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ABSTRACT 

Articular cartilage is a soft biological tissue with impressive dissipation capacity and failure 

resistance. However, the dissipation mechanisms in the sub-failure mechanics and the failure 

mechanics of the tissue are incompletely understood. This dissertation attempts to address these 

gaps in knowledge through: (1) revealing fundamental mechanisms leading to broadband 

dissipation in cartilage (≥ about 5 degree phase shift), and (2) relating rate-dependent cartilage 

failure to dissipation mechanisms. The overall aim was accomplished via four sub-objectives. The 

first sub-objective was to examine the relative contribution of poroelasticity and viscoelasticity to 

cartilage dissipation across physiological loading rates (5-100 Hz). Poroelastic and viscoelastic 

dissipation mechanisms were uncoupled through dynamic testing at multiple length scales. The 

uncoupled mechanisms indicated that viscoelastic dissipation provided base broadband dissipation 

and poroelastic dissipation provided additional dissipation at relatively small length scales. The 

second sub-objective was to examine macroscopic cartilage dissipation as a function of matrix 

depletion under frequencies representative of traumatic loading (≥200 Hz). Microscopic intact and 

glycosaminoglycan (GAG) -depleted cartilage dissipation was measured up to 300 Hz. GAG 

depletion significantly increased cartilage dissipation due to altered poroelastic dissipation. The 

results provided the basis for understanding cartilage dissipation capacity at in vivo contact lengths 

under traumatic injury and high-rate physiological loading. The third sub-objective was to identify 

underlying mechanisms of rate-dependent cartilage failure. Localized cracks were induced by 

microindentation at two polarized loading rates. These results were analyzed via finite element 

modeling and nano/microscopic crack images. The results provided evidence of the link between 

rate-dependent cartilage failure and physical mechanisms, showing that large relaxation (collagen 

fibril realignment) around the tip delayed cartilage failure at the relatively slow loading rate. The 
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fourth sub-objective was to establish the link between rate-dependent cartilage failure and 

poroviscoelastic relaxation as a function of matrix integrity. Rate-dependent crack nucleation in 

intact and GAG-depleted cartilage was generated from pre- to post-relaxation timescales. The 

correlation between rate-dependent crack nucleation and poroviscoelastic relaxation times was 

confirmed. These results indicated that rate-dependent cartilage failure was governed by the degree 

of relaxation prior to rupture at given matrix integrity and loading rates. These outcomes further 

our understanding of cartilage failure at different stages of degeneration. In conclusion, these 

findings in this dissertation widen our knowledge about the cartilage dissipation and failure.  
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 Introduction 

 Motivation and objectives 

Articular cartilage is a load-bearing and dissipative material located on the articulating joints. 

Cartilage is a thin, translucent, and hydrated layer (0.5 – 5.0 mm thickness [1]) composed of fluid 

and solid phases (Figure 1-1a). Interstitial fluid is the largest constituent (about 60 – 85 % of wet 

weight), and it swells the solid matrix (about 30 % of total water) and pore space [1–3]. The solid 

phase is comprised of extracellular matrix and chondrocytes. Extracellular matrix is primarily 

made of collagen fibrils and proteoglycans (PGs). Collagen fibrils are the largest portion of 

macromolecules in the solid phase (about 15 – 22 % of wet weight [1]). About 90 – 95 % of 

collagen fibrils are type II collagen and the rest includes other collagen types such types V, VI, IX, 

X, XI, XII, and XIV [1,4]. Collagen fibrils are organized parallel to the articular surface in the 

superficial zone and perpendicular to the articular surface in the deep zone (Figure 1-1b) [1], and 

their diameter increase from 20 to 120 nm toward the deep zone [5]. The pore size of the collagen 

fibril network is approximately 60 - 200 nm [6,7]. PGs are the second largest portion of 

macromolecules in the solid phase (about 4 – 7 % of wet weight [1]). PGs are composed of core 

proteins combined with glycosaminoglycan (GAG) side chains that are highly negatively charged 

[1]. They are divided according to their relative size (e.g., aggrecans are large PGs while decorin, 

biglycan, and fibromodulin are small PGs) [8,9]. PG concentration increases toward the deep zone 

[10,11]. The pore space formed with PGs and collagen fibrils is approximately 2 – 12 nm [1,12]. 

Chondrocytes are the only cells embedded in cartilage and are sparsely distributed [1,10]. They 

only comprise about 2 % of total volume of adult articular cartilage and are relatively flatter and 

smaller in the superficial zone compared to the deep zone [4,10]. In summary, articular cartilage 
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is a highly heterogeneous and composite material that distributes loads in mammalian joints during 

in vivo activities. 

The solid matrix is responsible for mechanical and dissipative responses of articular 

cartilage (Figure 1-1). PGs/GAGs provide swelling force through osmotic pressure and 

electrostatic repulsion between charges and therefore are responsible for compressive strength of 

cartilage [1,13]. The dense collagen matrix resists the swelling force under tension [14–16]. 

Cartilage dissipation mechanisms are characterized as poroelastic (PE) and intrinsic viscoelastic 

(VE) dissipation. PE dissipation results from solid-fluid frictional interaction, which occurs when 

pressurized fluid flows through a dense solid matrix and therefore is fluid-dependent dissipation 

[17–19]. Intrinsic VE dissipation results from stress-induced molecular rearrangement and friction 

between and within the solid matrix macromolecules and thus is flow-independent dissipation [19–

21]. PE and VE relaxation mechanisms explain rate-dependent mechanical behavior of cartilage 

[16,20–24]. 

 

Figure 1-1: (a) Components of articular cartilage governing dissipative and mechanical 

responses of cartilage and (b) its cross section. (b) is the combination of a histological image 

of cartilage (Safranin-O and fast green staining) with sketches for zonal organization (SZ: 

superficial zone, MZ: middle zone, and DZ: deep zone). 
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Excellent broadband dissipation capacity of cartilage has been observed in the sub-failure 

regime, but underlying mechanisms are incompletely understood. Previous work investigated PE 

dissipation over a wide range of frequency (0.2 – 10 kHz) and showed that PE dissipation is 

dominant at small contact length scales (about 5-6 μm) [17,22]. Other studies examined VE 

dissipation up to relatively lower frequencies (≤ about 95 Hz) and showed that VE dissipation is 

dominant at large contact length scales (≥ about 2 mm) and under shear loading [25–29]. Although 

these previous studies suggested that cartilage dissipation was length- and rate-dependent, they 

studied PE and VE dissipation mechanisms separately at polarized contact length scales. These 

extremely different length scales combined with the different test configurations made it difficult 

to understand the relative contribution of PE and VE mechanisms to cartilage dissipation. A range 

of contact scales inducing a transition from PE to VE dissipation in physiological loading 

frequencies has not been identified. 

In addition, while cartilage dissipation at microscale lengths have been investigated up to 

high-frequency loading as a function of cartilage integrity, it was only partially explored at 

macroscopic length scales. For example, the effect of cartilage degeneration on dissipation was 

studied at microscale contact lengths (about 5-6 μm) from 1 Hz to 10 kHz, and it was revealed that 

increased permeability due to GAG depletion shifted maximum dissipation with a phase angle of 

about 45 degrees from a relatively low frequency (about 45 Hz) to a relatively high frequency 

(about 800 Hz) [17,22]. This result provides microscopic cartilage dissipation over the frequency 

contents involved while walking (1-8 Hz), running (4-100 Hz) and jumping (2-100 Hz), 

accompanying heel strike, and during traumatic impact (≥200 Hz) [22,30–34]; the frequency 

estimations on walking, running, and jumping were not verified by independent measurements of 

actual loading on cartilage and therefore might be exaggerated because loading on cartilage is 
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transmitted from soft dissipative tissues such as tendon. However, macroscopic cartilage 

dissipation as a function of matrix integrity was only investigated up to 40-95 Hz [25–28]. 

Therefore, macroscopic cartilage under high-frequency loading (≥ 100 Hz) remains unexplored in 

the sub-failure regime and is of interest to understand dissipative behavior of cartilage in response 

to traumatic impact at in vivo contact length scales [35,36]. 

Compared to roles of poroviscoelastic (PVE) mechanism in cartilage sub-failure behavior, 

not much is known about the links between rate-dependent cartilage failure and PVE mechanism. 

Cartilage shows impressive resistance to failure under in vivo loading scenarios for decades in 

healthy joints. Nevertheless, it can break down due to load-induced damage. As cartilage exhibits 

very limited capacity of self-repair [37], understanding failure mechanisms is critical to prevent 

damage. These clinical problems, combined with interest in origins of excellent resistance, have 

motivated a few studies. For example, tension and compression testing showed that cartilage 

failure is delayed under low-frequency loading compared to fast-frequency loading [38–40]. 

Extraction of PGs increased the rate of creep while not affecting failure stress under slow constant-

rate tensile testing [41]. Localized loading induced by a sharp blade showed that crack nucleation 

in cartilage was rate-dependent and removal of 500 μm thickness from articular surface caused 

relatively localized strain in the vicinity of a blade compared to intact surface [42]. These previous 

studies suggested that cartilage failure is rate-dependent, but the links between rate-dependent 

cartilage and PVE relaxation are not established. In particular, rate-dependent cartilage failure was 

incompletely linked to nano/microscopic length scales; this link was relatively well established in 

other collagen-rich tissues, such as skin, through nano/microscopic observation of solid matrices 

under tensile loading and after failure [43–46]. In addition, the effects of cartilage integrity on rate-
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dependent cartilage failure have not been examined. This is of interest because mechanically 

induced cartilage injuries can be caused at various stages of cartilage integrity and loading rates. 

To fill these gaps, the overall aim of this dissertation was twofold: (1) revealing underlying 

mechanisms leading to broadband cartilage dissipation (≥ about 5 degree phase shift) and (2) 

relating rate-dependent cartilage failure to dissipation mechanisms. The overall objective was 

achieved through four specific objectives (Figure 1-2): 

Objective 1: Investigate the relative contribution of poroelasticity and viscoelasticity to cartilage 

dissipation over physiological loading frequencies (5-100 Hz). Dynamic mechanical analysis of 

intact cartilage is conducted across multiple length scales over physiological loading frequencies. 

The main outcome is phase shift curves across multiple length scales. They are used to uncouple 

PE and VE dissipation in the frequency of interest, ultimately providing the relative contribution 

of two mechanisms to broadband cartilage dissipation. 

Objective 2: Investigate macroscopic cartilage dissipation as a function of solid matrix integrity 

under high-frequency loading in order to explore formerly unexamined trauma loading rates (≥200 

Hz). Dynamic mechanical analysis of intact and GAG-depleted cartilage is performed at a 

macroscopic contact length up to 300 Hz. The main consequence is phase shift curves as a function 

of cartilage integrity and strain, providing the effects of GAG depletion on macroscopic cartilage 

dissipation under high-frequency loading. 

Objective 3: Identify underlying mechanisms of rate-dependent crack nucleation in intact cartilage 

under microindentation using a PVE framework and nano/microscopic images. Microindentation-

based crack nucleation tests are conducted on intact cartilage at two polarized loading rates. The 
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results are further analyzed via finite element (FE) modeling and images of crack surfaces. The 

main outcome is the link between rate-dependent crack nucleation and rate-dependent 

morphological features of crack surfaces, suggesting possible physical origins of rate-dependent 

cartilage failure. 

Objective 4: Establish the link between rate-dependent crack nucleation and PVE relaxation as a 

function of cartilage integrity. Crack nucleation in intact and GAG-depleted cartilage is induced 

under microindentation at multiple loading rates, and their PVE relaxation responses are measured. 

The main outcomes are the effect of GAG depletion on rate-dependent crack nucleation and the 

experimental link between rate-dependent crack nucleation and relaxation. They provide possible 

mechanisms underlying rate-dependent cartilage failure at different stages of degeneration. 

Chapters 2 and 3 provide the detailed description and findings regarding Objective 1 and 

2, respectively. Learning outcomes of Objective 1 and 2 about cartilage dissipation mechanisms in 

sub-failure regime lays the foundation for Objectives 3 and 4 about the link between rate-dependent 

cartilage failure and dissipation mechanisms. Chapters 4 and 5 provide the details of Objective 3 

and 4, respectively. Chapter 6 presents conclusions and future work. 
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Figure 1-2: Schematic overview of research. Cartilage dissipates a part of mechanical input 

energy, � Wmech. Learning outcomes from Objectives 1 and 2 form the foundation for 

Objectives 3 and 4. These objectives were achieved by conducting mechanical tests across 

multiple length- (µm to mm) and time- (quasi-static to traumatic impact) scales, FE analysis, 

and nano/microscopic imaging. 
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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 

microscale lengths. Also they encouraged development of broadband cartilage like-dampers and 

provided important design parameters to maximize their performance. 

Keywords Cartilage; poroelasticity; viscoelasticity; energy dissipation; broad dissipation 
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 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 [1]. Fluid 

is the largest constituent (about 60 – 85 % of wet weight), and it plays an important role in swelling 

intrafibriliar space (about 30 % of total water) and extrafibriliar space [1–3]. Cartilage dehydrates 

and rehydrates 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 viscoelasticity, resulting in efficient and sustained broadband dissipative properties [4–7].  

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 [4,8]. Previous studies showed that poroelasticity-driven dissipation was dominant at 

relatively small length scales (about 5-6 um) under oscillatory loading [4,5]. Intrinsic 

viscoelasticity-driven dissipation is associated with delay due to molecular friction and 

rearrangement of a solid matrix [4,8], and therefore is flow-independent [9–11]. Previous work 

measured intrinsic viscoelasticity of cartilage by employing macroscale compression tests 

[6,7,9,10] and small magnitude shear loading [12]. Although a few studies have individually 

measured poroelasticity [4,5] and intrinsic viscoelasticity of cartilage [6,7] 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-
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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) [4,11]. Consequently, a characteristic length can govern poroelasticity-

driven dissipation. A poroelasticity-driven dissipation spectrum moves toward a low frequency 

range as a characteristic length increases, and its peak frequency, fporo, can be estimated with 

poroelastic diffusion time (Figure 2-1) [4,11]. In contrast, intrinsic viscoelastic dissipation is flow-

independent [9–11]. Accordingly, an intrinsic viscoelasticity-driven dissipation spectrum and its 

peak frequency, fvisco, are independent of a characteristic length (Figure 2-1). 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. 
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Figure 2-1: Schematic diagram of dependence of poroelastic and intrinsic viscoelastic energy 

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

to the square of the contact radius, a (Eq. 2-5). Therefore, the effects of the two mechanisms 

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

 Method 

2.3.1. 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. 

2.3.2. 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 
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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 calliper 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. 

2.3.3. 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 45o, 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 

in curves similar to force-relaxation curves for hydrated cartilage (Figure 2-2b) and curves similar 

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

from thermal drift [11]. 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 [13]. A 

220 Hz reference frequency was imposed between test frequencies. 

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

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 = 13.21 ± 0.59 μm, was achieved with the 50 µm radius sphero-

conical indenter, held at a static displacement of 3.50 ± 0.32 μm for 20 seconds, followed by a 
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frequency sweep from 5 Hz to 100 Hz in 7 randomized segments (contact area: 549.20 ±

49.52 μm�). The middle contact radius, amedium = 32.77 ± 0.77 μm, was achieved with the 1 mm 

radius tip, held at a static displacement of 1.07 ± 0.05 μm for 40 seconds, followed by a frequency 

sweep from 5 Hz to 100 Hz in 4 randomized segments (contact area: 3375.43 ± 158.20 μm�). 

The largest contact radius, alarge = 43.13 ± 0.85 μm, was achieved with the 1 mm radius tip, held 

at a static displacement of  1.86 ± 0.07 μm  for 100 seconds, followed by a frequency sweep in 4 

randomized segments from 25 Hz to 100 Hz (contact area: 5846.20 ± 229.21 μm� ). 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 0.68 ± 0.14 μm for 20 seconds, resulting in a contact radius of 5.79 ±

0.60 μm (contact area: 103.19 ± 23.94 μm�). Following the 20 second 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 [14]: 

� = ��������� (2-1) 

where R is the indenter radius and �������  is the static displacement (Figure 2-2). 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. 
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Figure 2-2: (a) Schematic diagram of contact between impermeable indenter and cartilage 

and (b) representatives of force-time and displacement-time curves from hydrated cartilage. 

