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Abstract: 

Articular cartilage, covering the endplates of the bones, provides smooth movements in the human joints. The main cartilage 

tissue constituents contributing in mechanical function of tissue are proteoglycans, collagen fibers network and interstitial 

fluid. Osteoarthritis (OA), which is prevalent joint disorder, affects the composition and structure of cartilage and consequently 

these changes triggers reduction of loading capacity of cartilage.  

In this study, human tibial cartilage samples were harvested from cadaver knee joints. The International Cartilage Repair 

Society (ICRS) scores, indicating the degeneration level of cartilage in the knee joint, were associated to each cartilage sample. 

Biomechanical properties of the samples were measured using indentation device through stress-relaxation and cyclic loading-

unloading protocols. The equilibrium and dynamic moduli were calculated accordingly. Following that, the Finite Element 

(FE) models of samples were constructed. Cartilage was modeled as a fibril-reinforced poroelastic (FRPE) material, which is 

capable to distinguish the main constituents of cartilage tissue. The material parameters were optimized so that the 

experimental measurement had the best match with FE-obtained data. The samples were classified into two different groups 

(presumably healthy or OA), using the ICRS score or equilibrium modulus. 

The dynamic modulus showed the lowest value of 0.97 ± 0.80 MPa at 0.005 Hz, followed by a rapid increase and finally 

reaching a plateau (1.3 ± 0.05 MPa) at the frequencies corresponding routine daily activities. Similarly, the phase difference 

was highest at 0.005 Hz (19.3 ± 4.9⁰), followed by a phase difference plateau (7 ± 0.48⁰) at the frequencies corresponding 

routine daily activities. These indicate that the dynamic properties of cartilage are constant at the frequency range of routine 

daily activities. In the ICRS-based grouping, none of the investigated parameters were significantly different between the 

presumably healthy and OA groups. Whereas, in the equilibrium modulus-based grouping, the presumably OA group had 

lower dynamic modulus and higher phase difference compared to the presumably healthy group, indicating degeneration in 

the collagen network and/or changes in the fluid pressurization capability of cartilage. Furthermore, the presumably healthy 

group had higher strain-dependent fibril network and non-fibrillar matrix moduli, suggesting that the proteoglycan matrix and 

collagen network were in better condition. In addition, permeability in the presumably OA group was significantly higher 

compared to the presumably healthy group, showing the stage of higher cartilage degeneration in the OA group 

In conclusion, the findings of the current study confirm that the ICRS-based grouping of the samples is not able to reveal 

biomechanical changes during OA development, most likely because the ICRS scoring concerns visible cracks and fibrillation, 

which do not necessarily reflect OA changes that potentially occur in deeper cartilage. Whilst, the FRPE and dynamic material 

properties of cartilage were shown to reflect the OA development when the samples were grouped based on their bulk 

equilibrium modulus.
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Abbreviations:  

 

 

ECM                              Extracellular matrix 

FRPE                             Fibril-reinforced poroelastic 

GAG                              Glycosaminoglycan 

ICRS                              International Cartilage Repair Society 

OA                                 Osteoarthritis 

PG                                  Proteoglycan 
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Symbols: 

 

 

 

 𝐸eq                       Equilibrium modulus 

 HA                        Aggregate modulus 

k H                         Hydraulic permeability 

ν                            Poisson’s ratio 

𝐸storage                 Storage modulus 

𝐸loss                      Loss modulus 

𝜎0                          Peak-to-peak value of the stress in dynamic test 

𝜀0                          Peak-to-peak value of the strain in dynamic test 

𝛿                           The phase difference between the sinusoidal stress and strain curves in dynamic test 

𝐸dyn                      Dynamic modulus 

𝐶E                         Stiffness matrix 

𝜎𝑖𝑖                         Stress in the direction ij 

𝜀𝑖𝑖                          Strains in the direction ij 

E                           Young’s modulus 

𝐺𝑖𝑗                         The shear modulus in the direction ij 

𝜈𝑖𝑗                         Poisson’s ratio in the direction ij 

𝑛s                          Relative solid volume fractions 

𝑛fl                         Relative fluid volume fractions 

𝑝                            Fluid pressure 
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𝜎eff                      The effective solid matrix stress 

𝜎tot                       Total stress tensor 

q                           The rate of the fluid flow 

∇𝑝                        The fluid pressure gradient 

𝑘                           Permeability 

𝑘0                         Initial permeability 

𝑒                           Void ratio 

𝑒0                         Initial void ratio 

M                          Permeability strain-dependency coefficient (dependent on void ratio)     

