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Abstract

This paper studies uncoupled poroelastic (flow-dependent) and intrinsic viscoelastic (flow-

independent) energy dissipation mechanisms via their dependence on characteristic lengths to 

understand the root of cartilage’s broadband dissipation behavior. Phase shift and dynamic 

modulus were measured from dynamic microindentation tests conducted on hydrated cartilage at 

different contact radii, as well as on dehydrated cartilage. Cartilage weight and thickness were 

recorded during dehydration. Phase shifts revealed poroelastic- and viscoelastic-dominant 

dissipation regimes in hydrated cartilage. Specifically, phase shift at a relatively small radius was 

governed by poroviscoelasticity, while phase shift at a relatively large radius was dominantly 

governed by intrinsic viscoelasticity. The uncoupled dissipation mechanisms demonstrated that 

intrinsic viscoelastic dissipation provided sustained broadband dissipation for all length scales, 

and additional poroelastic dissipation increased total dissipation at small length scales. 

Dehydration decreased intrinsic viscoelastic dissipation of cartilage. The findings demonstrated a 

possibility to measure poroelastic and intrinsic viscoelastic properties of cartilage at similar 
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microscale lengths. Also they encouraged development of broadband cartilage like-dampers and 

provided important design parameters to maximize their performance. 
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1. Introduction 

 

Articular cartilage is a connective tissue that functions as a load-bearing and dissipative material 

over a broadband spectrum of loading frequency. Cartilage has a heterogeneous structure 

composed of the dense solid matrix (e.g., collagen fibrils and proteoglycans) and fluid (Mow et 

al., 1992). Fluid is the largest constituent (about 60 – 85 % of wet weight), and it plays an 

important role in swelling interfibriliar space (about 30 % of total water) and extrafibriliar space 

(Maroudas et al., 1991; Mow et al., 1992; Torzilli, 1985). Cartilage dehydrate and rehydrate due 

to pressure-induced exudation of fluid through the solid matrix under normal loading conditions 

in vivo. Time-dependent properties of cartilage are from coupled mechanisms of the solid matrix 

and fluid flow. The mechanisms have been characterized as poroelasticity and intrinsic 
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viscoelasticity, resulting in efficient and sustained broadband dissipative properties (Nia et al., 

2011; Nia et al., 2013; Fulcher et al., 2009; Lawless et al., 2017).  

Previous studies have provided evidence on poroelasticity and intrinsic viscoelasticity of 

cartilage, but the relative contributions of the two are unclear. Poroelasticity-driven dissipation 

and response originates from solid-fluid frictional (viscous drag) interaction, and therefore is 

flow-dependent (Nia et al., 2011; Nia et al., 2015). Previous studies showed that poroelasticity-

driven dissipation was dominant at relatively small length scales (about 5-6 um) under oscillatory 

loading (Nia et al., 2011; Nia et al., 2013). Intrinsic viscoelasticity-driven dissipation is associated 

with delay due to molecular friction and rearrangement of a solid matrix (Nia et al., 2011; Nia et 

al., 2015), and therefore is flow-independent (June et al., 2009; Lai and Hu, 2017; Mak, 1986). 

Previous work measured intrinsic viscoelasticity of cartilage by employing macroscale 

compression tests (Fulcher et al., 2009; June et al., 2009; Lawless et al., 2017; Mak, 1986) and 

small magnitude shear loading (Henak et al., 2016). Although a few studies have individually 

measured poroelasticity (Nia et al., 2011; Nia et al., 2013) and intrinsic viscoelasticity of cartilage 

(Fulcher et al., 2009; Lawless et al., 2017) over a wide spectrum of frequency, their relative 

contributions have not been uncoupled from each other. Also, it is difficult to utilize previously 

reported results to uncouple the mechanisms because test length scales (about 5-6 µm for 

poroelasticity (local) versus about 5 mm for intrinsic viscoelasticity (full-thickness)) are 

polarized, and therefore depth-dependent heterogeneous structure (e.g., collagen direction and 

diameter) of cartilage cannot be compared precisely. 

Poroelasticity-driven dissipation is length-dependent, while intrinsic viscoelasticity-driven 

dissipation is not. This difference provides a means to distinguish the contributions of the two. 