R and �static are the tip radius and the static displacement, respectively. SZ, MZ, and DZ are 

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

shallow, the measured values were from SZ (10-20% of total thickness [1] = about 300 μm). 
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2.3.4. 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) [15]. 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 [15]:  

��� =  √�� (2-2) 

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

curve, �, by using lPE and a at ������� as follows [15]: 

�(�) − �(∞)

�(0) − �(∞)
= � �

���
�

��
� = � �

��

��
� = �(�) (2-3) 

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

time, respectively. �(0), �(∞), 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 [15]: 

�(�) = 0.491���.���√� + 0.509���.����. (2-4) 

As a result of the curve fitting, �(0), �(∞), and D were determined, allowing fporo to be estimated 

[4,11]: 
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�����~
1

�����
=

�

��
 (2-5) 

where ����� is the poroelastic time constant. 

2.3.5. 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. 

 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 2-3a). 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  30.50 ± 2.19 degrees at 5 Hz and 13.74 ± 1.28 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 9.97 ± 1.50 

degrees and 8.16 ± 2.87 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 2-3: (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 2-3a). 

Phase shifts from alarge were 9.12 ± 1.29 degrees at 25 Hz and 8.89 ± 2.22 degrees at 100 Hz. 

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

cartilage (Figure 2-3a) (p<0.05). The phase shift at the dehydrated state was not dependent on 
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frequency (4.42 ± 0.49 degrees at 5 Hz and 3.41 ± 1.13 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 2-3b) (p>0.05). Dynamic modulus from asmall 

increased in a frequency-dependent manner from 7.74 ± 2.86 MPa at 5 Hz to 15.83 ± 5.71 MPa 

at 100 Hz (p<0.05). Dynamic modulus from amedium slightly increased from 34.07 ± 2.68 MPa at 

5 Hz to 43.18 ± 3.47 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 41.19 ± 11.70 MPa and 47.00 ± 11.33 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 2-3b) (p<0.05). Dynamic modulus of dehydrated cartilage ranged from 1.51 ± 0.33 

GPa at 5 Hz to 1.70 ± 0.35 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. 2-3 and Eq. 2-4). As a result, D was evaluated to be (3.89 ± 1.64) × 10��� m2/s, and the R-

squared value for the curve fitting was 0.97 ± 0.01 (Figure 2-4). Furthermore, fporo was estimated 

as 0.22 ± 0.09 Hz by substituting the determined D into Eq. 2-5. 
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Figure 2-4: Representative of fitting normalized force relaxation to master curve for contact 

between spherical indenter and half-space poroelastic material [15]. The R-squared values 

for all of the fits were �. �� ± �. ��. 

Weight and thickness of cartilage dramatically decreased during dehydration (Figure 2-5). 

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. 
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Figure 2-5: Change in weight and thickness of cartilage during dehydration. 

 Discussion 

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

poroelasticity additionally increased overall dissipation (Figure 2-3a and Figure 2-6). Phase shifts 

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

and intrinsic viscoelastic dominant dissipation, respectively (Figure 2-3a). 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 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 (0.22 ± 0.09 Hz). However, the contribution of poroelasticity-driven dissipation at a specific 

frequency varies depending on a characteristic length (contact radius) [4,11]. 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. 2-5) [4,11]. For instance, 



25 

 

previous work [4] showed poroelastic peaks of cartilage at higher frequencies (about 11 Hz) with 

smaller contact radii (about 6 µm) than the current study. 

 

Figure 2-6: 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 2-3a. 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 [4,8]) at large contact radii (i.e., amedium 

and alarge). The independence of phase shift on contact radius showed that phase shifts at amedium 

and alarge were predominantly from intrinsic viscoelasticity (Figure 2-3a). 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 [6,7,16]). 

Since ����� is proportional to the square of contact radius (Eq. 2-5), 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 
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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 [4,5]) 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 2-3a). Also, the frequency-dependence of phase shift 

measured at asmall was consistent with the theoretical poroelastic peak, fporo (0.22 ± 0.09 Hz); it 

increased toward the peak frequency. D ((3.89 ± 1.64) × 10��� m2/s), used for the estimation of 

fporo, was consistent with previous studies that used different measurement methods (1.97× 10��� 

m2/s [17], 2.30× 10��� m2/s [18], and 8.35× 10��� m2/s [19]); some discrepancies could be due 

to samples and strain dependency of D [20,21]. 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 [4,5]. 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 [11]. In the normalized 

frequency domain, the phase shifts at different contact radii formed united curves (Figure 2-7). 

Both the phase shift and the normalized frequency range were consistent with previous macroscale 

tests (about 10 degrees at 6.76×10-5 - 5.95×10-510-3 m2/s [7]).  While most data points were along 
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a united curve, the phase shift from amedium at low frequency (f=5Hz, a2f= 5.37×10-9 m2/s) deviated 

from the overall trend. This was likely due to contact radius decreasing poroelastic dissipation, 

which was previously observed in biological tissues [4,11,22,23]. 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 [16]), this suggests predominantly viscoelastic dissipation for amedium 

at low frequency. 

 

Figure 2-7: 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 2-3a, 

Figure 2-6). 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 μm diameter tip [11]. 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 
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in this current study (30.50 ± 2.19 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 2-3a). 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) [11]. This could be due to the effect of fiber-reinforced structure [4] 

and anisotropy [1] of cartilage on poroelasticity-driven dissipation. The anisotropy of collagen 

fibrils could affect dissipation as they direct fluid flow [24]; the degree of the anisotropy is 

expected to be relatively minor when considering the sample age (5-6 months old) [25].  

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 

2-3b) 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 [26]), a measure of 

fluid pressurization [26–28], 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 higher than that at asmall in the corresponding frequency (i.e. loading rate) 

[4,8,26,27]. The higher fluid pressure was likely to cause relatively high tensile strain of nonlinear 

solid matrix [29], 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 [6,7]. Some discrepancies could be attributed to 
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species and test conditions (i.e., scale and compressive stress). The dependence of self-stiffening 

of cartilage on contact radius (Figure 2-3b) was likely due to the effect of frequency on fluid 

pressurization, underpinned by the determined dominant mechanisms and previous studies [4,8]. 

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 [4,8,27]. As a result, interstitial fluid pressure likely increased with 

frequency, and thus dynamic modulus at asmall gradually increased [4,8,27]. 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 [8]. It was 

consistent with steady trends of dynamic moduli at macroscale from previous studies [6,7]. 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 2-5). 

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 [1–3]. Therefore, 25 % of the initial cartilage weight at the 

dehydration state indicated that cartilage lost 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 [30] and type I collagen [31]). 

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

cartilage over the frequency range studied (Figure 2-3 and Figure 2-6). Poroelasticity-driven 
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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 [32] and density of 

foams influenced on their absorbed energy [33]. 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 2-3b). 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 [31]. The increase in dynamic 

modulus was consistent with previous studies that showed fibrils [31,34] and cartilage [30] 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 [35]. 

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) [4] (e.g., walking: 1-

8Hz [36], running: 4-100 Hz [37], kicking: 4 -11Hz [38], and jumping: 2-100 Hz [39]), 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) 
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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 [40,41]. 

In our view, this study provided useful information for cartilage-like dampers [42,43] and 

showed a possibility that the current approach could be used to investigate early osteoarthritic 

damage [44]. 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 [4,42] 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 could be useful to investigate early osteoarthritis, initiating from superficial 

zone [1,44]. 

 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 
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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 

[42,43]. 
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 Abstract 

High-frequency material behavior of cartilage is not widely understood, despite the range of 

contact lengths and frequencies experienced in vivo. For example, high-frequency loading occurs 

during traumatic impact and heel strike, making high-frequency behavior relevant in the context 

of structural failure. Therefore, this study examined macroscopic dissipative and mechanical 

responses of intact and glycosaminoglycan (GAG)-depleted cartilage under previously unexplored 

high-frequency loading. These dynamic responses were complemented with evaluation of quasi-

static responses. A custom dynamic mechanical analyzer was used to obtain dynamic responses, 

and stress relaxation testing was performed to obtain the quasi-static responses. Under high-

frequency loading, cartilage energy dissipation increased with GAG depletion and decreased with 

strain, while showing opposite trends in dynamic modulus. Similarly, under quasi-static loading, 

compressive strength and relaxation time constant of cartilage decreased with GAG depletion. In 

combination with previous research, these results suggest that the increased energy dissipation of 

GAG-depleted cartilage at high frequencies was dominantly due to increased diffusivity, altering 

the contribution of poroelastic dissipation. These findings broaden fundamental properties of 

cartilage as a function of solid matrix integrity in an unprecedented loading regime. They also 

provide a foundation for analyzing energy dissipation associated with cartilage failure induced by 

traumatic impact. 
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 Introduction 

Articular cartilage is a load-bearing and dissipative material that cushions the ends of bones in 

diarthrodial joints and protects against load-induced damage. Cartilage solid matrix is made of 

proteoglycans (PGs) with sulfated glycosaminoglycan (GAG) side chains (4-7% of wet weight [1]) 

embedded in a dense collagen fibril matrix (15-22% of wet weight [1]). While collagen fibrils 

under tension maintain cartilage integrity [2–5], negatively charged GAGs provide positive 

swelling force and thus compressive resistance through osmotic pressure and repulsive interactions 

between charge groups [1,6]. The largest component of cartilage is fluid (about 60-85% of wet 

weight), which swells the solid matrix and pore space [1,7,8].  

Dissipative and mechanical responses of cartilage arise due to poroelastic (PE) and intrinsic 

viscoelastic (VE) relaxations [9–13]. PE relaxation is caused by drag due to stress-induced pore 

fluid diffusion, resulting in energy dissipation via fluid-solid frictional interaction [10,14,15]. PE 

relaxation time depends on a characteristic diffusion length and diffusivity [9,10,16–18]. Intrinsic 

VE relaxation is induced by interactions and rearrangement of solid matrix macromolecules 

[15,19,20]. Therefore, VE relaxation time is length- and diffusion-independent at the continuum 

level [9,17,20]. PE and VE relaxation mechanisms play an important role in dissipative capacity 

and failure of cartilage [10,14,18,21–24]. 

Although dissipative and mechanical responses of cartilage at microscale lengths have been 

explored up to high frequencies as a function of the solid matrix integrity, they are only partially 

understood at macroscopic length scales. At the microscale, GAG-depleted cartilage has higher 
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permeability due to increased pore size, resulting in lower dynamic modulus and a shift in an 

increased peak frequency of PE dissipation in the 1-10 kHz range [18]. In the 5-100 Hz range, VE 

dissipation provides a baseline for dissipation, while PE dissipation increases overall dissipation 

at relatively small length scales [9]. Under quasi-static loading at microscopic length scales, elastic 

moduli of GAG-depleted cartilage were much lower than those of intact cartilage across the full-

thickness sample, but permeability showed an opposite trend [25]. These previous studies provide 

dissipative and mechanical responses of cartilage at microscale lengths across the frequency 

contents involved while walking (1-8 Hz), jumping (2-100 Hz), and running (4-100 Hz), occurring 

with heel strike, and during traumatic impact (≥200 Hz) [18]; the frequency ranges of walking, 

running, and jumping were not verified by independently measuring loading applied to cartilage 

and thus might be overestimated as the loading is transmitted via soft dissipative tissues such as 

tendon. However, cartilage responses at macroscale lengths (≥ 2 mm) have only been partially 

explored in a relatively low frequency range. This gap is important because in vivo contact occurs 

at the macroscale [26,27] and includes high-frequency loading during traumatic impact and heel 

strike. At macroscale lengths, storage and loss moduli of intact cartilage gradually reaches constant 

values at around 15 Hz and maintains them up to 92 Hz, and higher applied stresses decrease phase 

shift [22,24]. Matrix depletion decreases modulus and increases phase shift under shear at 0.1 Hz 

and compressive loading up to 40 Hz [28,29]. Currently, macroscopic dissipative and mechanical 

responses of cartilage were not investigated under high-frequency loading (≥ about 95 Hz) as a 

function of strain and matrix depletion. 

The aim of this study is to fill this gap by examining the effects of solid matrix integrity 

and strain on dissipative and mechanical responses of cartilage up to 300 Hz in order to cover 

previously unexplored trauma scenarios under macroscopic contact lengths.  
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 Methods 

3.3.1. Sample Preparation: Intact cartilage 

Patellae from eight porcine joints were harvested from a local abattoir (8 animals, 5-6 months old, 

sex unknown and assumed random). A total of 16 cylindrical cores with a diameter of 4 mm were 

obtained using a biopsy punch and a scalpel (two cylindrical cores per animal). A microtome was 

used to remove subchondral bone and achieve a deep surface parallel to the articular surface. Eight 

of the total 16 cores were used to measure dynamic responses of intact and GAG-depleted cartilage, 

and the others were used to measure the quasi-static responses (Figure 3-1). Cartilage samples 

were kept hydrated during the preparation process in Dulbecco's phosphate-buffered saline (DPBS) 

with protease inhibitor (PI). 

 

Figure 3-1: (a) Overview of experiments. (b) GAG contents of intact and GAG-depleted 

cartilage were quantified via the DMMB assay. Schematic diagrams of (c) stress relaxation 

and (d) dynamic testing setups (not drawn to scale). 
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3.3.2. Quasi-static testing 

Quasi-static responses of intact and GAG-depleted cartilage were examined by measuring stress 

relaxation responses under unconfined compression at four different strain levels (Figure 3-1a-c). 

Tests were conducted on a 3230-AT Series III test instrument (TA Instruments, New Castle, DE) 

with a 6 mm diameter flat glass indenter. Intact cartilage was attached to a stage, compressed up 

to 5% strain with a 0.1 s-1 strain rate, and relaxed for 11 minutes. Additional steps of 5% strain and 

holding period were repeatedly applied up to 20% strain. After testing intact cartilage, mild-GAG-

depletion was induced via a 30 minute incubation period in 0.25% trypsin at 37°C, and the test 

protocol used for intact cartilage was conducted. Severe-GAG-depletion was then induced via an 

additional 6.5 hour incubation in 0.25% trypsin at 37°C, and the testing was repeated. Trypsin 

selectively digests GAG without affecting a collagen fibril matrix [28,30]. GAG contents after 

trypsin treatments were estimated from pilot samples subjected to a dimethylmethylene blue 

(DMMB) assay (intact: 32.03±5.32 µg/mg, PG depletion for 1 hour: 17.42±4.83 µg/mg, and PG 

depletion for 6 hours: 8.80±2.15 µg/mg) (Figure 3-1b). 

Stress relaxation responses were used to quantify peak stresses, equilibrium moduli, and 

relaxation times of intact and GAG-depleted cartilage. First Piola-Kirchhoff peak stress for each 

strain level was calculated by dividing a peak load (unrelaxed state) with reference configuration 

area, A (= π�� mm2 = 12.57 mm2). Equilibrium stress was calculated by dividing equilibrium load 

(relaxed state) by A. Equilibrium load for each strain was defined as the load response after 10 

minutes of relaxation (Figure 3-2a) because there was virtually no further relaxation; load 

relaxation between 10 minutes and 11 minutes was less than 0.08 % of total relaxation defined as 

from peak load to equilibrium load for each strain. A linear function was fitted to average 
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equilibrium stresses as a function of strain, and its slope represented equilibrium modulus of 

cartilage. Relaxation time was defined as the time required to relax 90 % of the total relaxation. 