𝜎nf                       Stress in the non-fibrillar matrix 

𝜎𝑓                         Stress in the fibrillar matrix 

K                          Bulk modulus 

F                           Deformation gradient tensor  

J                            Determinant of the deformation tensor 

𝐸nf                       Non-fibrillar matrix Young’s modulus  

𝜈nf                       Non-fibrillar matrix Poisson’s ratio  

𝜎𝑓,𝑝                       Primary fibrils stress 

𝜎𝑓,𝑠                       Secondary fibrils stress 

C                           Fraction of primary fibrils to the secondary fibrils  
𝜌𝑧                         Depth-dependent collagen fraction per the solid volume  
𝑓𝑡𝑜𝑡                       The total number of individual fibers  
𝜎𝑓

𝑖                         The stress in the individual fiber 

𝜎𝑓                         Total fibrillar stress 

𝜖𝑓                         The fibril strain 

𝐸𝑓                         Young’s modulus of the fibrillar network 

𝐸𝑓
0                         The initial fibril network modulus 

𝐸𝑓
𝜖                         Strain-dependent fibril network modulus 
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𝛿𝐹̅                         Objective function 

𝐹𝑖
sim                      Simulated values in optimization function 

𝐹𝑖
exp

                      Experimental values in optimization function 

𝐹𝑖,𝑝
sim                     Peak force values obtained from simulation 

𝐹𝑖,𝑝
exp

                     Peak force values obtained from experiment   
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1. Introduction  

 
Articular cartilage is a connective tissue and it provides lubricated surface and low friction movement 

for articular joint. Articular cartilage has no nerves, lacks enough vascularization and thus possesses a 

low regeneration and healing capacity. The only cell type within the tissue is chondrocyte, which is 

almost immobile cell due to being trapped in the extracellular matrix (ECM) [1].  

There are some studies evaluating articular cartilage through various methods such as spectroscopical 

[2], histological [3] or biomechanical [3,4] characterization methods in different scales including 

macro-level [4], micro-level [5] and most recently nano-level [6]. There are several measurement 

methods for quantifying mechanical properties of cartilage tissue such as confined, unconfined or 

indentation test, aiming to quantify the bulk mechanical properties of cartilage via stress-relaxation [7], 

creep [8] or dynamic measurement protocols [9]. The macro-level tissue material properties, including 

aggregate modulus, dynamic modulus and Poisson’s ratio, have been extensively studied [3,4].  

The constituents of articular cartilage control its mechanical function. The main constituents are  

collagen network (50-80% of dry weight), proteoglycans (PGs, 30% of dry weight) and highly viscous 

interstitial fluid (60-85% of total tissue wet-weight) [10,11]. During the instantaneous loads or cyclic 

loading of cartilage, the interstitial fluid pressurization and collagen fibers contribute most to the 

mechanical response of cartilage [12]. However, if the cartilage is under static loading, the interstitial 

fluid flows out of the tissue and the negatively charged proteoglycan matrix mainly controls the 

mechanical response of cartilage. Cartilage porosity and interstitial fluid flow mainly determine its time-

dependent properties. However, collagen fibers viscosity contributes in time-dependent properties as 

well. The PGs and collagen fibers restrict the fluid flow directionally [4].  
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Osteoarthritis (OA) is a degenerative joint disease. Progression of OA can be caused due to either non-

identifiable causes (idiopathic) or trauma (post-traumatic OA). There are some well-identified risk 

factors associated with OA, including obesity, lack of mobility and unhealthy lifestyle. According to 

the literature, regular moderate exercises can be useful for prevention of OA development [13]. 

Currently, there are no pharmaceutical treatments for severe cartilage degeneration at the latest stages 

of OA. Regarding the OA diagnosis, arthroscopy is capable of determining osteoarthritic cartilage 

tissue. International Cartilage Repair Society (ICRS) has defined a grading system for OA 

characterization, in which arthroscopy is used to visually score the cartilage health status [3].   

Cartilage constituents undergo substantial changes during the onset and progression of OA. Fibrillation 

of the collagen network and PG loss are frequently reported to occur during early stages of OA [5]. As 

OA progresses, collagen and PG content are further reduced, leading to increased fluid content and 

tissue swelling. These changes also increase permeability of the tissue and together they result in 

decreased equilibrium and dynamic moduli of the articular cartilage [4,14]. At the latest stages of OA, 

when the capacity of articular cartilage to bear cyclic and prolonged loads has significantly decreased, 

the articulating surfaces of a joint start to wear out, causing a painful bone-on-bone contact. 