Poroelastic dissipation is flow-dependent, and therefore is associated with characteristic 

poroelastic diffusion time. The diffusion time is proportional to the squared of a characteristic 

length (e.g., contact radius) (Lai and Hu, 2017; Nia et al., 2011). Consequently, a characteristic 

length can govern poroelasticity-driven dissipation. A poroelasticity-driven dissipation spectrum 
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moves toward a low frequency range as a characteristic length increases, and its peak frequency, 

fporo, can be estimated with poroelastic diffusion time (Figure 1) (Lai and Hu, 2017; Nia et al., 

2011). In contrast, intrinsic viscoelastic dissipation is flow-independent (June et al., 2009; Lai and 

Hu, 2017; Mak, 1986). Accordingly, an intrinsic viscoelasticity-driven dissipation spectrum and 

its peak frequency, fvisco, are independent of a characteristic length (Figure 1). Consequently, the 

two dissipation mechanisms can be distinguished over a broad frequency range by carefully 

selecting characteristic lengths. 

The main aim of this study is to understand the origin of cartilage’s broadband dissipation 

behavior by uncoupling the poroelastic and intrinsic viscoelastic dissipation mechanisms through 

their dependence on characteristic lengths. Phase shifts, a measure of dissipation, were measured 

at three different contact radii (characteristic lengths). Results of phase shifts were compared to 

uncouple the dissipation mechanisms. Dynamic moduli were also measured to examine dynamic 

response of cartilage based on the uncoupled dissipation mechanisms. In addition, phase shift and 

dynamic modulus of dehydrated cartilage were measured to further investigate the effect of fluid 

loss on broadband dissipative and mechanical properties. 

 

Figure 1 Schematic diagram of dependence of poroelastic and intrinsic viscoelastic energy 

dissipation on contact radii. The poroelastic peak frequency,      , is inversely proportional 

to the square of the contact radius, a (Eq. 5). Therefore, the effects of the two mechanisms 

can be uncoupled by performing dynamic testing at different contact radii. 
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2. Methods 

2.1 Sample Preparation 

Full-thickness cartilage samples were harvested from patellae of porcine joints (12 animals, 5-6 

months old, gender unknown and assumed random). Cylindrical samples with a diameter of 6 mm 

were obtained using a biopsy punch and a scalpel. Subchondral bone was trimmed using a 

microtome to create a level articular surface for indentation testing. The deep zone of each sample 

was adhered to the center of a glass petri dish (Loctite 495, Henkel, Germany). Dulbecco's 

phosphate-buffered saline (DPBS) was used to keep samples hydrated during preparation. 

2.2 Dehydration curve of cartilage 

Dehydration of cartilage was evaluated to determine how long to dehydrate cartilage for testing. 

Samples were dehydrated at room temperature of 20.9 ℃ and relative humidity of 25 %. The 

weight of cartilage was measured every 10 minutes for 3 hours using an analytical electronic 

balance (MS104TS, Mettler Toledo, OH). After 3 hours, the weight of cartilage was measured 

every 20 minutes until 4 hours of dehydration, and then the weight was measured at 5 hours. The 

thickness of cartilage was also measured every 45 minutes using a digital caliper before 2 hours 

of dehydration. After 2 hours, the thickness was measured every hour until 5 hours of dehydration. 

The measured weight and thickness of cartilage during dehydration were normalized with the 

initial weight and thickness. A total of three samples were tested, they were from one patella. 

2.3 Broadband Dynamic Indentation Tests 

Dynamic microindentation tests were conducted to measure phase shift and dynamic modulus, in 

order to uncouple poroelastic and viscoelastic effects. Tests were conducted on a Hysitron TI950 

TriboIndenter (Bruker Inc, Minneapolis, MN) using a diamond sphero-conical indenter with a tip 

radius of 50 µm and cone semi-angle of 45
o
, and a sapphire spherical indenter with a tip radius of 

1 mm. For each test, a static displacement was applied and held until equilibrium, then a small 

amplitude (0.5-2 nm) frequency sweep was applied. Open-loop control setting was used, resulting 
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in curves similar to force-relaxation curves for hydrated cartilage (Figure 2b) and curves similar 

to creep curves for dehydrated cartilage. A slight drift in force measurement was observed, likely 

from thermal drift (Lai and Hu, 2017). A reference frequency technique was employed to 

minimize the effect of the drift by correcting contact area based on measured stiffness at a 

reference frequency (Hysitron, 2014). A 220 Hz reference frequency was imposed between test 

frequencies. 

Contact radii were adjusted by changing the indenter or the static displacement (Figure 2).  