3.3.3. Dynamic testing 

Microscopic dynamic responses of intact and GAG-depleted cartilage under high-frequency 

loading were investigated by measuring phase shift and dynamic modulus using a dynamic 

mechanical analyzer (DMA) (Figure 3-1a,b and d). Intact cartilage was compressed to 5% strain 

and relaxed for 10 minutes to reach equilibrium (relaxed state). Then, a frequency sweep from 75 

Hz to 300 Hz with a small oscillation (about 650 nm) was applied to a sample stage using a piezo 

actuator (PI P250.20, PI, Auburn, MA). This dynamic testing was repeated at 10, 15, and 20% 

strain, with strain levels matched to the quasi-static testing. Acceleration of the sample stage and 

DMA frame induced by the piezo actuator were measured with two accelerometers (PCB333B30, 

PI, Auburn, MA) (Figure 3-1d). Displacements x1 for the sample stage and x2 for the DMA frame, 

were obtained from the double integration of measured acceleration. The force response during 

the frequency sweep was measured by a dynamic force sensor (PCB208C01, PI, Auburn, MA). 

The sampling frequency for acceleration and force was 5 kHz. Using these measured responses, 

the complex dynamic stiffness, �(�), was obtained through the frequency domain analysis as 

follows: 

�(�) =  
�(�)

�1(�) − �2(�)
 (3-1) 

where �(�) is the force response and �1(�) and �2(�) are the displacements of the sample stage 

and DMA frame, respectively, in the frequency domain. Then, the complex dynamic modulus, 

�(�), was calculated as follows: 
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�(�) =
�(�)��

�
 (3-2) 

where �� is the thickness of cartilage at each stain level and � is the reference configuration contact 

area between the force sensor and cartilage. As the diameter of the force sensor was larger than 

that of cartilage, A was equal to the area of articular surface. The magnitude, |�(�)|, and phase, 

∠�(�) provide the dynamic modulus and phase shift of intact cartilage, respectively. Following 

intact cartilage, mild-GAG-depleted and severe-GAG-depleted cartilage were tested using the 

same test protocol in consecutive order. GAG-depleted samples were prepared in the same way as 

those used for the quasi-static testing.  

3.3.4. Statistical Analysis 

Data were not normally distributed and were therefore subjected to nonparametric analysis. A two-

way aligned rank transformation analysis of variance (ART ANOVA) was used to assess the 

effects of both GAG depletion and strain on peak stress, equilibrium stress, relaxation time, phase 

shift and dynamic modulus, as well as the effects of frequency on phase shift and dynamic modulus. 

 Results 

Quasi-static peak stresses, equilibrium stresses, and relaxation times of cartilage increased with 

strain and decreased with GAG depletion (Figure 3-2a). Peak stresses of intact cartilage depended 

on GAG depletion (p < 2.22 × 10-16), and the values at 5% and 20% strain were 2.28 times and 

2.37 times larger than those of severe-GAG-depleted cartilage, respectively (Figure 3-2b). 

Equilibrium stresses of cartilage decreased with GAG depletion (p < 2.22 × 10-16) and increased 

with strain (p < 2.22 × 10-16) (Figure 3-2c). Intact cartilage at 5% and 20% strain exhibited 25.05 

times and 17.33 times larger equilibrium stresses than severe-GAG-depleted cartilage, respectively. 
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Equilibrium stresses of intact and severe-GAG-depleted cartilage at 20% strain were 3.87 times 

and 5.58 times higher than those at 5% strain, respectively. From the slopes of the linear fits (Figure 

3-2c), equilibrium moduli of intact, mild-GAG-depleted, and severe-GAG-depleted cartilage were 

0.89 MPa (R2 > 0.99), 0.34 MPa (R2 = 0.94), and 0.05 MPa (R2 = 0.97), respectively. Relaxation 

times of cartilage reduced with GAG-depletion (p < 2.22 × 10-16) and increased with strain (p = 

2.55 × 10-11) (Figure 3-2d). Severe-GAG-depleted cartilage at 5% and 20% strain relaxed 6.74 

times and 7.28 times faster than intact cartilage. Relaxation times of intact and severe-GAG-

depleted cartilage from 5% strain to 20% strain increased 1.8 times and 1.66 times, respectively. 

 

Figure 3-2: Results of quasi-static testing on intact and GAG-depleted cartilage: (a) load 

relaxation responses, (b) peak stresses, (c) equilibrium streeses, and (d) relaxation times. 
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High-frequency phase shifts and dynamic moduli of cartilage depended on GAG-depletion 

and strain (Figure 3-3). Phase shifts of cartilage increased with GAG depletion (p < 2.22 × 10-16) 

and decreased with strain (p < 2 × 10-16). For example, at 200 Hz under 5% strain, phase shifts 

increased from about 7.37 degrees to about 12.91 degrees after inducing severe-GAG-depletion. 

Phase shifts at 200 Hz decreased about 1.5 degrees from 5% strain to 20% strain for intact cartilage, 

and this decreasing trend was also observed in mild- and severe-GAG-depleted cartilage. Phase 

shifts of intact and GAG-depleted cartilage were statistically rate-dependent in the high frequency 

range of interest (p = 1 × 10-9), but the numerical values only increased about one degree from 75 

Hz to 300 Hz. In contrast to trends in phase shifts, dynamic moduli of cartilage decreased with 

GAG depletion (p < 2 × 10-16) and increased with strain (p < 2 × 10-16). For instance, dynamic 

moduli of intact cartilage at 5% strain at 200 Hz (32.79 MPa) were 2.6 times larger than those of 

severe-GAG-depleted cartilage at 5% strain (12.49 MPa). From 5% strain to 20% strain, dynamic 

moduli of intact and severe-GAG-depleted cartilage increased about 1.35 times and about 1.48 

times, respectively. 
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Figure 3-3: (a) Phase shifts and (b) dynamic moduli of intact and GAG-depleted cartilage at 

75-300 Hz. 

 Discussion 

Macroscopic energy dissipation of intact cartilage stems from intrinsic VE dissipation under high-

frequency loading. Cartilage undergoes nearly isochoric deformation with restricted fluid flow 

when PE relaxation time constant [17] is sufficiently larger than the inverse of the induced strain 
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rate [31]. PE relaxation time is proportional to the square of a characteristic length, but inversely 

proportional to diffusivity. A previous study with dynamic testing at multiple contact radii showed 

that energy dissipation of intact cartilage at a contact radius of about 40 µm was dominated by 

intrinsic VE dissipation under oscillatory loading (5-100 Hz with small amplitude of about 1.25 

nm) [9]. Thus, under the current conditions with a larger contact radius, amplitude, and frequency 

range, intact cartilage likely behaved as a nearly incompressible solid and dominantly dissipated 

energy through intrinsic VE. Further, the measured phase shift (about 7 degrees at 5 % strain) was 

consistent with that of intrinsic VE dissipation reported in previous work (about 8 degrees at 0.8 % 

representative strain) in the overlapped frequency range (75 - 100 Hz) [9]; samples used for both 

studies had the same age and species and were also harvested from the same local abattoir. Strain- 

and frequency-dependent phase shift of intact cartilage were consistent with macroscopic VE 

properties reported in previous studies (1-92 Hz) [22,24]; some minor discrepancies in phase shift 

were likely due to species, age, and test conditions. 

GAG depletion enhanced energy dissipation of cartilage under high-frequency loading. 

GAG-depleted cartilage exhibited higher phase shift than intact cartilage, showing that the loss of 

GAG content increases energy dissipation (Figure 3-3a). As GAG depletion increases diffusivity 

[18,25] without affecting a collagen fibril matrix [28,30], the difference in phase shifts of intact 

and GAG-depleted cartilage was likely due to altered PE dissipation. A sharp decrease in 

relaxation time after GAG depletion (Figure 3-2d) also suggests an increase in diffusivity. These 

results imply that osteoarthritis, which includes GAG loss, could increase energy dissipation of 

cartilage under high-frequency loading. 

The degeneration of the solid matrix decreased the resistance of cartilage to being deformed 

under relatively fast dynamic and quasi-static loading. Dynamic modulus of GAG-depleted 
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cartilage was smaller than that of intact cartilage (Figure 3-3b). This suggests that GAG-depleted 

cartilage undergoes large deformation under the same pressure generated by high-frequency 

loading. The decreased resistance could be attributed to relatively decreased lateral expansion of 

cartilage (i.e., less volumetric change) due to the increased diffusivity after GAG depletion, 

resulting in a decrease in tensile strain of collagen fibrils [2,9,32]. In addition, a sharp decrease in 

equilibrium modulus as a function of the solid matrix integrity showed that GAG-depleted 

cartilage cannot resist quasi-static compression as much as intact cartilage (Figure 3-2c). This was 

likely because the loss of negatively charged GAGs decreased osmotic pressure and repulsive force 

between charge groups, as shown in previous studies [1,3,25,33]. The effects of the GAG loss on 

moduli were much larger under quasi-static loading than high-frequency loading. These findings 

suggest that cartilage could gradually lose the ability to resist dynamic and quasi-static loading at 

early stages of osteoarthritis. 

This study has a few limitations. The test conditions do not exactly represent in vivo 

conditions; however, DMA and stress relaxation tests provided dissipative and mechanical 

properties of cartilage at a macroscopic length scale, comparable to contact lengths in the native 

joints in vivo [26,27], as a function of the solid matrix integrity. Osteoarthritis-like cartilage 

damage was simulated by depleting GAGs through enzymatic treatments, and therefore these 

findings do not represent osteoarthritis occurring with degeneration of other solid matrix 

components such as collagen fibrils. 

 Conclusions 

This study investigated dissipative and mechanical responses of intact and osteoarthritis-like 

cartilage at a macroscopic length in a previously unexplored high frequency range. Different 
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degrees of GAG depletion were induced via trypsin enzymatic digestion of cartilage. Under high-

frequency loading representing traumatic impact and heel strike, energy dissipation of cartilage 

increased with the degeneration of the solid matrix and decreased with strain. In addition, the 

resistance of cartilage to being deformed decreased with the degree of GAG depletion. Under 

quasi-static loading representing human beings rest, GAG-depleted cartilage relaxed much faster 

and lost compressive strength in equilibrium in comparison to intact cartilage. Sharply decreased 

relaxation times after the GAG depletion were thought to be mainly due to an increase diffusivity, 

suggesting an increase in dissipation of GAG-depleted cartilage in the high frequency of interest 

stemmed from altered PE dissipation. These dissipative and mechanical properties measured at a 

contact length comparable to the native joints in vivo filled the knowledge gaps about dissipative 

and mechanical properties of intact and osteoarthritis-like cartilage in an unprecedented high 

frequency range. In particular, they lay the foundation for interpreting energy dissipation 

associated with cartilage failure as a function of the solid matrix integrity under traumatic injury 

and high-rate physiological loading. 
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 Abstract 

This study investigates rate-dependent crack nucleation in cartilage under microindentation using 

a poroviscoelastic framework and nano/microscopic images. Localized crack failure was induced 

at known locations and at different loading rates via microindentation with an axisymmetric 

sphero-conical indenter. Finite element (FE) modeling was used to reproduce results of 

microindentation tests within a PVE framework. Scanning electron microscopy (SEM) was used 

to examine nano- and microscale structural features of crack surfaces. Microindentation results 

showed rate-dependent crack nucleation in cartilage. In particular, critical total work required for 

crack nucleation was larger at the slow loading rate compared to the fast loading rate. FE results 

suggested that viscoelastic relaxation of cartilage was a major contributor to the rate dependency 

and that tensile stresses localized at the indenter tip was a governing factor in crack nucleation. 

SEM images combined with microindentation and FE results suggested that the solid matrix in the 

vicinity of the tip experienced relatively large relaxation and kinematic fiber rearrangement at the 

slow loading rate in comparison to the fast loading rate. These findings extend current 

understanding of rate-dependent failure mechanisms in cartilage. 

Keywords Rate dependence; fracture; crack nucleation; poroelasticity; intrinsic viscoelasticity 
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 Introduction 

Articular cartilage is a heterogeneous material composed of dense solid matrix and fluid. The 

major constituents of the solid matrix are collagen fibrils (about 15-22 % of wet weight [1]) and 

proteoglycans (PGs) with sulfated glycosaminoglycan (GAG) side chains (about 4-7 % of wet 

weight [1]). Collagen fibrils primarily resist tension [2–4]. Cohesive strength of cartilage is 

attributed to collagen fibril-based interactions rather than GAG-based interactions [5,6]. 

Negatively charged GAGs provide compressive resistance via charge-to-charge repulsion and 

osmotic pressure [1,7]. Fluid is the largest portion of cartilage (about 60-85 % of wet weight), and 

it plays an important role in swelling collagen fibrils (about 30 % of total water) and creating pore 

space in the solid matrix [1,8,9]. Cartilage functions as a load-bearing and dissipative material 

because of its composition [10–14]. These functions of cartilage may not be maintained after 

failure (i.e., cracks [15,16]) under various loading conditions. Nevertheless, mechanisms of rate-

dependent cartilage failure are only partially understood. 

Poroelastic (PE) and viscoelastic (VE) relaxations govern the rate-dependent mechanical 

response of intact cartilage. PE relaxation originates from stress-induced fluid flow (diffusion), 

which dissipates energy through fluid-solid frictional interaction [11,17,18]. As PE relaxation is 

flow-dependent, its time constant depends on a characteristic diffusion length scale [10,11,19]. For 

example, the contact length between an indenter and a sample can be considered as a characteristic 

diffusion length where fluid flows. A PE time constant is proportional to the square of a 

characteristic diffusion length (e.g., contact radius) [10,11]. Intrinsic VE relaxation originates from 

rearrangement and interactions of solid matrix macromolecules (i.e., collagen fibrils and PGs) 

[11,18,20]. Hence, in contrast to PE relaxation, VE relaxation is flow-independent, and therefore 

its time constant of effective intrinsic VE relaxation can be assumed independent of any 
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characteristic diffusion length scales at continuum [10,19,21]. Combined effect of poroviscoelastic 

(PVE) relaxations is shown to explain the observations of rate-dependent mechanical properties 

[10,22–24] and is utilized in finite element (FE) models of cartilage [24–27]. Those relaxation 

mechanisms, however, have not yet been tied to rate-dependent failure mechanics in cartilage. A 

recent study showed that VE relaxation successfully accounts for the rate-dependent failure in 

hydrogels (i.e., rate-dependence of stress and stretch at failure, and crack opening profiles) [28]. 

Despite significant ultrastructural differences, hydrogels and cartilage exhibit similarities in their 

time-dependent response, which suggests that time-dependent mechanical response can explain 

rate-dependent failure in cartilage. 

Rate dependence of failure properties of cartilage has been observed at macroscopic length 

scales, but is not linked to rate-dependent mechanics at nano/microscopic length scales. For 

instance, cyclic tensile loading at a relatively low frequency was found to slow the growth of a 

pre-existing crack in cartilage and cause necking phenomena [29]. Cyclic compressive loading at 

a relatively high frequency appeared to shorten the time to equilibrate and cause more damage to 

the microstructure of cartilage [30]. In addition, cyclic compressive loading at a relatively high 

frequency was found to induce large crack lengths regardless of an applied maximum load [31]. 

Mechanical impact has been used to investigate the onset of post-traumatic osteoarthritis (OA) and 

caused cartilage failure such as micro/macrocracks and fissures [32–34]. Lastly, a more recent 

study with a sharp blade showed that critical load, critical displacement, and critical energy 

required for crack nucleation decreased with increased loading rates [35]. Notwithstanding, a lack 

of nano/microscopic observation of rate-dependent crack nucleation in cartilage has limited the 

understanding of its mechanisms. Conversely, rate-dependent crack nucleation has been observed 

in skin, a collagen-rich tissue with structural similarities to cartilage. For instance, 
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nano/microscopic fractography in skin showed relatively slow strain rate caused fiber bundles to 

split, indicating fibers had sufficient time to relax and slide [36]. Furthermore, nano/microscopic 

observation of skin under tensile loading demonstrated that the rearrangement of fibrils toward 

fracture involved rotation, straightening, stretching, sliding, and delamination of fibrils [37]. In 

order to effectively observe such rate-dependent features of cartilage failure at nano/microscopic 

scales, localized failure should be introduced at precise rates and locations. A previous study 

showed microindentation with an axisymmetric indenter could achieve crack initiation tests on 

cartilage with smaller standard deviations compared to macroscopic tests [38]. However, rate-

dependence of cartilage failure was not evaluated. The small standard deviation was noteworthy 

as failure results of soft tissues are notorious for high variation [38,39]. Therefore, the combination 

of microindentation-based crack initiation and nano/microscopic imaging techniques can provide 

a possible link between rate-dependent cartilage failure and physical mechanisms. 

