curves of exudation are compared between pure
DI water and same volume of water with 15ml of India Ink (n = 3 repeat
tests for each condition, 5 N load for all tests). The overlap of the 2
standard deviation (shaded portions) indicate that the inclusion of India
Ink did not significantly alter the exudation mechanics of the cartilage
layer.

B.2 Rehydration Rates Comparison

B.2.1 Comparing Cartilage-on-Cartilage rehydration vs. Free Swelling and
Passive Swelling

We used a cartilage-on-glass contact to enforce a zero-flow boundary for

passive swelling measurements. This is consistent with the zero-flow boundary used in

biphasic theory. The experiment was repeated with a cartilage-on-cartilage contact to

demonstrate that passive recovery against glass represents the physiological situation.

The challenge, in this case, is that two surfaces recover fluid with unknowable relative
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contributions. We divided the total recovery of both surfaces by two to obtain the
average passive swelling rate for each. While we cannot measure the contact area, the
contact between two identical elastic spheres is approximately equal to the contact
between one elastic sphere against a ‘rigid’ (glass) flat according to Hertz contact
theory.

Figure Error! Reference source not found. demonstrates the testing
configurations for the representative sample, including the total fluid recovery and rate
of fluid recovery. For these experiments, the cartilage sample was loaded at 5N of
load until a deformation of 315 +/- 20 um. As illustrated, the cartilage-on-cartilage
recovery response was comparable to the cartilage-on-glass passive swelling response
and many times slower than free swelling against a porous indenter. The important
takeaway is that the recovery of cartilage is slowed significantly by contact with glass,

cartilage, or any other ‘low permeability’ surface.
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Figure B. 3: Comparing the rehydration characteristics of unloaded cartilage-on-
cartilage with free swelling and passive swelling measurements described
in methods Section 4.2. The amount of fluid recovered by the cartilage
surface are plotted versus time. In the cartilage-on-cartilage experiment,
the total recovery was divided by 2 surfaces to obtain the average rate. A
second passive recovery repeat measurement performed after free

swelling to demonstrate that contact with the porous indentation had no
significant effect on the passive swelling response.

B.2.2 Quantifying Applied Contact Pressures

To rehydrate the tissue, cartilage must overcome the exudation due to the
contact pressure. Although the contact pressure is not explicitly reported for all the
data sets, the contact area was measured for some representative samples through the

glass slide in the experimental configuration. Contact pressures during loaded
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exudation (5N) and static unloading (passive swelling at 0.1 N) are compared at the

same total deformation in Figure B. 4. For this representative sample, the initial

contact stress during static loading was 0.30 MPa and decreased to 0.12 due to

relaxation of the tissue (i.e. increase in contact diameter). During static unloading, the

contact area remained large and contact stresses decreased in proportion to the change

in load; in this case, contact stress decreased by ~10x and remained extremely low

throughout the rehydration process. In the case of free swelling, the nominal contact

area is equal to the area of the indenter.
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Figure B. 4: An example comparison of the contact area and contact pressure between
static loading and static unloading. Cartilage maintained a relatively
constant contact area during unloading. Recovery following exudation is
promoted by the reduction in contact pressure but impeded by the contact
area. The contact area decreased during recovery such that the contact
pressure increased from 0.003 to 0.005 MPa by the end of the

experiment.
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Contact pressures were also measured for a second representative sample for a
static load (5N) followed by sliding at 100 mm/s under constant load (tribological
rehydration), as shown in Figure B. 5. During loaded sliding, cartilage recovered fluid

despite increased contact pressures compared to static loading.
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Figure B. 5: An example comparison of the contact area and contact pressure between
static loading and loaded sliding. Cartilage maintains relatively constant
contact pressure during sliding conditions, but tribological rehydration
allows for bulk tissue hydration, which stiffens the tissue, reduces the
contact area, and increases the contact pressure. Throughout the
tribological rehydration process, the contact stress was between 0.15 and
0.16 MPa.
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Figure B. 6: Quantification of area during sliding experiments after 15 minutes of
static loading. Images of contact area during sliding were captured every
0.1 seconds. Because images were taken during through a port in the
POD tribometer, the area was not always well defined (see grey data
points). The true area was computed as the maximum area during each
rotation, as illustrated by the colored array.
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