Equilibrium time and frequencies tested varied as a function of the contact radius. Hydrated 

cartilage was tested with three contact radii, and was kept hydrated with DPBS during tests. The 

smallest contact radius, asmall =             m, was achieved with the 50 µm radius sphero-

conical indenter, held at a static displacement of            m for 20 seconds, followed by a 

frequency sweep from 5 Hz to 100 Hz in 7 randomized segments (contact area:        

         ). The middle contact radius, amedium =             m, was achieved with the 1 mm 

radius tip, held at a static displacement of            m for 40 seconds, followed by a 

frequency sweep from 5 Hz to 100 Hz in 4 randomized segments (contact area:         

          ). The largest contact radius, alarge =             m, was achieved with the 1 mm 

radius tip, held at a static displacement of             m  for 100 seconds, followed by a 

frequency sweep in 4 randomized segments from 25 Hz to 100 Hz (contact area:         

          ). A low frequency of 5 Hz had to be sacrificed due to limitations in the number of 

data acquisition points coupled with the long time for equilibrium. Dynamic indentation tests 

were performed on dehydrated cartilage with a single indenter (tip radius of 50 µm) because no 

flow-dependent effects were expected. Cartilage was dehydrated for 5 hours in the condition used 

for obtaining the dehydration curves; 5 hours were determined based on the curves. The tip was 

indented, held a static displacement of            m for 20 seconds, resulting in a contact 

radius of            m (contact area:                 ). Following the 20 second 
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equilibrium, a frequency sweep from 5 Hz to 100 Hz (7 segments, randomized) was implemented. 

For all tests, displacements and contact radii were estimated at about 10 seconds before the end of 

tests. Contact radii, a, were estimated by using Hertzian contact theory (Hertz, 1881): 

 
  √         

(1) 

where R is the indenter radius and         is the static displacement (Figure 2). Each testing 

configuration - hydrated at three radii and dehydrated - was tested at three locations on three 

samples. Each sample was from different patella, taken from two animals. Test locations were 

selected near the center of samples to avoid the effect of edge on measurement results. 

 

  

Figure 2 (a) Schematic diagram of contact between impermeable indenter and cartilage and 

(b) representatives of force-time and displacement-time curves from hydrated cartilage. R 
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and         are the tip radius and the static displacement, respectively. SZ, MZ, and DZ are 

superficial zone, middle zone, and deep zone, respectively. Since         (about 1-3 μm) was 

shallow, the measured values were from SZ (10-20% of total thickness (Mow et al., 1992) = 

about 300 μm). 

 
2.4 Estimation of poroelastic peak frequency from force relaxation curve 

The poroelastic peak frequency, fporo, was estimated to check if the experimentally-measured 

trend of phase shift versus frequency was consistent with the theoretical peak. This information 

was used as secondary confirmation of poroelastic dominant dissipation. To estimate fporo, 

diffusivity, D, of hydrated cartilage was obtained by fitting an experimental force relaxation 

curve to a master curve for a half-space poroelastic material under a spherical indenter (rigid, 

frictionless, and impermeable) (Hu et al., 2010). A portion of a force relaxation curve with a 50 

µm radius tip (before the dynamic load application) was used as  ( ) because the displacement 

was constantly maintained even under an open-loop control setting. First, diffusion at time, t, was 

estimated as a length scale, lPE, as follows (Hu et al., 2010):  

      √   (2) 

Next, an experimental force relaxation curve, F(t), was normalized into a dimensionless curve,  , 

by using lPE and a at         as follows (Hu et al., 2010): 

 
 ( )   ( )

 ( )   ( )
  (

   
 

  
)   (

  

  
)   ( ) (3) 

where  ( ) and  ( ) are the instantaneous force at time = 0 s and the equilibrium force at 

infinite time, respectively.  ( ),  ( ), and D were fitting parameters, and they were initially 

guessed for the purpose of normalizing a force relaxation curve. The normalized dimensionless 

curve was fitted with the fitting parameters to a master curve (Hu et al., 2010): 

  ( )              √                 
(4) 

As a result of the curve fitting,  ( ),  ( ), and D were determined, allowing fporo to be estimated 

(Lai and Hu, 2017; Nia et al., 2011): 
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(5) 

where       is the poroelastic time constant. 