The objective of this study is to explain rate-dependent crack nucleation in cartilage under 

microindentation using nano/microscopic images and a PVE framework. Crack nucleation was 

generated at different loading rates by microindentation at a well-defined location around the 

indenter tip. Crack nucleation was defined as a failure event inducing a sudden burst of load during 

the displacement-controlled indentation due to rupture of intact cartilage. Critical load, critical 

displacement, and critical total work were determined at a sudden burst of load with a negative 

slope in a load-displacement curve. Fractographic examination was performed by observing nano- 

and micro-scale features of crack surfaces via scanning electron microscopy (SEM). A 3D 

axisymmetric FE model with PVE relaxations was developed, and then tuned based on the results 

of microindentation tests. FE predictions suggested the relative role of PVE relaxations in rate-

dependent crack nucleation; in conjunction with nano/microscopic images of crack surfaces, this 
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aids in interpreting experimentally-measured rate-dependence in crack nucleation under 

microindentation. 

 Methods 

4.3.1. Sample Preparation 

Eight full-thickness cartilage samples were harvested from patellae of porcine joints acquired from 

a local abattoir (4 animals, 5-6 months old, sex unknown and assumed random). A biopsy punch 

and a scalpel were used to obtain 6 mm diameter cylindrical cores. Subchondral bone was removed 

using a microtome to create a deep surface parallel to the articular surface and allow indentations 

to be perpendicular to the articular surface. Cores were cut in half to make hemi-cylindrical 

samples. The deep zone of each sample was attached to a Petri dish using cyanoacrylate (Loctite 

495, Henkel, Germany). Samples were kept hydrated during preparation in Dulbecco's phosphate-

buffered saline (DPBS). The average cartilage thickness was 1.58±0.20 mm. 

4.3.2. Crack nucleation via microindentation tests 

Microindentation tests were performed to create crack nucleation at different loading rates. Tests 

were conducted on a Bruker TI 950 TriboIndenter (Bruker, Eden Prairie, MN) with a diamond 

sphero-conical tip (tip radius, R = 20 µm and tip angle, θtip = 60 degrees) (Figure 4-1a). Cartilage 

samples were indented perpendicular to articular surface at 1 µm/s (slow loading rate: SLR) and 

600 µm/s (fast loading rate: FLR) while load response was measured. These contrasting rates were 

selected because the time required for crack nucleation at the SLR was sufficiently longer than the 

relaxation time of cartilage, while the time at the FLR was shorter. In addition, reliable data could 

not be obtained at loading rates lower than 1 µm/s and greater than 600 µm/s, primarily due to 

thermal drift and time lag in controller response. Samples were kept hydrated in DPBS and 
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protease inhibitor (PI) during tests. Critical load, critical displacement, and critical total work were 

determined at a sudden drop with a negative slope in a load-displacement curve (Figure 4-1b), 

indicating sudden rupture of intact cartilage that was sufficiently large to be captured with the 

current instrument. This failure was defined as crack nucleation in the current study. Critical total 

work was calculated from the area under load-displacement curves using trapezoidal integration 

in Origin 2017 software (OriginLab, Northampton, MA). Each loading rate was tested at one 

location on eight samples (2 samples from each animal). Test locations between samples were 

consistently controlled based on testing stage coordinates (Figure 4-1a). 

 

Figure 4-1: (a) Schematic diagram of experimental setup and (b) representative load-

displacement curves of crack nucleation tests with key parameters (critical displacement, 

critical load, and critical total work). Samples were completely immersed in DPBS and PI 

during tests, and the indenter direction was perpendicular to articular surface. Loading rates 

were determined by considering the relaxation time of cartilage. 
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4.3.3. Nano/microscopic evaluation of cracks 

Crack surfaces created by microindentation tests were observed using SEM (S-3200, Hitachi, 

Tokyo) in order to image nano/microscopic structural features (~ 100 nm). Prior to SEM imaging, 

cartilage samples were fixed in 10% formalin for a minimum of 24 hours. Samples were 

chemically dehydrated in graded concentrations of ethanol, then critical point dried (Samdri 780, 

Tousimis, Rockville, MD), and coated with platinum via a sputter coater (Auto Conductavac IV, 

SeeVac, PA). 

4.3.4. FE modeling 

A 3D axisymmetric FE model (wedge angle of 3 degrees) of the indenter-sample system was used 

to explain rate-dependent behavior of cartilage within a PVE framework, and determine a 

governing factor in crack nucleation. The dimensions of the indenter tip model were identical to 

the diamond tip used for microindentation tests (tip radius, R: 20 µm and tip angle, �tip: 60 degrees) 

(Figure 4-2). The dimensions of the cartilage model were 1.58 mm in thickness and 2 mm in radius. 

The average cartilage thickness was selected (1.58±0.20 mm). The radius of the cartilage model 

was sufficiently large in comparison to the indentation depth and contact radii at failure so that 

there is no boundary effect. The indenter tip model was set to indent the cartilage model at different 

loading rates (SLR: 1 µm/s and FLR: 600 µm/s) corresponding to the experimental indentation 

tests. The front face of the cartilage model was fixed in the direction of y-axis, the bottom face 

was fixed in all directions, and the axis of symmetry was fixed in the directions of x- and y-axes 

(Figure 4-2). The contact between the tip and cartilage models was set as frictionless biphasic-on-

rigid contact (facet-to-facet contact with the augmented Lagrangian method). The surface outside 

the contact was set as free-draining conditions. The contact between the back face of the cartilage 

model and the symmetry plane was set as a tension-compression contact interface (zero 
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displacement in the out-of-plane direction and unconstrained displacement in the in-plane 

direction), enforcing a symmetric constraint. Boundary and contact conditions are explained with 

a whole FE model in Appendix A (Figure A-1). The rigid tip and cartilage models were generated 

in SolidWorks 2017, Gmesh [40], and PreView version 1.20.2, respectively. 

 

Figure 4-2: Sphero-conical indenter (rigid body) and cartilage (PVE model) for FE modeling. 

A whole FE model with key indications is presented in Appendix A (Figure A-1). 

Cartilage was modeled as a fiber-reinforced PVE solid, and the indenter was modelled as 

rigid and impermeable (Figure 4-2). Cartilage was discretized into hexahedral (20,592 elements) 

and pentahedral (144 elements) elements. The cartilage mesh was biased with the smallest 

elements at axis of symmetry. The number of elements required was determined by mesh 

convergence analysis. The non-fibrillar cartilage matrix, also often called as the porous matrix, 

was modeled as a biphasic material via the combination of a neo-Hookean material (elastic 

modulus, E = 0.6 MPa [41], and Poisson’s ratio, v = 0.3 [41]) and strain-dependent permeability 

(Holmes-Mow with permeability, k0 = 0.0027 mm4/Ns [42], power-law exponent, M = 2.2 [42], 

and power-law exponent, αperm = 2 [42]). A porous-permeable solid matrix, mainly representing 
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PGs, and fluid were assumed to be incompressible, but the combined porous matrix was modeled 

to be compressible due to the volumetric change by the exudation of fluid from the pore space. 

The fibrillar cartilage matrix was modeled as a nonlinear elastic material with an isotropic 

distribution (power of exponential argument, β = 2.15 [25] and modulus, � = fitting parameter). 

VE response of fibrils was imposed with one time constant (relaxation time, τ =1.8 seconds [43], 

and VE coefficient, γ = fitting parameter); one relaxation time constant was selected to represent 

the VE response in order to minimize the number of parameters [43]. The definitions of the 

material parameters in the models are given in Appendix A. The indenter tip was made of diamond, 

and thus it was reasonable to set the indenter model as rigid and impermeable. FE simulations were 

solved in FEBio version 2.5.2 [44]. 

The fitting parameters (� and γ) were determined by fitting simulated load-displacement 

curves to average load-displacement curves from microindentation tests at 1 µm/s (SLR) and 600 

µm/s (FLR). Average curves were obtained by averaging all load-displacement curves just prior 

to crack failure. The range of the average curves used for the fitting process was up to the lowest 

critical displacement at each loading rate. � and γ were determined by fitting simulated curves to 

the average load-displacement curves at the SLR and FLR. The curve fitting was evaluated with 

R-squared values. Distributions of principal solid Cauchy stresses ( ��  and �� ), principal 

Lagrangian strains (�� and ��), and strain energy density just prior to crack nucleation were taken 

along the axis of symmetry where their maximum absolute values were generated. These results 

were relatively insensitive to the fitting parameters (� and γ), and therefore reliable. Specifically, 

plus and minus 10 % of � changed 4.96±3.55 % and 5.07±3.70 % of the FE-predicted results, 

respectively. Plus and minus 10 % of γ changed 2.18±3.15 % and 2.23±3.20 % of the FE-predicted 

results, respectively. The upper and lower bounds of the distributions were estimated at plus or 
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minus one standard deviation of the average critical displacement from microindentation tests, 

respectively. Principal stresses, principal strains, and strain energy densities of the solid matrix 

were evaluated along the axis of symmetry and at the critical displacements because the end of the 

tip just prior to crack nucleation was the region of interest. These FE results were obtained in 

PostView version 1.10.2. 

4.3.5. Statistical Analysis 

Mann-Whitney U test (nonparametric test) was used to statistically compare experimental data 

from the two loading rates. All statistical analysis was conducted using MATLAB (The 

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

 Results 

While critical load was not significantly different between the SLR and FLR, critical displacement 

and critical total work were significantly larger at the SLR compared to the FLR. Although critical 

load at the SLR (189.06±35.50 mN) was numerically 1.19 times higher than that at the FLR 

(159.24±48.47 mN), the difference was not significant (p = 0.16) (Figure 4-3a). Critical 

displacement at the SLR (390.45±75.54 µm) was 2.74 times higher than that at the FLR 

(142.72±16.03 µm), and the rate dependence of the critical displacement was significant (p = 

1.55×10-4) (Figure 4-3b). Critical total work at the SLR (29.10±10.03 µJ) was 3.49 times higher 

than that at the FLR (8.34±3.83 µJ), and the rate dependence of the critical total work was 

significant (p = 1.55 × 10-4) (Figure 4-3c). Therefore, the rate dependence of cartilage was 

predominant in the critical displacement and total work in comparison to the critical load. All load-

displacement curves used for the determination of critical parameters (Figure 4-3) are provided in 

Appendix A (Figure A-2). 
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Figure 4-3: (a) Critical load, (b) critical displacement, and (c) critical total work.  * indicates 

statistical significance between loading rates. 

SEM images of cracks at the articular surface showed different morphological characteristics 

following initiation at the SLR and FLR. Low magnification images (Figure 4-4a and d) showed 

that crack nucleation initially occurred by opening and breaking the highly dense solid matrix 

in a plane perpendicular to the indentation direction. The images of crack surfaces at the center 

(Figure 4-4b and e) showed different morphology of the solid matrix depending on the loading 

rate. The solid matrix, including collagen fibrils, after crack nucleation at the SLR was relatively 

aligned in the direction perpendicular to the indentation direction (Figure 4-4b). In contrast, the 

solid matrix, including collagen fibrils, after crack nucleation at the FLR was relatively random 

orientation (Figure 4-4e). Crack edges (Figure 4-4c and f) showed rate-dependent morphology 

of the solid matrix. The crack edges generated at the SLR showed a relatively aligned solid 

matrix perpendicular to crack-growth direction, while that generated at the FLR exhibited a 

relatively thin and disordered solid matrix bridging the crack. 
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Figure 4-4: SEM images of cracks created by microindentation at different loading rates ((a-

c) SLR and (d-f) FLR). (a) and (d) show the whole cracks. (b) and (e) were from the centers 

of cracks. (c) and (f) were from the edges of cracks. The arrows in (c) and (f) indicate the 

crack-opening direction at the edges. 

Rate-dependent experimental load-displacement curves from microindentation tests were 

reproduced using a single set of material properties in the FE model (Figure 4-5a). Load-

displacement curves from the FE model fitted the average curves of experimental curves (R2 > 

0.99 for the SLR and FLR). The determined values of the fitting parameters were � = 3.7 MPa and 

γ = 6.1. 
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Figure 4-5: FE-predicted results: (a) comparison between FE-predicted and experimentally 

measured load-displacement curves, (b) FE-predicted principal Cauchy stresses, (c) FE-

predicted principal Lagrangian strains, and (d) FE-predicted strain energy density. FE 

predictions were sampled along the symmetry axis as a function of depth in the undeformed 

configuration. 

While the distributions of the principal stresses (i.e., �� and �� ) from the two loading rates 

were relatively similar to each other, the distributions of the principal strains (i.e., �� and ��) and 

strain energy densities were not (Figure 4-5b-d). The maximum principal stresses at the SLR were 

47.91 MPa for �� and -100.85 MPa for ��. For the FLR, the maximum principal stresses were 

68.44 MPa for �� and -135.16 MPa for ��. In both cases, �� was perpendicular to the indentation 



66 

 

direction (i.e., parallel to the radial and circumferential directions), and �� was parallel to the 

indentation direction. The maximum principal strains at the SLR were 6.17 for �� and -0.49 for 

��. The maximum principal strains at the FLR were 0.66 for �� and -0.47 for ��. The maximum 

strain energy densities at the SLR and FLR were at 2.65 ×  106 J/m3 and 0.38 ×  106 J/m3, 

respectively. All values of the stresses, strains, and strain energy densities became negligible 

beyond a depth of about 350 μm. The contour plots of theses FE-predicted results are presented in 

Appendix A (Figure A3-5). 

 Discussion 

Microindentation-based crack nucleation in articular cartilage was rate-dependent, and FE 

predictions indicated that cartilage sufficiently underwent relaxation at the SLR, but not at the FLR. 

In particular, crack nucleation at the SLR required more work than crack nucleation at the FLR 

(Figure 4-3c). A substantial amount of the total work at the SLR was likely used for PVE 

relaxations during loading in the vicinity of the indenter tip because the SLR was sufficiently 

slower than the major relaxation (5-10 seconds) of cartilage [10,21,45]; crack nucleation occurred 

at 390.45±75.54 seconds. The FE parametric study on the SLR showed that the exclusion of the 

PE and VE relaxations in the FE modeling did not have a pronounced effect on the load-

displacement curves at the SLR, supporting the conclusion that the relaxations sufficiently 

occurred at the SLR (Figure A-6a). In addition, the FE-predicted strain rates at the SLR were 0.04 

s-1 for E1 and -3.54 × 10-5 s-1 for E3 just prior to failure and could correspond to humans resting; 

the estimation process is included in Figure A-7. In contrast, most of the total work at the FLR was 

likely used for crack nucleation without substantial energy dissipation because the loading rate 

was faster than the major relaxation time scales of cartilage [10,21,45]; crack nucleation occurred 

at 0.24±0.03 seconds. The FE-predicted strain rates at the FLR were 4.74 s-1 for E1 and -0.23 s-1 
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for E3 just prior to failure and could correspond to the lower bound of the strain rates induced 

during walking, jumping, and running (Figure A-7). 

VE relaxation likely governed the rate-dependent load response. The FE parametric studies 

on the FLR and the SLR showed that the relative contribution of VE relaxation to the rate 

dependence of the load-displacement curves was larger than PE relaxation (Figure A-6). While the 

FE model that only included VE relaxation reproduced most of the rate-dependent load response, 

the FE model only including PE relaxation could not even with an extended range of permeability 

(0.1×k0 and 10×k0) (Figure A-6b). Therefore, k0 was obtained from a previous study [42], with 

values consistent with additional literature [46,47]. In addition, fluid pressure in the vicinity of the 

tip at the FLR was less than 2 % of the solid stresses (Figure A-5), reiterating the relative 

contribution of VE relaxation to the load response was much larger in comparison with PE 

relaxation. 