2.5 Statistical Analysis 

The Kruskal-Wallis test was used to determine the statistical difference in phase shift and 

dynamic modulus among four test sets (hydrated cartilage at asmall, amedium, and alarge, and 

dehydrated cartilage). If a significant difference was found from the above step, the Mann-

Whitney U test was used to identify the source of the significant difference by comparing two test 

sets. In addition, the Kruskal-Wallis test was used to determine the dependence of phase shift and 

dynamic modulus on frequency in each test set. All statistical analysis was conducted using 

MATLAB (The MathWorks, Inc., Natick, MA). A significance level of 5% was employed for all 

tests. 

 

3. Results 

Phase shifts of hydrated cartilage from asmall were significantly different from those from a large 

contact radius (i.e., amedium and alarge ) (p<0.05)  (Figure 3a). Phase shift from asmall gradually 

decreased from 5 Hz to 100 Hz, and its dependence on frequency was significant (p<0.05). The 

maximum and minimum values were             degrees at 5 Hz and            degrees at 

100 Hz, respectively. Phase shift from amedium was steady over the frequency range, and it was not 

significantly frequency-dependent (p>0.05). The values at 5 Hz and 100 Hz were           

degrees and           degrees, respectively. Phase shift from amedium was lower than that from 

asmall over the frequency range (20.53 degrees at 5 Hz and 5.58 degrees at 100 Hz). 
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Figure 3 (a) Phase shifts and (b) dynamic moduli of hydrated and dehydrated cartilage. 

Error bars show standard deviation. 

In contrast, phase shifts of hydrated cartilage from amedium and alarge were not significantly 

different from each other (p>0.05). They were not dependent on frequency (p>0.05) (Figure 3a). 

Phase shifts from alarge were           degrees at 25 Hz and           degrees at 100 Hz. 

Phase shift of dehydrated cartilage was significantly lower than phase shifts of hydrated 

cartilage (Figure 3a) (p<0.05). The phase shift at the dehydrated state was not dependent on 

frequency (          degrees at 5 Hz and           degrees at 100 Hz) (p>0.05). Phase shift 

of dehydrated cartilage was approximately 3-7 times lower than that of hydrated cartilage. 

Hydrated cartilage tested at asmall showed significantly lower dynamic modulus than that 

tested at a large contact radius (i.e., amedium and alarge) (p<0.05), but dynamic moduli from amedium 

and alarge were not significantly different (Figure 3b) (p>0.05). Dynamic modulus from asmall 
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increased in a frequency-dependent manner from           MPa at 5 Hz to            MPa 

at 100 Hz (p<0.05). Dynamic modulus from amedium slightly increased from            MPa at 

5 Hz to            MPa at 100 Hz, and only the modulus at 5 Hz was significantly different 

than at any other frequencies (p<0.05). Dynamic modulus from alarge was not frequency-

dependent (p>0.05), and the values at 25 Hz and 100 Hz were             MPa and       

      MPa. Although overall dynamic moduli at a large contact radius (i.e., amedium and alarge) 

were significantly (p<0.05) higher than those at asmall, the relative increase with frequency was 

higher at asmall. 

Dynamic modulus at the dehydrated state was significantly higher than that at the hydrated 

state (Figure 3b) (p<0.05). Dynamic modulus of dehydrated cartilage ranged from           

GPa at 5 Hz to           GPa at 100 Hz, and it was not significantly dependent on frequency 

(p>0.05). Dynamic modulus at the dehydrated state was about 120 times and about 40 times 

higher than the overall dynamic moduli from asmall and a large contact radius (i.e., amedium and 

alarge), respectively. 

D was determined by fitting normalized force relaxation curves at asmall to the master curve 

(Eq. (3) and Eq. (4)). As a result, D was evaluated to be (         )        m
2
/s, and the R-

squared value for the curve fitting was           (Figure 4). Furthermore, fporo was estimated 

as           Hz by substituting the determined D into Eq. (5). 
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Figure 4 Representative of fitting normalized force relaxation to master curve for contact 

between spherical indenter and half-space poroelastic material (Hu et al., 2010). The R-

squared values for all of the fits were          . 

Weight and thickness of cartilage dramatically decreased during dehydration (Figure 5). 

The decrease rate of weight was relatively high until about 1.5 hours, gradually slowed down, and 

became steady after about 4 hours. Weight of dehydrated cartilage at steady state was about 0.25 

times that of hydrated cartilage at the beginning. The decrease rate of thickness showed a trend 

similar to that of weight. It was relatively high in the beginning, and progressively reached steady 

state. Thickness of dehydrated cartilage at steady state was about 0.3 times that of hydrated 

cartilage at the beginning. The slight fluctuation of thickness after 4 hours was due to the effect of 

edge curl on the measurement. 

 

Figure 5 Change in weight and thickness of cartilage during dehydration. 

 

4. Discussion 

Intrinsic viscoelasticity provided baseline of dissipation over the broadband frequency, and 

poroelasticity additionally increased overall dissipation (Figure 3a and Figure 6). Phase shifts 

from asmall and large contact radii (i.e., amedium and alarge) originate from poroviscoelastic 

dissipation and intrinsic viscoelastic dominant dissipation, respectively (Figure 3a). Therefore, 

the difference between phase shifts with asmall and amedium was from the contribution of 

poroelasticity-driven dissipation; assuming that poroelastic and viscoelastic time constants are 
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sufficiently different at these contact radii, simple superposition of dissipative effects due to each 

mechanism is a reliable approximation. The experimentally-measured poroelastic contribution 

was maximum at 5 Hz in the applied frequency range and asmall, which was consistent with a trend 

estimated from fporo  

(          Hz). However, the contribution of poroelasticity-driven dissipation at a specific 

frequency varies depending on a characteristic length (contact radius) (Lai and Hu, 2017; Nia et 

al., 2011). As the contact radius decreases, the curve of poroelasticity-driven phase shift moves 

toward a high frequency because fporo is inversely proportional to the square of a contact radius 

(Eq. 5) (Lai and Hu, 2017; Nia et al., 2011). For instance, previous work (Nia et al., 2011) 

showed poroelastic peaks of cartilage at higher frequencies (about 11 Hz) with smaller contact 

radii (about 6 µm) than the current study. 

  

Figure 6 Separation of total energy dissipation into poroelastic, PE, and intrinsic 

viscoelastic dissipation, VE, over frequency range (5 Hz – 100 Hz). This schematic diagram 

was plotted based on Figure 3a. Standard deviation was connected using the modified 

Bezier curve. Intrinsic viscoelasticity provides baseline of dissipation, and poroelasticity 

additionally increases overall dissipation. Dehydration decreases intrinsic viscoelastic 

dissipation. 

Hydrated cartilage dissipated energy predominantly via molecular friction and 

rearrangement of the solid matrix (intrinsic viscoelasticity (Nia et al., 2011; Nia et al., 2015)) at 

large contact radii (i.e., amedium and alarge). The independence of phase shift on contact radius 
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showed that phase shifts at amedium and alarge were predominantly from intrinsic viscoelasticity 

(Figure 3a). In addition, the steady trend of phase shift over the frequency range (5 Hz – 100 Hz) 

was consistent with previous studies that report macroscale compression and microscale shear 

results (about 5-14 degrees (Buckley et al., 2013; Fulcher et al., 2009; Lawless et al., 2017)). 

Since       is proportional to the square of contact radius (Eq. 5), poroelastic dissipation is most 

likely to be suppressed under macroscale compression. Some discrepancies in numerical values 

could be attributed to various factors: species, age, and test conditions (i.e., full-thickness and 

induced stress). Consequently, amedium was large enough to restrict interstitial fluid flow within the 

applied frequency range, and therefore phase shift at amedium was predominantly from intrinsic 

viscoelasticity. This finding demonstrated that broadband intrinsic properties of cartilage can be 

measured at microscale characteristic lengths; previous studies were limited to macroscale 

characteristic lengths. 

Hydrated cartilage dissipated energy through poroelasticity (solid-fluid frictional 

interaction (Nia et al., 2011; Nia et al., 2013)) as well as intrinsic viscoelasticity at asmall. 

Significant difference in phase shifts between asmall and large contact radii (i.e., amedium and alarge) 

showed additional dissipated energy through poroelasticity at asmall (Figure 3a). Also, the 

frequency-dependence of phase shift measured at asmall was consistent with the theoretical 

poroelastic peak, fporo (          Hz); it increased toward the peak frequency. D ((     

    )        m2
/s), used for the estimation of fporo, was consistent with previous studies that 

used different measurement methods (1.97       m
2
/s (Lee et al., 2011), 2.30       m

2
/s 

(Leddy et al., 2008), and 8.35       m
2
/s (Aoki et al., 2012)); some discrepancies could be due 

to samples and strain dependency of D (Greene et al., 2010; Lai et al., 1981). However, the 

overall consistency of values of D indicates that the simplifying assumption of isotropy is 

reasonable for this study.  The gradual decrease of phase shift over about two decades was also 

consistent with previous studies that reported poroelasticity-driven phase shift of cartilage (Nia et 
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al., 2011; Nia et al., 2013). Therefore, phase shift of cartilage at asmall was dominantly from 

poroelasticity. 