Rate-dependent nano- and microscale features of crack surfaces reiterated the role of 

relaxation in crack nucleation. The distinct morphological difference between the SLR and FLR 

was likely due to the degree of relaxation in cartilage at a given loading rate. The SEM image of 

SLR crack surfaces at the center of the crack showed that the solid matrix was rearranged 

perpendicular to the indentation direction (Figure 4-4b), suggesting that the solid matrix in the 

vicinity of the tip had a sufficient time to undergo relatively large VE relaxation (i.e., 

rearrangement and alignment along tensile principal stresses (i.e., �� )) while accommodating the 

slowly applied loading by the sphero-conical tip. This sufficient relaxation of cartilage at the SLR 

was supported with the microindentation and FE results. In addition, a previous study observed 

such loading-induced kinematic rearrangement of type I collagen fibrils in skin [37]. On the other 

hand, the image of FLR crack surfaces showed more random distribution of the solid matrix 
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including broken fibrils (Figure 4-4e) when compared to the SLR, suggesting that the solid matrix 

did not have sufficient time to be rearranged to accommodate the sudden loading. 

In addition to the center areas, the edges of cracks showed rate-dependent morphological 

characteristics and the process of crack growth. The image of the crack edge created at the SLR 

suggested that the solid matrix experienced large enough relaxation to rearrange the solid matrix 

perpendicular to crack-growth direction, and eventually rupture (Figure 4-4c). In contrast, the 

image of the crack edge created at the FLR suggested the solid matrix did not undergo severe 

relaxation (Figure 4-4f). Also, the comparison of the solid matrix in the intact area and crack edge 

showed the fast crack opening might cause delamination of the solid matrix including fibrils, 

resulting in relatively thin structural features bridging the crack edge surfaces. Previous studies 

also observed delamination of fibrils in collagenous materials [37,48] and thin structural features 

bridging crack edges [34]. The line shapes of cracks at the SLR and FLR (Figure 4-4a and d) 

suggested that cracks likely opened along the preferential orientation of the solid matrix, which 

was consistent with previous studies showing that articular surface has preferential opening 

orientation [49,50]. 

Cartilage relaxation delayed principal tensile stresses build-up at the indenter tip, resulting 

in delayed crack nucleation. Experimental results, nano/microscopic images, and FE predictions 

indicated that crack nucleation in cartilage experienced much larger relaxation at the SLR 

compared to the FLR. FE-predicted principal tensile stresses (i.e., maximum ��) from the SLR and 

FLR were relatively similar to each other (Figure 4-5b), whereas principal tensile strains (i.e., 

maximum ��) were not (Figure 4-5c). Therefore, tensile stresses localized at the indenter tip were 

likely a governing factor in crack nucleation. Thus, the experimental results combined with the FE 

predictions suggested that the SLR reached the critical tensile stresses more slowly than those at 
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the FLR due to relaxation and kinematic rearrangement of the solid matrix in the vicinity of the 

tip during loading. In addition, these results combined with the line shapes of cracks (Figure 4-4a 

and d) suggested that crack nucleation was initiated by opening and separating the solid matrix via 

the critical tensile stresses generated in the vicinity of the tip and in its preferential orientation 

[49,50]. The predicted critical tensile stresses (�� = 47.91 MPa at SLR and �� = 68.44 MPa at FLR 

(Figure 4-5b)) of the bulk solid matrix were comparable with previously reported fracture stresses 

of individual Type 1 collagen fibrils (71±23 MPa [51] and 60±10 MPa [43]). This comparison 

could be supported by a previous study showing that collagen fibrils, which are the major 

constituent of the solid matrix, were associated with cartilage failure in its preferential orientation 

as well as non-preferential orientation [49]. The difference between the predicted tensile stresses 

of the bulk solid matrix and those of individual collagen fibrils could be due to non-fibrillar matrix 

(i.e., PGs) [51], collagen fibrils-PGs interaction [51], types of collagen fibrils, and depth-

dependent properties of cartilage. Nevertheless, previous studies showed that cohesive strength of 

cartilage was dominantly governed from collagen fibrils rather than PGs-based interactions [5,6]. 

Even though this study extends our understanding of underlying mechanisms of rate-

dependent failure in articular cartilage, it has some limitations. The polarized loading rates used 

for tests successfully showed rate-dependent crack nucleation in cartilage, but the transitional 

behavior between the loading rates was outside of the scope of this study. Crack sizes and depths 

were not quantitatively evaluated because it was challenging to terminate tests right after crack 

nucleation. Thus, SEM images (Figure 4-4) qualitatively showed rate-dependent morphological 

features of cartilage cracks under microindentation. The FLR (600 μm/s) was lower than the 

impact loading rates (about 0.25 m/s) employed in previous studies [32,33]; however, it was fast 

enough to induce failure behavior distinguished from the SLR by limiting relaxation processes 
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(e.g., realignment of fibrils). Experimental conditions do not match in vivo conditions, instead 

localized damage induced by a geometrically well-defined tip allowed for efficient study of rate-

dependent cartilage failure. SEM images of cracks were taken after swelling and unloading 

processes and therefore did not represent nano- and microscale features of the solid matrix at the 

moment of crack nucleation. Swelling and unloading processes were likely to decrease the density 

of cartilage compared to the moment of failure. The FE model did not consider the depth-

dependent material properties or structure [1,52–54]. This simplification was made in order to 

minimize the number of fitting parameters. However, the effect of the fibril orientation would be 

relatively negligible when considering that samples were obtained from immature animals (5-6 

months old) [52]. The FE model was generated at continuum and therefore did not predict 

individual ultrastructural behavior, which would require more sophisticated models at different 

length scales [55,56]. Contact between the indenter and cartilage was assumed to be frictionless 

[11,57] because cartilage exhibits a low coefficient of friction due to excellent lubrication 

mechanisms such as biphasic lubrication [58]. In particular, as cartilage was being compressed 

during the indentation, negligible friction was expected due to the exudation of fluid in the vicinity 

of the indenter tip. Nonetheless, the FE model provided useful information for interpreting 

microindentation results and nano/microscopic changes in the vicinity of crack surfaces. The 

current findings do not directly explain microsplits and wrinkle-like structures observed in the 

early OA [59]. However, they suggested that mechanical loading rate could affect failure 

mechanisms of cartilage, ultimately resulting in the early OA. Our findings suggest that the 

dominant resistance of cartilage to crack initiation stems from the capacity of solid matrix 

realignment and VE losses associated with that realignment. 
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 Conclusions 

This paper investigated rate-dependent crack nucleation in cartilage under microindentation with 

interpretation aided by nano/microscopic images of crack surfaces and a PVE FE model. 

Microindentation with an axisymmetric sphero-conical indenter effectively induced localized rate-

dependent crack nucleation at known locations. Combined FE modeling and experimental results 

suggested that VE relaxation of cartilage played a dominant role in rate-dependent crack nucleation 

compared to PE relaxation, and that tensile stresses localized at the indenter tip governed cartilage 

failure. The confirmation of rate-dependent crack surfaces combined with the microindentation 

and FE results indicated that the solid matrix in the vicinity of the tip experienced relatively large 

relaxation at the SLR compared to the FLR, resulting in delayed crack nucleation. These findings 

provided possible mechanisms governing rate-dependent cartilage failure. They also showed 

promising aspects of microindentation-based crack nucleation tests as a technique to investigate 

cartilage. In addition, the critical parameters obtained from crack nucleation tests can be used for 

the development of predictive models. 
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 Abstract 

Articular cartilage can experience load-induced damage at any degenerative stage. However, the 

effects of solid matrix integrity and loading rates on cartilage failure are only partially understood. 

Thus, this paper examined rate-dependent crack nucleation as a function of cartilage integrity and 

its relation to relaxation mechanisms. Cartilage integrity was altered by enzymatically depleting 

glycosaminoglycans (GAGs). Localized crack nucleation was induced on intact and GAG-

depleted cartilage at different loading rates via microindentation with an axisymmetric indenter. 

Relaxation responses of intact and GAG-depleted cartilage were measured with the identical 

indenter. Total work required for crack nucleation in GAG-depleted cartilage was higher than that 

in intact cartilage for all loading rates, and poroviscoelastic (PVE) relaxation of GAG-depleted 

cartilage were faster than those of intact cartilage. These results indicated that GAG depletion 

enabled cartilage to accommodate localized loading around the tip through relatively rapid PVE 

relaxations compared to intact cartilage, delayed crack nucleation at given loading rates. For both 

intact and GAG-depleted cartilage, total work required for crack nucleation sharply increased with 

decreasing loading rates. This result combined with the relaxation results suggested that cartilage 

near the crack tip had sufficient time to relax at relatively slow loading rates and eventually delayed 

crack nucleation in intact and GAG-depleted cartilage. In addition, crack shapes induced in a pre-

relaxation timescale were distinct from those induced in a post-relaxation timescale, and their 

transition occurred in a transitional-relaxation timescale. Consistent crack shapes of intact cartilage 
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generated under microindentation allowed the estimation of critical energy release rate (1.51 ± 

0.63 to 1.60 ± 0.55 kJ/m2). In summary, these results strongly indicated that rate-dependent crack 

nucleation is governed by the degree of PVE relaxation just prior to failure at given cartilage 

integrity and loading rates. These findings provide possible mechanisms underlying rate-

dependent cartilage failure at different stages of degeneration. 

Keywords Rate dependence; fracture; crack nucleation; glycosaminoglycan; poroviscoelasticity; 

articular cartilage  

 Introduction 

Articular cartilage, a heterogeneous and dissipative material, exhibits impressive resistance to 

failure under a range of in vivo activities. Cartilage is composed of a tightly woven solid matrix 

hydrated by fluid. The solid matrix mainly consists of a collagen network (about 15-22 % of wet 

weight [1]) intertwined with proteoglycans (PGs) with sulfated glycosaminoglycan (GAG) side 

chains (about 4-7 % of wet weight [1]). Negatively charged GAGs generate swelling force via 

osmotic pressure and electrostatic repulsion between charges and thus provide compressive 

strength to cartilage [1,2]. A collagen network counterbalances the GAG-induced swelling force 

under tension [3–5]. Cohesive strength of cartilage mainly stems from a collagen network rather 

than PGs with GAGs [6–8]. While remarkable resistance of cartilage to failure protects the ends 

of bones in diarthrodial joints for decades of life, cartilage can undergo load-induced degeneration 

and injury [9,10]. Capacity of cartilage for self-repair is very limited [11] and cartilage may not 

effectively function as a loading-bearing and dissipative material after failure [12,13]. Therefore, 

understanding failure mechanisms of cartilage is important to prevent load-induced degeneration 
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and injury of cartilage. Nevertheless, the onset of cartilage failure triggered by mechanical loading 

is incompletely understood. 

In the sub-failure regime, rate-dependent mechanical behavior of cartilage originates from 

poroviscoelastic (PVE) relaxation and depends on solid matrix integrity. Poroelastic (PE) 

relaxation arises from drag generated by pressure-induced fluid flow in pore space and dissipates 

energy through frictional solid-fluid interactions (Lakes, 2009; Nia et al., 2011; Nia et al., 2015). 

Intrinsic viscoelastic (VE) relaxation occurs due to molecular rearrangement of a dense solid 

matrix [14,17,18]. PVE relaxation, which arises from the combination of the two, has been 

observed in cartilage sub-failure behavior. Solid matrix integrity governs PVE relaxations. For 

example, relaxation times of cartilage at small contact lengths (about 6 μm) was proportional to 

the square of a characteristic length, showing dominant PE relaxation in cartilage at microscale 

contact lengths [15]. GAG-depleted cartilage, simulating osteoarthritis-like cartilage, exhibited 

relaxation time shorter than intact cartilage, due to enlarged pore size after GAG depletion and 

subsequent increase in diffusivity [19–21]. Intrinsic VE relaxation dominated when applied 

loading rates were relatively faster than PE relaxation time [22,23]. At physiological loading 

frequencies (5 – 100 Hz), intrinsic VE relaxation formed the basis of dissipation, and PE relaxation 

additionally increased dissipation at small contact lengths [22]. Therefore, PVE dissipation 

mechanisms in cartilage can serve to protect joints across multiple length scales.  

Conversely, little is known about effects of solid matrix integrity and PVE relaxation on 

rate-dependent cartilage failure. The undoubted rationale for understanding load-induced cartilage 

failure has attracted a few previous studies. For example, cartilage failure slowed down and 

occurred with necking phenomena under low-frequency tensile loading [24]. Large crack lengths 

and severe damage to microstructural features were induced under high-frequency compressive 
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loading compared to low-frequency compressive loading [25,26]. Impact loading, simulating the 

onset of post-traumatic osteoarthritis, caused fissures and cracks [27–29]. Cartilage-on-cartilage 

fatigue loading caused softening accompanied with surface fibrillation [30]. Localized loading at 

different loading rates showed that crack nucleation in cartilage was rate-dependent [31,32]. In 

addition, nano/microscopic images of crack surfaces in cartilage showed that the solid matrix in 

the vicinity of localized loading underwent large relaxation and rearrangement at the slow loading 

rate compared to the fast loading rate, delaying crack nucleation [32]. Solid matrix alignment under 

loading was also observed in other collagen-rich tissues with ultrastructural similarities to cartilage. 

Their nano/microscopic images proved that applied loading caused straightening, stretching, 

sliding, and delamination of collagen fibers [33,34]. Tensile creep and uniaxial tension tests 

showed that PG extraction expedited reorganization and alignment of the collagen network, but 

did not influence failure strength of cartilage [7]; uniaxial tension tests were only performed at a 

slow constant rate. This indicated that cohesive strength of cartilage was dominantly governed by 

a collagen network [6–8]. Although previous studies describe rate-dependent cartilage failure, 

links between PVE relaxation and cartilage failure are incompletely established. Furthermore, rate-

dependent cartilage failure as a function of solid matrix integrity has not been investigated.  This 

is relevant because load-induced cartilage failure can be induced at different stages of cartilage 

integrity and loading rates [9,10]. 

To fill these gaps, the current study establishes a link between rate-dependent crack 

nucleation and relaxation mechanisms as a function of cartilage integrity. In particular, crack 

nucleation in intact and GAG-depleted cartilage is induced at multiple loading rates under 

microindentation. Microindentation with an axisymmetric tip can generate crack nucleation in 

hydrated cartilage at a well-defined location with smaller standard deviations in comparison to 
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macroscopic testing [32,35]. These advantages allow effective investigation on effects of 

independent variables on dependent variables. Crack nucleation is identified as a sudden drop in 

load response, and critical load, displacement, and total work at that instance are reported for each 

test configuration. In addition, relaxation tests are performed on intact and GAG-depleted cartilage 

with the indenter used for crack nucleation tests. Cracks induced at different loading rates are 

imaged via an optical microscope. Experimental results suggest that rate-dependent crack 

nucleation in intact and GAG-depleted cartilage was governed by PVE relaxation. 