Normalizing the frequency with the square of contact radius reiterates the viscoelastic 

(amedium and alarge) and combined poroviscoelatic (asmall) dissipation regimes (Lai and Hu, 2017). In 

the normalized frequency domain, the phase shifts at different contact radii formed united curves 

(Figure 7). Both the phase shift and the normalized frequency range were consistent with 

previous macroscale tests (about 10 degrees at 6.76 10
-5 

- 5.95 10
-5

10
-3

 m
2
/s (Lawless et al., 

2017)).  While most data points were along a united curve, the phase shift from amedium at low 

frequency (f=5Hz, a
2
f= 5.37 10

-9
 m

2
/s) deviated from the overall trend. This was likely due to 

contact radius decreasing poroelastic dissipation, which was previously observed in biological 

tissues (Connizzo and Grodzinsky, 2017; Nia et al., 2011; Oftadeh et al., 2018). Combined with 

the consistency with phase shifts measured at similar frequencies via small magnitude shear 

loading (about 10 degrees at 0.01, 0.1, and 1 Hz (Buckley et al., 2013)), this suggests 

predominantly viscoelastic dissipation for amedium at low frequency.   

 

Figure 7 Phase shift curves as function of normalized frequency. The frequency was 

normalized with the squared of contact radius. 

 
Cartilage exhibited superior energy dissipation compared to isotropic poroelastic materials 

(e.g., gel); the uncoupled dissipation mechanisms provided reasons of the superiority (Figure 3a, 
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Figure 6). A previous paper reported the analytical solution of phase shift for dynamic indentation 

on an isotropic poroelastic material, and verified it by performing dynamic testing on gel with a 

25  m diameter tip (Lai and Hu, 2017). The analytical solution shows that the maximum phase 

shift from the contact of a sphere with a half-space poroelastic material is about 12 degrees at the 

poroelastic peak frequency. It is much lower than the maximum phase shift of cartilage measured 

in this current study (           degrees at 5 Hz). The current finding revealed that intrinsic 

viscoelasticity of cartilage provided the baseline of about 9 degree phase shift over the frequency 

range (Figure 3a). Even if the contribution of intrinsic viscoelastic dissipation was excluded, the 

poroelasticity-driven phase shift of cartilage, which was between phase shifts between asmall and 

amedium (approximately 20 degrees at 5 Hz), was still higher than the maximum value of an 

isotropic porous material (12 degrees) (Lai and Hu, 2017). This could be due to the effect of 

fiber-reinforced structure (Nia et al., 2011) and anisotropy (Mow et al., 1992) of cartilage on 

poroelasticity-driven dissipation. The anisotropy of collagen fibrils could affect dissipation as 

they direct fluid flow (Federico and Herzog, 2008, p. aniso); the degree of the anisotropy is 

expected to be relatively minor when considering the sample age (5-6 months old) (Gannon et al., 

2015).  

Fluid pressurization was likely the driving factor behind the dependence of dynamic 

modulus on contact radius. The dependence of overall dynamic modulus on contact radius 

(Figure 3b) could be due to the degree of interstitial fluid pressurization over the frequency range, 

evidenced by the uncoupled dominant mechanisms and previous studies. While poroelasticity was 

dominant at asmall, it was suppressed at large contact radii (i.e., amedium and alarge). Poroelasticity is 

volumetric effect, so this suggests that cartilage deformed isochorically at large contact radii (i.e., 

amedium and alarge). Also, the Peclet number (       at the same loading rate (Quinn et al., 2001)), 

a measure of fluid pressurization (Bonnevie et al., 2012; Caligaris and Ateshian, 2008; Quinn et 

al., 2001), is much higher at a large contact radius (i.e., amedium and alarge) compared to asmall. 

Therefore, fluid pressurization at a large contact radius (i.e., amedium and alarge) can be inferred to be 
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higher than that at asmall in the corresponding frequency (i.e. loading rate) (Caligaris and Ateshian, 

2008; Nia et al., 2011; Quinn et al., 2001; Nia et al., 2015). The higher fluid pressure was likely 

to cause relatively high tensile strain of nonlinear solid matrix (Cohen et al., 1998), resulting in 

higher dynamic modulus at a large contact radius (i.e., amedium and alarge). The values of dynamic 

modulus at a large contact radius (i.e., amedium and alarge) were consistent with previous studies at 

macroscale (Fulcher et al., 2009; Lawless et al., 2017). Some discrepancies could be attributed to 

species and test conditions (i.e., scale and compressive stress). The dependence of self-stiffening 

of cartilage on contact radius (Figure 3b) was likely due to the effect of frequency on fluid 

pressurization, underpinned by the determined dominant mechanisms and previous studies (Nia et 

al., 2011; Nia et al., 2015). The self-stiffening is defined here as the ratio of dynamic moduli at 

100 Hz and 5 Hz, and asmall (about 2.05) exhibited a higher ratio than amedium (about 1.25). Phase 

shift at asmall showed that poroelastic effect decreased toward 100 Hz, resulted from a relative 

increase of loading rate in the same poroelastic diffusion time (Caligaris and Ateshian, 2008; Nia 

et al., 2011; Nia et al., 2015). As a result, interstitial fluid pressure likely increased with 

frequency, and thus dynamic modulus at asmall gradually increased (Caligaris and Ateshian, 2008; 

Nia et al., 2011; Nia et al., 2015). Note that asmall at 100 Hz was not incompressible because phase 

shift at asmall was higher than that at amedium, indicating some poroelastic effect. In contrast, in the 

case of amedium, cartilage was virtually incompressible (isochoric deformation) over the frequency 

range. Consequently, fluid pressurization was relatively steady with frequency, and therefore 

dynamic modulus was almost constant (Nia et al., 2015). It was consistent with steady trends of 

dynamic moduli at macroscale from previous studies (Fulcher et al., 2009; Lawless et al., 2017). 

The slight self-stiffening at amedium could be attributed to intrinsic viscoelasticity of solid matrix. 

Dehydration dramatically decreased water content and thickness of cartilage (Figure 5). 

Weight of total water in cartilage is about 60 – 85 % of its wet weight and about 30 % of the total 

water belongs to intrafibrillar space (Maroudas et al., 1991; Mow et al., 1992; Torzilli, 1985). 

Therefore, 25 % of the initial cartilage weight at the dehydration state indicated that cartilage lost 
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substantial water in extrafibriliar and intrafibriliar spaces. Similar to weight, the considerable 

decrease in thickness was also due to loss of water in extrafibriliar and intrafibriliar spaces. The 

dramatic change in water content and thickness by air dehydration were consistent with previous 

studies (e.g., cartilage (Boettcher et al., 2016) and type I collagen (Andriotis et al., 2015)). 

Such extreme dehydration had a pronounced effect on phase shift and dynamic modulus of 

cartilage over the frequency range studied (Figure 3 and Figure 6). Poroelasticity-driven 

dissipation did not arise due to substantial loss of fluid, evidenced by the disappearance of a 

poroelastic peak trend in phase shift. A decrease in intrinsic viscoelasticity was most likely due to 

loss of interfibrillar fluid and increased density of solid matrix (similar to foam materials). This is 

supported by previous studies on individual collagen fibrils and polymeric structural foams: 

energy dissipation of Type I collagen fibrils decreased with a progressive dehydration (Uhlig and 

Magerle, 2017) and density of foams influenced on their absorbed energy (Avalle et al., 2001). 

This finding suggested that a decreased ability of cartilage to sustain fluid in disease could 

decrease energy dissipation under dynamic loading conditions in vivo. In addition to affecting 

energy dissipation, dehydration sharply increased dynamic modulus (Figure 3b). It was likely due 

to the compaction of cartilage by dehydration, resulting from collapsed pore space and shrinkage 

of the solid matrix. It could be inferred from the huge decrease in thickness after dehydration. A 

previous study on Type 1 collagen fibrils provided evidence on shrinkage of fibrils during 

dehydration (Andriotis et al., 2015). The increase in dynamic modulus was consistent with 

previous studies that showed fibrils (Andriotis et al., 2015; Wenger et al., 2007) and cartilage 

(Boettcher et al., 2016) became stiffer after dehydration through quasi-static tests. This finding 

implies that a decreased ability of the solid matrix to maintain fluid due to disease could affect 

poroelasticity-driven dissipation over the frequency range of interest because increased stiffness 

of solid matrix decreases volumetric deformation under the same stress level; poroelasticy-driven 

dissipation originates from solid-fluid frictional interaction, and fluid flow is related to volumetric 

deformation (Lakes, 2009). 
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It is worthwhile to discuss a few limitations of this study. Although the applied frequency 