 Methods 

5.3.1. Sample Preparation 

Patellae of 20 porcine joints were harvested from a local abattoir (14 animals, 5-6 months old, sex 

unknown and assumed random) to prepare 100 full-thickness cartilage samples (Figure 5-1a). Six 

mm diameter cylindrical cores were obtained using a biopsy punch and a scalpel. A bottom surface 

parallel to an articular surface was created by eliminating subchondral bone with a microtome, 

allowing an indenter to be placed perpendicular to the articular surface. Half of the samples 

underwent GAG depletion prior to testing. GAG depletion was induced by incubating cartilage in 

0.25% trypsin (Corning, Manassas, VA) at 37°C for 7 hours, resulting in selective digestion of 

GAG without affecting a collagen matrix [36,37].The bottom surface of each sample was fixed to 

a Petri dish using cyanoacrylate (Loctite 495, Henkel, Germany). Dulbecco's phosphate-buffered 

saline (DPBS) with protease inhibitor (PI) was used to keep samples hydrated during preparation 

and testing.  
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5.3.2. Microindentation-induced crack nucleation at multiple loading rates 

Crack nucleation in intact and GAG-depleted cartilage was induced by performing 

microindentation tests at multiple loading rates. Tests were performed on a 3230-AT Series III test 

instrument (TA Instruments, New Castle, DE) with a diamond spherical-conical tip (tip radius, R 

= 100 µm and tip angle, θ = 90 degrees) (Anton Paar, Austria) (Figure 5-1a). Under displacement 

control, the articular surface of intact and GAG-depleted cartilage was indented at loading rates of 

5, 0.5, 0.05, and 0.005 mm∙s-1 while the load response was recorded. Those loading rates span pre- 

to post-relaxation timescales of intact and GAG-depleted cartilage. Rupture of intact and GAG-

depleted cartilage was identified as a sudden drop in the measured load response (Figure 5-1b). In 

this study, the first detectable load drop with the current instrument was defined as major crack 

nucleation. Indentation displacement was prescribed based on preliminary data or manually 

terminated so that only a single crack was nucleated for all of the cases except for GAG-depleted 

cartilage at 5 mm∙s-1 (Figure 5-1b). Maintaining single crack nucleation in GAG-depleted cartilage 

at 5 mm∙s-1 failed because sequential crack events occurred randomly. Crack nucleation was 

quantified with critical load, Lc, displacement, Dc, and total work, Wc (Figure 5-1b). Critical total 

work was obtained from the integral of load-displacement curve from zero to critical displacement 

(trapezoidal integration, Origin 2018 (OriginLab, Northampton, MA)). Furthermore, the time 

required for crack nucleation was defined as critical time and determined by dividing critical 

displacement by corresponding loading rate. Ten tests for each loading rate were conducted at the 

center of 10 samples.  
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Figure 5-1: (a) Schematic diagram of sample preparation and experimental configuration 

and (b) representative load-displacement curves of crack nucleation tests on intact and 

GAG-depleted cartilage. The moment of crack nucleation was quantified with key 

parameters: critical displacement, Dc, critical load, Lc, and critical total work, Wc. 

5.3.3. Relaxation responses 

Relaxation responses of intact and GAG-depleted cartilage were measured by conducting 

indentation tests on articular surfaces. Tests were performed on the instrument with the sphero-

conical indenter used for the crack nucleation tests. The indenter was moved down to a 
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displacement of 0.3 mm (~18% of the average sample thickness) at a loading rate of 0.1 mm∙s-1 

then held for 200 s while load response was measured. GAG-depleted cartilage was prepared in 

the same way as that for crack nucleation tests. A total of 10 measurements for both intact and 

GAG-depleted cartilage were performed at the center of the samples; one location per sample was 

tested and 10 different samples were acquired from 10 different animals. Times required to reach 

50, 70, and 90% of total relaxation were calculated from the results of the relaxation responses. 

The total relaxation was defined from maximum load to equilibrium load while the displacement 

was held constant. The equilibrium load was determined at 200 s of relaxation, beyond which load 

relaxation rates became negligibly small (~10-4 N∙s-1) compared to the initial rates (~1.5 N∙s-1 for 

intact cartilage and ~0.6 N∙s-1 for GAG-depleted cartilage). 

5.3.4. Optical images of cracks 

Cracks induced by microindentation tests were assessed through optical images. India ink was 

dropped on articular surface and gently wiped. Then a crack on the articular surface was imaged 

using a IX-71 inverted microscope (Olympus, Tokyo, Japan). Crack lengths and number of crack 

branches were measured manually using the segmented line tool in ImageJ (version 1.52a, 

National Institutes of Health). Each crack was measured three times and averaged to obtain the 

final crack length. 

5.3.5. Statistical Analysis 

The Kruskal-Wallis test was used to determine the dependence of crack nucleation results on 

loading rates, and relaxation time on relaxation degree. The Mann-Whitney U test was used to 

statistically compare experimental results from intact and GAG-depleted cartilage for each loading 

rate. All statistical analysis was performed using MATLAB (The MathWorks, Inc., Natick, MA). 

A significance level of 5% was used for all tests 
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 Results 

Loading rate and GAG depletion significantly affected critical load, critical displacement, and 

critical total work (Figure 5-2). For each loading rate, load responses of intact cartilage were higher 

than those of GAG-depleted cartilage (Figure 5-2a). Average load-displacement curves were 

acquired up to minimum critical displacements. However, the curve for GAG-depleted cartilage 

at 0.005 mm∙s-1 was obtained up to the applied displacement as crack nucleation was not induced, 

and therefore its critical parameters were not obtained. Critical load of intact cartilage decreased 

as the loading rate increased (p = 6.04 × 10-8) (Figure 5-2b), and the value at 0.005 mm∙s-1 (7.08 

± 0.97 N) was approximately 4 times higher on average than that at 5 mm∙s-1 (1.86 ± 0.37 N). 

Critical load of GAG-depleted cartilage also decreased with increased loading rate (p = 2.49 × 10-

6) (Figure 5-2b), and the value at 0.05 mm∙s-1 (6.61 ± 0.96 N) was approximately 3 times higher 

on average than that at 5 mm∙s-1 (2.46 ± 0.27 N). Critical load of GAG-depleted cartilage was 

approximately 30 - 45 % higher than that of intact cartilage at corresponding loading rates (5 - 

0.05 mm∙s-1, p ≤ 1.71 × 10-3). Critical displacement of intact cartilage decreased with increasing 

loading rates (p = 5.63 × 10-8) (Figure 5-2c), and the value at 0.005 mm∙s-1 (0.78 ± 0.07 mm) was 

nearly 4 times larger on average than that at 5 mm∙s-1 (0.20 ± 0.02 mm). Likewise, critical 

displacement of GAG-depleted cartilage decreased nearly 3 times on average from 0.05 mm∙s-1 

(0.91 ± 0.06 mm) to 5 mm∙s-1 (0.32 ± 0.03 mm) (p = 2.49 × 10-6) (Figure 5-2c). GAG depletion 

increased critical displacement by approximately 55 % - 100 % for all of the loading rates (5 - 0.05  

mm∙s-1, p = 1.83 × 10-4). Lastly, critical total work of intact cartilage sharply decreased as the 

loading rate increased (p = 6.48 × 10-8) (Figure 5-2d). The critical work at 0.005 mm∙s-1 (1.41 ± 

0.27 mJ) was nearly 11 times larger on average than that at 5 mm∙s-1 (0.13 ± 0.04 mJ). Similarly, 

critical total work of GAG-depleted cartilage was rate-dependent (p = 2.49 × 10-6) and went down 
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nearly 6 times from 0.05 mm∙s-1 (1.42 ± 0.26 mJ) to 5 mm∙s-1 (0.25 ± 0.04 mJ). GAG depletion 

increased total work required for crack nucleation by approximately 80 - 150 % across all of the 

loading rates (5 - 0.05 mm∙s-1, p ≤ 4.40 × 10-4). 

 

Figure 5-2: Results of crack nucleation tests: (a) average load-displacement curves prior to 

crack nucleation, (b) critical load, (c) critical displacement, and (d) critical total work. The 

average curves were obtained up to minimum critical displacement. However, the average 

curve for GAG-depleted cartilage at 0.005 mm∙s-1 was up to the end of a prescribed 

displacement because crack nucleation did not occur at the maximum displacement allowed 

by the experimental setup. 
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Relaxation behavior of GAG-depleted cartilage was distinct from that of intact cartilage 

(Figure 5-3). The peak load of intact cartilage (2.12 ± 0.26 N) was nearly 6 times higher on average 

than that of GAG-depleted cartilage (0.33 ± 0.05 N) (Figure 5-3a). The equilibrium load of intact 

cartilage (0.18 ± 0.03 N) after 200 s was 9 times higher on average than that of GAG-depleted 

cartilage (0.02 ± 0.01 N) (Figure 5-3a). Intact cartilage relaxed faster than GAG-depleted cartilage 

(50 - 90 % of the total relaxation, p ≤ 1.01 × 10-3) (Figure 5-3b). Relaxation time of intact cartilage 

was affected by relaxation degree; at 50, 70, and 90 % of the total relaxation was 1.29 ± 0.12 s, 

3.18 ± 0.29 s, and 13.07 ± 1.17 s, respectively (p = 2.49 × 10-6). For GAG-depleted cartilage, 

relaxation time at 50, 70, and 90 % of the total relaxation corresponded to 0.47 ± 0.14 s, 1.40 ± 

0.44 s, and 8.04 ± 2.74 s, respectively (p = 2.49 × 10-6). 

 

Figure 5-3: Results of relaxation tests: (a) average load-time relaxation curves and (b) 

relaxation times. Relaxation time was estimated at the points where relaxation reached 50, 

70, and 90% of the total relaxation. The total relaxation was defined as the load relaxation 

from the peak load to the equilibrium load. 
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Crack nucleation in intact and GAG-depleted cartilage occurred across pre- and post-

relaxation timescales (Figure 5-4). Critical time of intact and GAG-depleted cartilage decreased 

with increased loading rates (p = 5.63 × 10-8 for intact cartilage and p = 2.49 × 10-6 for GAG-

depleted cartilage) (Figure 5-4a). Critical time of intact cartilage at 0.005 mm∙s-1 (155.17 ± 13.04 

s) was approximately 4000 times longer on average than that at 5 mm∙s-1 (0.04 ± 0.004 s). Critical 

time of GAG-depleted cartilage at 0.05 mm∙s-1 (18.16 ± 1.09 s) was approximately 300 times 

longer on average than that at 5 mm∙s-1 (0.06 ± 0.005 s).  

Critical total work plotted as a function of critical time and compared with relaxation time 

indicated a link between rate-dependent crack nucleation and relaxation timescales (Figure 5-4b). 

As for intact cartilage, critical time at 5 mm∙s-1 and 0.5 mm∙s-1 was shorter than relaxation time 

and thus were located in a pre-relaxation timescale. Conversely, critical time at 0.05 mm∙s-1 and 

0.005 mm∙s-1 belonged to transitional- and post-relaxation timescales, respectively. In the case of 

GAG-depleted cartilage, critical time at 5 mm∙s-1 was shorter than relaxation time and therefore 

corresponded to a pre-relaxation timescale. Critical time at 0.5 mm∙s-1 and 0.05 mm∙s-1 was within 

transitional- and post-relaxation timescales. Critical total work combined with the comparison 

between critical time and relaxation time allowed estimation of relaxation degrees just prior to 

crack nucleation. For both intact and GAG-depleted cartilage, critical total work were the smallest 

in a pre-relaxation timescale and sharply increased toward a post-relaxation timescale (Figure 

5-4b). 
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Figure 5-4: (a) Critical time and (b) critical total work as function of critical time with 

relaxation time (RT) overlaid. Critical time was defined as the time required for crack 

nucleation and calculated by dividing critical displacement by loading rates (Figure 5-2c). A 

range of RT from Figure 5-3b was plotted.  
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Optical images of cracks showed a transition in shapes from fast loading to slow loading 

(Figure 5-5). Images suggested that cracks were created by opening a dense solid matrix swollen 

by fluid (Figure 5-5a). For GAG-depleted cartilage loaded at 0.005 mm∙s-1, no evidence of crack 

nucleation was observed, consistent with the results of crack nucleation tests (i.e., no sudden drop 

in load response). For intact cartilage, the number of branches increased with increasing loading 

rates from 2 at 5 mm∙s-1 to 3 at 0.005 mm∙s-1 (p = 2.01 × 10-6) (Figure 5-5b). Crack lengths 

increased from 430 ± 60 µm at 5 mm∙s-1 to 865 ± 155 µm at 0.005 mm∙s-1 (p = 7.12 × 10-7) (Figure 

5-5c); the maximum crack length of 990 ± 175 µm was observed at 0.05 mm∙s-1. Similarly, the 

number of branches induced in GAG-depleted cartilage increased from 2 at 5 mm∙s-1 to 3 at 0.05 

mm∙s-1 (p = 5.33 × 10-5) (Figure 5-5b). Crack lengths were rate-dependent (p = 1.20 × 10-3) and 

slightly increased from 715 ± 135 µm at 5 mm∙s-1 to 750 ± 190 µm at 0.05 mm∙s-1 (Figure 5-5c); 

the maximum crack length was 1060 ± 215 µm at 0.5 mm∙s-1. In order to investigate the 

relationship between rate-dependent crack morphological features and relaxation timescales, the 

number of branches and crack lengths in intact and GAG-depleted cartilage were plotted as a 

function of critical time with relaxation time (Figure 5-5b and c). Cracks at the fast (5mm∙s-1 and 

0.5 mm∙s-1 for intact and 5 mm∙s-1 for GAG-depleted) and slow (0.005 mm∙s-1 for intact and 0.05 

mm∙s-1 for GAG-depleted) loading rates were generated in pre- and post-relaxation timescales, and 

their transitional periods matched the relaxation time. 
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Figure 5-5: (a) Representative optical images of cracks, (b) number of crack branches, and 

(c) crack lengths. The scale bar in (a) is applied to all the images. The number of branches 

for a line-shaped crack was counted as two branches. A range of relaxation time (RT) in (c) 

was estimated from the relaxation tests (Figure 5-3b). 
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 Discussion  

Solid matrix integrity had a dramatic impact on crack nucleation, with GAG depletion causing 

delayed crack nucleation. Crack nucleation in intact cartilage required less critical total work than 

that in GAG-depleted cartilage (Figure 5-2d). GAG-depleted cartilage could accommodate the 

localized loading by the indenter tip at given loading rates more rapidly than intact cartilage could, 

and this leads to the enhanced resistance to crack nucleation. A significant decrease in relaxation 

time of cartilage after GAG depletion (Figure 5-3b) showed that the rearrangement of the solid 

matrix (VE relaxation) and fluid diffusion (PE relaxation) occurred faster in GAG-depleted 

cartilage compared to intact cartilage. Creep tests under tension also observed the enhanced 

capacity of the solid matrix realignment after PG extraction [7]. The decreased PVE relaxation 

times was mainly due to the altered PE relaxation because trypsin selectively depletes GAG 

without affecting a collagen matrix [36,37]; previous studies showed that GAG depletion increased 

pore size of cartilage from 2-11 nm to 14 nm [1,19], resulting in higher permeability and therefore 

shorter PE relaxation [20,21]. Our recent study on cartilage failure under microindentation 

suggested that tensile stresses built up in intact cartilage underneath the indenter tip and governed 

rate-dependent crack nucleation [32]. Consequently, the current findings combined with previous 

studies suggest that GAG depletion improved the ability to accommodate localized stress at the tip 

by rapidly rearranging the solid matrix (i.e., collagen fibrils) at given loading rates compared to 

intact cartilage, ultimately delaying crack nucleation. Effects of GAG depletion on failure strength 

were expected to be minor. This can be underpinned from previous studies showing that cohesive 

strength of intact cartilage mainly stems from collagen fibrils rather than PGs-based interactions 

[6–8] and extraction of PGs did not affected failure strength of cartilage [7]. 
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Crack nucleation in intact and GAG-depleted cartilage was rate-dependent and was 

governed by the degree of relaxation, suggesting an apparent transition from ductile-like failure at 

slow loading rates to brittle-like failure at fast loading rates. In particular, crack nucleation at 

relatively fast loading rates required much less work than that at relatively slow loading rates 

(Figure 5-4). Intact cartilage at 5 and 0.5 mm∙s-1 did not have sufficient time to relax before crack 

nucleation as the critical time was much shorter than PVE relaxation time (Figure 5-4b). 

Conversely, intact cartilage at 0.005 mm∙s-1 had sufficient time to undergo relaxation prior to crack 

nucleation because the critical time was much longer than PVE relaxation time (Figure 5-4b). 

Similarly, crack nucleation in GAG-depleted cartilage at 5 mm∙s-1 and 0.05 mm∙s-1 occurred in its 

pre- and post-relaxation timescales (Figure 5-4b), respectively, and thus GAG-depleted cartilage 

sufficiently underwent PVE relaxation at 0.05 mm∙s-1, but not 5 mm∙s-1. These results suggested 

that total work for crack nucleation was relatively larger in a post-relaxation timescale compared 

to in a pre-relaxation timescale because a substantial amount of total work dissipated during load-

induced deformation rather than crack nucleation. In a nutshell, it can be concluded that rate-

dependent resistance of intact and GAG-depleted cartilage to crack nucleation originated from the 

degree of PVE relaxation (solid matrix realignment and fluid diffusion) in the vicinity of the tip 

prior to failure and a large amount of PVE relaxation delayed crack nucleation. In addition, the 

decreasing difference in critical total work between intact and GAG-depleted cartilage toward fast 

loading rates implied that the effect of GAG depletion on crack nucleation became weaker in a 

pre-relaxation timescale (Figure 5-4b).  

Distinct crack morphology occurred with loading rates and GAG depletion. These features 

reiterated that the degree of relaxation governed crack nucleation. For both intact and GAG-

depleted cartilage, the number of crack branches depended on the degree of relaxation at a given 
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loading rate (Figure 5-5a and b). When cracks were generated in a pre-relaxation timescale, the 

number of crack branches was consistently two (line shape). In contrast, when cracks were induced 

in a post-relaxation timescale, the number of crack branches was consistently three (star shape). 

Interestingly, a transition in the number of branches occurred in a transitional-relaxation timescale 

when critical time matched relaxation time. The distinct crack morphology according to relaxation 

zones could imply that the degree of PVE relaxation contributed to rate-dependent crack nucleation. 

In addition, crack lengths also depended on the degree of relaxation (Figure 5-5a and d). The crack 

lengths of intact and GAG-depleted cartilage were the minimum in a pre-relaxation timescale; 90 % 

of GAG-depleted cartilage in a pre-relaxation timescale (5 mm∙s-1) underwent at least two crack 

nucleation events based on sudden changes in load-displacement curves and therefore its crack 

lengths might be overestimated, but other cracks were generated by a single crack nucleation event. 

For both intact and GAG-depleted cartilage, the maximum crack lengths occurred in a transitional-

relaxation timescale (Figure 5-1c), implying that load-induced surface damage could be severe 

when critical time is comparable to relaxation time of cartilage at different levels of solid matrix 

integrity. Lastly, the consistent line shapes of cracks in intact cartilage in a pre-relaxation timescale 

(5 and 0.5 mm∙s-1) allowed the measurement of critical energy release rate via a model for sharp-

tipped punch penetration [38,39]; the detailed information is given in Appendix B. The estimated 

critical energy release rate of intact cartilage was 1.51 ± 0.63 to 1.60 ± 0.55 kJ/m2 (5 - 0.5 mm∙s-1) 

and was consistent with the upper bound of previously reported values for cartilage (0.14±0.08 - 

1.46±0.91 kJ/m2 [40], 0.83±0.19 - 1.12±0.2 kJ/m2 [35], and 0.8±1.05 - 1.17±1.13 kJ/m2 [41]); the 

discrepancies could be due to species, age, and test configurations. This suggested that 

microindentation-based crack nucleation tests could be useful to estimate the critical energy 

release rate of a small volume of soft hydrated materials. 
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This study filled gaps in knowledge related to the link between cartilage failure and PVE 

relaxation, but limitations should be explored further. The experimental conditions did not match 

in vivo conditions; however, a geometrically well-defined microscale tip induced localized crack 

nucleation at a known location, allowing for efficient investigation of rate-dependent crack 

nucleation in intact and GAG-depleted cartilage. This can extend our understanding of rate-

dependent cartilage failure under physiological loading rates. Bulk strain rates of intact and GAG-

depleted cartilage at the fast loading rate (5 mm∙s-1) were 3.35 ± 0.25 s-1 and 3.29 ± 0.21 s-1, 

respectively, and fall within the lower bound of the strain rates during walking, jumping, and 

running [20,42,43]. Bulk strain rates of intact (0.005 mm∙s-1) and GAG-depleted (0.05 mm∙s-1) 

cartilage at the slow loading rates were 0.0032 ± 0.0003 s-1 and 0.032 ± 0.029 s-1, respectively, and 

could represent human resting. Bulk strain rates were estimated by dividing the ratio of critical 

displacement to thickness by critical time. Minor cracks in the initial stages of indentation might 

not be captured due to the noise floor in the load cell. These minor cracks are expected to have a 

crack length of ≤100 μm, considering the rigid kinematic constraint imposed by the indenter tip. 

As cartilage is a hydrated material, the identification of these minor cracks with an optical 

microscope is challenging. In this sense, crack nucleation investigated in this study was defined as 

a major crack nucleation event which was detected with the current instrument. In order to 

distinguish between minor and major crack nucleation events, experimental instruments with 

higher force and displacement resolutions are required. Cartilage integrity was changed by 

depleting GAGs via trypsin digestion, and thus the current findings do not represent the influence 

of other solid matrix components (e.g., collagen fibrils) on rate-dependent crack nucleation. 
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 Conclusions 

This work examined a link between rate-dependent crack nucleation and PVE relaxation as a 

function of cartilage integrity. An axisymmetric micro-indenter effectively generated rate-

dependent crack nucleation in intact and GAG-depleted cartilage at known locations from pre- to 

post-relaxation timescales. Rate-dependent crack nucleation was governed by the degree of PVE 

relaxation at given cartilage integrity and loading rates. The degeneration of solid matrix integrity 

by GAG depletion significantly decreased relaxation time and increased critical total work for 

cartilage failure. These results indicated that GAG depletion enhanced the capacity of kinematic 

fibril rearrangement and fluid diffusion at given loading rates and thus delayed rupture of a 

collagen network and crack nucleation. For both intact and GAG-depleted cartilage, crack 

nucleation at the fast and slow loading rates occurred in pre- and post-relaxation timescales, 

respectively, and total work for crack nucleation rapidly increased toward a post-relaxation 

timescale. These results showed that cartilage in the vicinity of the tip experienced relatively large 

PVE relaxation, accompanying with kinematic fibril rearrangement and fluid diffusion, at the slow 

loading rate, resulting in delayed crack nucleation. The strong dependence of rate-dependent crack 

morphology on the degree of relaxation before failure provided further evidence for relaxation-

governed rate-dependent crack nucleation in intact and GAG-depleted cartilage. Consistent crack 

shapes showed a promising aspect of microindentation-based crack nucleation testing for 

measuring critical energy release rate of soft hydrated materials. These findings underlined the 

importance of PVE relaxation mechanisms in rate-dependent cartilage failure at different stages of 

degeneration, extending our understanding of the onset of load-induced cartilage damage. Also, 

they could be useful information for designing cartilage-like tough and dissipative materials. 
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 Conclusions 

 Conclusions and future work 

The overall objectives of this dissertation were to examine fundamental mechanisms of broadband 

cartilage dissipation (≥ 5 degree phase shift) and to establish the links between rate-dependent 

cartilage failure and dissipation mechanisms. These objectives were accomplished by performing 

mechanical testing across multiple length- (µm to mm) and time- (quasi-static to traumatic impact) 

scales combined with finite element (FE) modeling and nano/microscale imaging techniques. 

Underlying mechanisms of cartilage dissipation were studied by conducting dynamic 

testing at multiple length scales over physiological loading frequencies (5-100 Hz) (Chapter 2). 

Poroelastic (PE) and viscoelastic (VE) dissipation mechanisms were uncoupled using dependence 

of PE relaxation on characteristic lengths in the frequency of interest. The uncoupled dissipation 

mechanisms revealed that intrinsic VE dissipation was responsible for the basis of dissipation and 

PE dissipation additionally increased overall dissipation at relatively small characteristic lengths. 

In addition, this suggested that VE dissipation became dominant at a contact length of ≥30 - 45 

μm in the frequency range of 5 - 100 Hz. A considerable decrease in energy dissipation after 

dehydration indicated that hydration was critical in both PE and intrinsic VE-related dissipation. 

These findings provide possible mechanisms underlying broadband cartilage dissipation. The 

experimentally-confirmed dependence of cartilage dissipation mechanisms on characteristic 

lengths provides design parameters for cartilage-like broadband dampers [1,2]. 

Macroscopic dissipative and mechanical responses as a function of cartilage integrity were 

investigated under high-frequency loading (up to 300 Hz) to explore previously unexamined 

traumatic scenarios at in vivo length scales (Chapter 3). Different degrees of cartilage integrity 
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were obtained by depleting glycosaminoglycan (GAG) via trypsin treatment. Energy dissipation 

of cartilage increased with the solid matrix degeneration under high-frequency loading simulating 

traumatic impact and heel strike. Significant decreases in relaxation times after GAG depletion 

suggested that the increased dissipation under high-frequency loading originated from changed PE 

dissipation. These findings fill gaps in fundamental dissipative properties of cartilage and therefore 

provide a basis for understanding cartilage dissipation as a function of solid matrix integrity under 

traumatic injury and high-rate physiological loading. 

Rate-dependent crack nucleation in cartilage was investigated with nano/microscopic 

images of crack surfaces and a poroviscoelastic (PVE) FE model (Chapter 4). A microscale 

sphero-conical indenter effectively generated localized cracks at two extreme loading rates; while 

the slow loading rate induced strain rates corresponding to human resting, the fast loading rate 

induced strain rates corresponding to walking, jumping, and running. Microindentation results 

combined with FE modeling indicated that VE relaxation with minor effects of PE relaxation 

governed rate-dependent crack nucleation in cartilage and tensile stresses at the end of the tip 

initiated cartilage failure. The rate-dependent morphological features of crack surfaces showed 

that the solid matrix around the tip underwent relatively large relaxation (realignment of collagen 

fibrils) at the slow loading rate in comparison to the fast loading rate, leading to delayed cartilage 

failure. These findings provide evidence of the link between rate-dependent cartilage failure and 

physical mechanisms. Therefore, they also imply that the PE and VE mechanisms play an 

important role in rate-dependent cartilage failure (Chapter 4) in addition to rate-dependent 

cartilage behavior in the sub-failure regime (Chapters 2 and 3). 

Lastly, the missing links between rate-dependent crack nucleation and relaxation 

mechanisms were examined as a function of cartilage integrity (Chapter 5). Rate-dependent crack 
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nucleation in intact and GAG-depleted cartilage was induced at multiple loading by a micro-

indenter and as a result cracks were generated from pre- to post-relaxation timescales. The degree 

of PVE relaxation (collagen fibril rearrangement and fluid diffusion) prior to failure governed rate-

dependent crack nucleation in intact and GAG-depleted cartilage. Solid matrix degeneration, 

triggered by GAG depletion, shortened relaxation time and augmented total work required for 

crack nucleation. The data suggested that GAG depletion improved the capacity of PVE relaxation 

at given loading rates and resulted in delayed crack nucleation. Total work required for crack 

nucleation in intact and GAG-depleted cartilage became higher from pre- to post-relaxation 

timescales. These outcomes designated that cartilage had sufficient time to experience PVE 

relaxation in a post-relaxation timescale and as a result crack nucleation was delayed. In addition, 

the dependence between the crack morphology and degree of relaxation underpinned that rate-

dependent cartilage failure in intact and GAG-depleted cartilage was governed by PVE relaxation. 

Critical energy release rate of cartilage was estimated from consistent crack shapes under 

microindentation, demonstrating the potential of microindentation to serve as a method to measure 

the critical energy release rate of soft hydrated materials. This work confirmed the links between 

PVE relaxation and rate-dependent cartilage failure as a function of matrix depletion, consistent 

with the findings in Chapter 4. The links broaden our knowledge of load-induced cartilage damage 

at different stages of degeneration and provide design parameters for cartilage-like tough materials. 

While this dissertation makes several contributions to knowledge about the role of cartilage 

dissipation mechanisms in the sub-failure and failure regimes, it also opens the door for a new and 

exciting research directions. The unquestionable difference between cartilage and synthetic 

materials such as rubber is that cartilage is a living tissue with cellular activities. Load-induced 

cell death is thought to be one of factors contributing to the initiation and progression of 
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osteoarthritis (OA). Therefore, it would be a logical next step to establish whether cell 

(chondrocyte) responses are dependent on rate-dependent cartilage failure. Previous studies 

showed cell death was induced under various loading conditions, including sub-impact loading 

[3,4] and impact loading [5,6]. In particular, under macroscopic sub-impact loading, a relatively 

fast strain rate caused cell deactivation combined with matrix failure whereas a relatively slow 

strain rate only caused cell deactivation [3]. Nevertheless, due to the narrow length- and short time-

scales of interest, the links between cellular responses and rate-dependent cartilage failure are not 

completely established. It is believed that the microindentation-based crack nucleation testing 

combined with microscopy can contribute to establishing the missing links. A geometrically well-

defined micro-indenter will induce localized crack events at known locations. Fluorescent 

microscopy will provide cell viability as a function of time after crack nucleation. Preliminary data 

is shown in Figure 6-1. These experimental results are expected to provide possible links between 

relaxation-dependent crack nucleation and cell injuries, ultimately extending our understanding of 

the onset and progression of OA.  

In addition, it is irrefutable that cartilage failure in vivo can be caused by various types of 

mechanical loading. For example, although cartilage exhibits impressive resistance to fatigue 

failure, it can break down after numerous cycles of loading [7,8]. Currently, matrix failure and cell 

death by fatigue loading are only partially understood. These gaps could be filled by applying 

localized cyclic loading at different frequencies and performing imaging analysis used and 

proposed here. Understanding underlying mechanisms of fatigue failure in cartilage can answer 

some pressing clinical and engineering problems (e. g., design parameters for fatigue-resistant soft 

hydrated material for biomedical applications). Ultimately, it is necessary to link these current and 

proposed outcomes in vitro to cartilage failure in vivo to make a groundbreaking contribution in 
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people’s lives. To get that stage, the complementary developments of mechanical testing and in-

situ imaging techniques appears to be required. In particular, poor resolution of medical imaging 

(e.g., magnetic resonance imaging, which typically has a voxel size larger than 0.5 mm3 [9]) is one 

critical factor currently blocking links between tissue-level mechanics and in vivo measurement. 

 

Figure 6-1: Live/dead cell viability image of crack surface induced by microindentation. 

Crack nucleation was induced at 1 mm/s and then cartilage near the crack was sliced for the 

cell viability imaging. The imaging of this preliminary data was conducted with an inverted 

microscope. 

In conclusion, this dissertation investigated roles of cartilage dissipation mechanisms in 

the sub-failure and failure regimes. In the sub-failure regime, uncoupled dissipation mechanisms 

provide fundamental mechanisms underlying cartilage damping capacity sustained across broad 

range of frequencies (≥ 5 degree of phase shift). Macroscopic dissipation as a function of cartilage 

integrity fills the gaps in cartilage damping capacity at in vivo contact lengths under traumatic 

injury and high-rate physiological loading. In the failure regime, the links between rate-dependent 

crack nucleation and morphological features of crack surfaces provide strong evidence about the 
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physical mechanisms governing rate-dependent cartilage failure. In addition, for the first time, the 

links between rate-dependent crack nucleation and relaxation mechanisms as a function of 

cartilage integrity were established. These links advance our knowledge about the initiation of 

load-induced tissue failure at different phases of degeneration and the underlying mechanisms of 

impressive cartilage resistance to failure. 
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Appendix A  

(Supplementary material for Chapter 4) 

A.1 Constitutive models used for cartilage 

This section provides the constitutive models, used for a fiber-reinforced poroviscoelastic (PVE) 

model of cartilage, to clarify the definitions of the material parameters so that they can be 

universally applicable. All constitutive equations were used as implemented in FEBio version 2.5.2, 

so additional detail about the models can be found in FEBio Manuals [1]. 

A.1.1 Neo-Hookean material 

A porous-permeable solid matrix of the non-fibrillar matrix was modeled with a Neo-Hookean 

material [2]. The hyperelastic strain-energy function, W, is expressed by 

� = 
�

�
 (� −3) − �ln � +

�

�
(ln �)2              (A1) 

where � is the first invariants of the right Cauchy-Green deformation tensor, J is the determinant 

of the deformation gradient tensor, and μ and λ are the Lamé parameters. μ and λ can be expressed 

with the more familiar Young’s modulus, E, and Poisson’s ratio, v (μ = 
�

�(���)
 and λ = 

��

(���)(����)
). 

A.1.2 Strain-dependent permeability 

The strain-dependent permeability of cartilage was modeled with Holmes-Mow permeability [3], 

�(�), and given by 
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�(�) = ��(
����

����
)������

�

�
�(����) 

(A2) 

where ��  is the isotropic hydraulic permeability, �  is the exponential strain-dependence 

coefficient, ����� is the power-law exponent, and �� is the solid volume fraction. In this study, 

��, �, �����, and �� were set as 0.0027 mm4/Ns [4], 2.2 [4], 2 [4], and 0.2 [4], respectively. 