(5-100 Hz) covered most of daily activity-induced frequencies (timescales) (Nia et al., 2011) (e.g., 

walking: 1-8Hz (Cross, 1999), running: 4-100 Hz (Dickinson et al., 1985), kicking: 4 -11Hz 

(Tanaka et al., 2006), and jumping: 2-100 Hz (Richards et al., 1996)), a low frequency range (< 5 

Hz) was not covered. It was scarified due to limitations in the data acquisition point coupled with 

the duration for equilibrium. Nevertheless, the trend of phase shift (5-100 Hz) matched well with 

that inferred from the expected peak at fporo. The testing conditions employed in this study are not 

the same as vivo conditions (e.g., full-thickness); however, they provided information on isolated 

properties of cartilage (i.e., superficial zone), which enabled uncoupling poroelastic and intrinsic 

viscoelastic dissipation. The dehydration process was conducted in ambient conditions under 

controlled humidity. Although the weight and thickness of cartilage was considerably reduced 

after 5 hours of dehydration, fully-dry cartilage matrix conditions cannot be ensured as the 

hydration level of cartilage should equilibrate with the ambient humidity. Fully-dry cartilage 

matrix could be obtained by controlled drying processes such as freeze-drying (Polak and 

Pitombo, 2011; Taylor, 1945). 

In our view, this study provided useful information for cartilage-like dampers (Boz and 

Eriten, 2018; Liu et al., 2017) and showed a possibility that the current approach could be used to 

investigate early osteoarthritic damage (Hollander et al., 1995). The uncoupled poroelastic and 

intrinsic viscoelasticity of cartilage suggested that cartilage-like dampers with efficient and 

sustained dissipation could be designed by inducing poroelasticity-driven dissipation in addition 

to intrinsic viscoelasticity-driven dissipation. The current study combined with previous studies 

(Liu et al., 2017; Nia et al., 2011) suggested dissipation of cartilage-like dampers at a specific 

frequency can be maximized by utilizing the dependence of fporo on a characteristic length and 

diffusivity. In addition, it was demonstrated that poroelastic and intrinsic viscoelastic-dominant 

properties of superficial zone can be measured at microscale characteristic lengths. This approach 
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could be useful to investigate early osteoarthritis, initiating from superficial zone (Hollander et 

al., 1995; Mow et al., 1992). 

5. Conclusions 

In this study, dissipative properties due to poroelasticity and intrinsic viscoelasticity of cartilage 

were investigated over physiological loading frequencies. Uncoupling between poroelasticity and 

intrinsic viscoelasticity was achieved via dependence of poroelastic relaxation on characteristic 

lengths (contact radii in dynamic indentation tests). The uncoupled dissipation mechanisms 

provided novel information on origins of efficient and sustained broadband dissipation of 

cartilage; intrinsic viscoelasticity provides baseline of dissipation, and poroelasticity additionally 

increases overall dissipation. The confirmation of intrinsic viscoelasticity broke the existing 

broadband test scale of intrinsic properties, limited to macroscale length, and provided a 

possibility to measure poroelastic (flow-dependent) and intrinsic viscoelastic (flow-independent) 

properties of cartilage at similar microscale lengths. The decreased dissipation of cartilage 

following dehydration highlighted the importance of hydration in both poroelasticity and intrinsic 

viscoelasticity-related losses. The findings extended the current understanding in dynamic 

dissipative and mechanical properties of cartilage. Promising aspects of cartilage as efficient and 

sustained dampers were experimentally confirmed, and the findings could be useful to design 

them as suggested elsewhere (Boz and Eriten, 2018; Liu et al., 2017). 
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Highlights 

 

 The relative contributions of poroelasticy and intrinsic viscoelasticity were 

decoupled over physiological loading frequencies. 

 Intrinsic viscoelasticity provided baseline of broadband dissipation, and 

poroelasticity additionally increased overall dissipation. 

 Cartilage exhibited superior energy dissipation compared to isotropic poroelastic 

materials (e.g., gel). 

 Substantial loss of fluid decreased intrinsic viscoelasticity. 

 Both poroelastic (flow-dependent) and intrinsic viscoelastic (flow-independent) 

properties of cartilage were measured at similar microscale lengths. 

 