A.1.3 Nonlinear elastic fibers with isotropic distribution 

The fibrillar cartilage matrix was modeled as nonlinear elastic with an isotropic distribution via 

the continuous fiber distribution with the exponential-power law. The fiber strain energy density, 

��(��), is expressed by 

��(��) = 
�

��������
 (�(�(����)�) − 1) (A3) 

where �� is the square of the fiber stretch, �(> 0) is a measure of the fiber modulus, �(≥ 0) is the 

coefficient of exponential argument, and �(≥ 2) is the power of exponential argument. When 

lim
�������→�

��(��) , ��(��) is simplified by [5] 

lim
�������→�

��(��) = 
�

�
 (�� − 1)�.   (A4) 

In this work, the simplified form was used. The power of exponential argument was set as β = 

2.15 [6], and the fiber modulus was set as � = fitting parameter. 

The isotropic distribution of the fiber was modeled with the spherical density distribution, 

�(n), given by 
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�(n) = 
�

��
 

   

(A5) 

where n is the unit vector along the fiber orientation. Ultimately, the strain energy density of the 

continuous fiber distribution is defined by integrating the contributions from the fibers oriented 

along all directions. 

A.1.4 Viscoelastic response of fibers 

The viscoelastic response of fibers was modeled via the relaxation function with a Prony series, 

�(�), given by [7] 

�(�) = 1 + � ��

�

���

exp (
−�

��
) 

     

(A6) 

where ��  is the viscoelastic coefficient and ��  is the relaxation time. In this work, one 

relaxation time constant was used to minimize the number of parameters (N = 1). The relaxation 

time of fibrils was set as τ =1.8 seconds [8], and the viscoelastic coefficient was set as γ = fitting 

parameter.  

A.1.5 Comparison with published cartilage constitutive models 

In order to compare the entire constitutive model to previously published models, FE 

models of a 
�

�
 symmetry dogbone sample were created. Uniaxial tension was simulated at three 

loading rates to 0.8% strain:  8 × 10-6 s-1 and 8 × 10-2 s-1. Predictions from three additional 

constitutive models were compared to those from the constitutive model used in this study 
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(described in sections A.1-A.4): biphasic, viscoelastic, and fiber-reinforced PVE models. The 

biphasic model used strain-dependent permeability (Eq. A2). Permeability constants were pulled 

directly from a previous publication (k0 = 0.0027 mm4/Ns, M = 2.2, αperm = 2) [4].  The solid matrix 

was modeled using a hyperelastic neo-Hookean model, with constants obtained by fitting the 

constitutive model to published to equilibrium stress-stretch data from stress relaxation tests (E = 

0.6 MPa, and ν = 0.3) [4]. The viscoelastic model used a neo-Hookean ground matrix and two 

viscoelastic time constants (Eq. A6); viscoelastic constants were obtained by refitting the 

published stress relaxation expression to the FEBio expression (E = 0.6 MPa, ν = 0.3, γi = 0.49 and 

0.51, and τi = 915 s and 4.93 s) [9]. The fiber-reinforced PVE model included strain-dependent 

permeability (Eq. A2), three viscoelastic time constants (Eq. A6), and exponential fiber behavior 

by refitting stress-stretch behavior given in the paper to a model available in FEBio (Eq. A4) (k0 

= 0.0008 mm4/Ns, M = 20,  αperm = 2, E = 0.6 MPa, ν = 0.3, γi = 0.6, 0.7, and 0.2 , τi = 10 s, 100 s, 

and 1000 s, ξ = 5.2 MPa, and β = 2) [10]. The comparison between the models is shown in Figure 

A-8. 
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A.2 Supplemental figures 

 

Figure A-1: Whole finite element (FE) model. 

Boundary and contact conditions: 

1) The axis of symmetry was fixed in the directions of x- and y-axes. 

2) The bottom surface was fixed in all directions. 

3) The front surface of the cartilage model was fixed in the direction of y-axis. 
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4) The back surface of the cartilage model and the symmetry plane was set as a tension-

compression contact interface (zero displacement in the out-of-plane direction and 

unconstrained displacement in the in-plane direction). 

5) The contact between the indenter and cartilage models was set as frictionless biphasic-on-

rigid contact (facet-to-facet contact). 

A 3D axisymmetric model was used because the FEBio software does not provide a 2D 

axisymmetric model. More information can be found in Section 2.9 of PreView User’s Manual 

[11] and in the relevant reference included here [12]. 

Since the indenter was a rigid body, the mesh size did not affect the FE results (e.g., 

triangular shell elements: 106,196 elements versus 1,906 elements). The indenter model in Figure 

A-1 consists of 106,196 elements.  

 

 

Figure A-2: Results of crack nucleation tests under microindentation. 
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Figure A-3: FE-predicted principal stresses for (a and b) SLR and (c and d) FLR. The range 

of color scale was matched between the SLR and FLR because they had similar stress values. 
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Figure A-4: FE-predicted principal strains for (a and b) SLR and (c and d) FLR. The range 

of color scale was not matched between the SLR and FLR because they had different values. 
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Figure A-5: FE-predicted (a and c) strain energy density, SED, and (b and d) fluid pressure, 

FP, for (a and b) SLR and (c and d) FLR. The range of color scale was not matched between 

the SLR and FLR because they had different values. 
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Figure A-6: Results of FE parameter studies on cartilage model: (a) slow load rate (SLR) 

and (b) fast loading rate (FLR). If specific values (i.e., 0.1×��  and 10×��  in (b)) are not 

mentioned in the legend, the material properties in the method section were used. (a) showed 

that the exclusion of the poroelastic (PE) and viscoelastic (VE) relaxations did not have a 

pronounced effect on the load-displacement curves at the SLR, indicating the relaxations 

sufficiently progressed at the SLR. (b) combined with (a) showed that only VE relaxation 

could reproduce most of the rate-dependent load response, but only PE relaxation could not. 

In addition, parametric studies with an extensive range of permeability (i.e., 0.1×��  and 

10×��) led to the same conclusion. Thus, the conclusion was not sensitive to the selection of 

permeability from a previous study [4]. Permeability values for cartilage were usually 

reported as 10-3 - 10-4 mm4/Ns [4,13,14]. 
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Figure A-7: FE-predicted strain versus time: (a) SLR and (b) FLR. Strain rates just prior to 

failure were estimated by fitting lines to the 10% ranges of the curves from the end (R2 > 

0.99 for all curves). The FE-predicted strain rates at the SLR were 0.04 s-1 for E1 and -3.54 

× 10-5 s-1 for E3, and the FE-predicted strain rates at the FLR were 4.74 s-1 for E1 and -0.23 

s-1 for E3. Strain rates during physiological activities can be estimated by combining loading 

frequencies and deformation of cartilage during gait [15–17]. The strain rates can be 

approximately estimated as 1-10 s-1 for walking, 2-50 s-1 for jumping, and 4-100 s-1 for 

running. The strain rates at the SLR could correspond to humans resting. The strain rates 

at the FLR could correspond to the lower bound of the strain rates generated during walking, 

jumping, and running. 

 

 

 

 



118 

 

 

Figure A-8: Predicted Cauchy stress versus Lagrangian strain curves for uniaxial tension 

comparing cartilage constitutive models: (a) model geometry, (b) slow loading, and (c) fast 

loading. Predictions from our study were consistent with those from a previous study [10] 

using a fiber-reinforced PVE model; that study similarly found that only biphasic [4] or only 

viscoelastic models [9] were insufficient to capture the behavior of interest (e.g., rate-

dependent load response). The detailed information on the models is given in Section A.1.5. 
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Appendix B  

(Supplementary material for Chapter 5) 

B.1 Estimation of shear modulus and contact radius 

In preparation for calculating critical energy release rate of intact cartilage, shear modulus and 

contact radius were estimated by using experimental results of intact cartilage at 5 and 0.5 mm∙s-1 

and an axisymmetric finite element (FE) model of the indenter-cartilage system. Since cartilage 

was in a pre-relaxation timescale at 5 and 0.5 mm∙s-1, shear modulus and contact radius were 

estimated by considering cartilage as a nearly-incompressible, nonlinear elastic solid. All of the 

modeling and simulation were performed in Abaqus 2016 (Dassault Systemes SIMULIA, RI, 

USA). 

The sphero-conical indenter model had dimensions identical to the experimental setup (tip 

radius: 100 µm and half-angle of cone: 45º). The dimensions of the cartilage model were 3 mm in 

radius and 1.6 mm in thickness; as the intact cartilage tested experimentally had 3 mm radius and 

1.56 ± 0.11 mm average thickness. The bottom surface of the cartilage model was fixed in all 

directions. Contact between the indenter and cartilage models was set as frictionless. Surface to 

surface interaction was prescribed at the interface, and the penalty method was used to enforce the 

contact constraints. The indenter and cartilage models were considered as the master and salves 

surfaces, respectively. The cartilage model was discretized through biased meshing resulting in 

finer meshes toward the contact area (Figure B-1). Four quarter circles with radii of 0.25 mm, 0.5 

mm, 0.75 mm and 1 mm were generated, and the minimum and maximum mesh sizes of 0.001 and 

0.005 mm were assigned to the smallest and largest quarter circles, respectively. The mesh size 

outside the largest quarter circle was set to be 0.03 mm. The model was composed of linear 
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quadrilateral (CAX4R- 21940 elements) and triangular (CAX3- 356 elements) elements. The 

number of elements was determined through mesh convergence analysis. 

The indenter and cartilage were modeled as a rigid body and a hyperelastic Ogden material, 

respectively. The strain energy density of the Ogden material model is expressed by 

� = �
2��

��
�

(��
�� + ��

�� + ��
��

�

���

− 3) 
(B1) 

where µi are the shear moduli, λ1,2, and 3 are the deviatoric principal stretches, and αi is the 

power law constant (N = 1 in this simulation). The power law constant was set as α1 = 3, and the 

shear modulus was set as µ1 = fitting parameter. In addition, the small-strain bulk modulus, K, was 

given by 

� =  
2��(1 + �)

3(1 − 2�)
 

(B2) 

where v is Poisson’s ratio. The cartilage model was set as a nearly incompressible material 

by selecting v = 0.478. µ1 was determined by fitting predicted load-displacement curves to average 

experimental load-displacement curves of intact cartilage at 5 and 0.5 mm∙s-1 (R2 ≥ 0.96) (Figure 

B-2). Finally, Shear moduli, µ1, of 11.52 MPa and 9.00 MPa were obtained for the curves at 5 and 

0.5 mm∙s-1, respectively. In addition, contact radius as a function of displacement was acquired to 

determine the contact radii corresponding to critical displacements, ��  (Figure B-3). ��  was 

obtained by fitting a linear function to the FE-predicted curve (R2 > 0.99) and recording predicted 

contact radii corresponding to experimental critical displacements. 
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Figure B-1: FE model of indenter-cartilage system. The mesh size became finer toward the 

contact area between the indenter and cartilage models.  

 

 

Figure B-2: Comparison between experimental and FE-predicted load-displacement curves. 

The average experimental curves were obtained from crack nucleation tests on intact 

cartilage at 5 and 0.5 mm∙s-1 and were presented in Figure 5-2a. 
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Figure B-3: Contact radius as function of displacement. The contact radius estimated from 

the Ogden material was slightly larger than that previously estimated from a linear elastic 

material [1]. A linear function was fitted to the FE-predicted curve in a range from minimum 

to maximum critical displacements (5 - 0.5 mm∙s-1) (R2 > 0.99). The linear function was used 

to determine predicted contact radii corresponding to experimental critical displacements, 

��. 

B.2 Determination of critical energy release rate of intact cartilage 

The consistent line-shaped cracks in intact cartilage, generated within a pre-relaxation timescale 

(5 and 0.5 mm∙s-1), allowed the determination of critical energy release rate by using a penetration 

model for a sharp punch proposed by Shergold and Fleck [2,3]. In this model, a rigid conical tip 

with a cylindrical shaft of radius, � , was indented into a semi-infinite solid. This solid was 

considered as an incompressible, hyperelastic, and isotropic material and described with the Ogden 

material model. Contact between the tip and solid was considered to be frictionless. The steady-

state penetration of the tip by an axial increment, ��, was caused due to a load, ��, while generating 

a plane strain crack with a length of 2� and a thickness of ��, and then opening the crack to 

accommodate the tip. The energy balance approach was used by equating the work done by the 
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penetrating indenter tip, ����, to the sum of the energy required to form a crack, ���, and the 

strain energy increase ��� for crack surface to accommodate the penetrating indenter as follows: 

���� = ��� + ���. 
(B3) 

When a crack with a length of 2�  penetrates to a depth of �� , ��� = 2������  for the 

critical energy release rate of the material in mode I fracture, ��� . The strain energy ���  was 

estimated via FE modeling and expressed in terms of a dimensionless function, ℎ(
�

�
), for 

convenient FE analysis later. Then, Eq. B3 is given by 

���� = 2������ + ���ℎ(
�

�
)��. (B4) 

The average penetration pressure, �� , on the punch is obtained by dividing ��  by the 

projected contact area (=���). As a result, Eq. B4 is expressed by  

 

��

�
=

��

����
=

�

�
�

���

��
� �

�

�
� +

�

�
ℎ(

�

�
). (B5) 

When 
��

�
 is plotted as a function of 

�

�
 (Eq. B5), stable penetration occurs at the minimum 

value of 
��

�
 (= 

������

�
). Then, Shergold and Fleck [3] predicted the relation between 

������

�
, 

�

�
, 

���

��
  

and � through FE analysis. The relation between 
�

�
 and 

������

�
 for � = 3 [3] is replotted in Figure 

B-4 to determine critical energy release rate of intact cartilage. In our study, � is equal to �� which 

was obtained in Section B.1 using the identical material model. 
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Critical energy release rate of intact cartilage was determined using experimental and FE-

predicted results. Experimentally-measured values of critical load and crack lengths for intact 

cartilage at 5 and 0.5 mm∙s-1 provided the values of ������ and �, respectively; ������ is equal to 

������

���
� . � and � were estimated from the FE-predicted contact radius at critical displacements, ��, 

and shear modulus, 11.52 MPa for 5 mm∙s-1 and 9.00 MPa for 0.5 mm∙s-1 (Section B.1), 

respectively. Consequently, the determined 
�

��
 and 

������

�
 formed clusters close to the backbone 

curve for the relaxation between 
�

�
 and 

������

�
 [3] (Figure B-4). The corresponding values of 

���

��
 to 

�

��
 were 0.74±0.28 for 5 mm∙s-1  and 0.73±0.22 for 0.5 mm∙s-1 [3]. Then, as � and �(= ��) were 

already obtained, critical energy release rate of intact cartilage (= ���) could be determined as 1.51 

± 0.63 to 1.60 ± 0.55 kJ/m2 (5 to 0.5 mm∙s-1).  

 

Figure B-4: Backbone curve for relation between  
�

�
 and 

������

�
 and projected data points. The 

backbone curve was taken from [3]. The projected data points were determined using the 

experimental and simulated results. 
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Note that, we refer to the first detectable load drop-off as the “major crack nucleation” 

event in the manuscript. However, the aforementioned analysis and critical energy release rate are 

valid for stable crack propagation into the cartilage. This is applicable to our tests where a sharp-

tip indenter pierced into the tissue at a particular location. Minor crack nucleation during early 

stages of penetration could not be detected in those tests due to noise floor in load cell. Besides, 

the length of those minor cracks is expected to be on the order of crack-tip size (<100 um) thanks 

to rigid kinematic constraint indenter tip imposes. Therefore, identifying those minor cracks from 

optical images is also quite challenging. As can be seen in Figure 5-5, all the detectable cracks 

have lengths greater than 400 um, which suggests propagation of those minor cracks into larger 

detectable ones, and subsequent increase in measured indentation forces hints at stable crack 

growth. Experimental techniques with higher force and displacement resolutions are needed to 

distinguish the minor crack nucleation events from actual crack propagation referred to as “major 

crack nucleation” here.  
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