There are several computational material models for simulation of the mechanical function of soft 

tissues. Among those, fibril-reinforced poroelastic (FRPE) material model is able to mimic the 

experimental measurements accurately [15]. This material model has been applied extensively to 

characterize various animal cartilage samples, but has not been used widely for human [15–17]. The 

realistic human cartilage material properties, applied to computational models (e.g. knee), are more 

representative of the function of human tissues. 

The alterations of the tissue properties at different stages of OA have received a great research focus. 

However, most of the studies have focused on animal cartilage and have not used state-of-the-art 

computational methods for investigating the roles of material constituents on the mechanical behavior 

of cartilage at different stages of OA. Therefore, the aim of this Master’s thesis is Ⅰ) to characterize the 

mechanical properties of human tibial cartilage by investigating the mechanical behavior via dynamic 

and stress-relaxation measurements in indentation and Ⅱ) to characterize FRPE material properties with 

finite-element modeling utilizing aforementioned experimental indentation measurements. We 

hypothesize that the alterations of tissue material properties can interpret the progression of OA as 

characterized by the visual OA grading and biomechanical-based grouping. The study provides novel 

information of mechanical properties of human tibial cartilage and their alterations during the 

progression of OA
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2. Background  
 

 

 

 

2.1 The knee joint 

The synovial joints in the human body are the most mobile joints facilitating the human motion. There 

are different types of synovial joints in the human body including gliding joint, pivot joints, saddle 

joints, ball and socket joints and hinge joints [18]. The knee joint, which is a hinge joint, is the largest 

hinge joint and one of the most complex joint functionally.  

The knee joint connects three bones, that are tibia, femur and patella, through two different mechanisms 

called as tibiofemoral and patellofemoral joints [19].  The main function of the knee joint is to provide 

smooth rotations and translations between tibia and femur [20]. The bones are connected together with 

the connective soft tissues including muscles, ligaments and tendons. The main roles of the ligaments 

are to provide joint stability and to absorb the shock loadings. The function of tendons is to transmit 

forces from muscles to bones [21]. Figure 2.1 depicts the anatomy of the human knee joint. 
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Figure 2.1: Anatomy of the human knee joint (patellar tendons/ligaments are not shown here for clarity)  [22] 

Figure 2.1 shows four ligaments, connecting the femur to the tibia. Lateral and medial collateral 

ligaments connect medial sides and lateral sides of the knee together, stabilizing the knee joint in the 

medial-lateral direction. Moreover, anterior and posterior cruciate ligaments prevent the sliding of 

femur and tibia in the anteroposterior direction [19,23]. There are two fibrocartilage structures located 

between femoral condyles and tibial plateaus, called menisci shown in the Figure 2.1. In addition to the 

stabilization of the knee joint, menisci have a significant role in a shock absorption and force distribution 

[21]. Knee joint capsule surrounding the knee joint is filled with the synovial fluid, which facilitates the 

cartilage lubrication and provides smooth sliding between femoral, tibial and patellar cartilages. The 

joint capsule supplies nutrition together with synovial fluid for joint cartilage [18]. 

Articular cartilage is a specific type of a connective tissue covering ends of articulating bones inside 

the synovial joints.  Cartilage provides a smooth surface over bones with a very low friction coefficient 

and helps the knee joint to distribute the loads over the whole surface and dissipate the produced energy 

resulting from the knee joint loading [11,24,25].  

2.2 Structure and composition of articular cartilage 

Articular cartilage has no nerves and the only cell type inside cartilage is chondrocyte forming only 

about 1% of the human cartilage volume [24,26]. Chondrocytes are embedded within the extracellular 

matrix (ECM), and thus, their mobility inside the tissue is limited [1]. Furthermore, the metabolic 

activity of chondrocytes depends on the loading conditions of cartilage and they also synthesize 

macromolecules of cartilage [27,28].   
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The main constituents of articular cartilage are collagen fiber type II (50-80% of the dry weight and 15-

22% of the wet weight of cartilage), proteoglycans (30% of the dry weight and 4-7% of the wet weight) 

and interstitial fluid (50-85% of cartilage wet weight) [11,29,30]. The aforementioned values can vary 

dramatically based on the individual, health status, cartilage site and joint location [4,31]. These 

constituents are arranged and distributed in a depth-wise manner modulating the depth-dependent stress 

and strain distribution inside the cartilage tissue [16,20].  

2.2.1 Collagen network 

Collagen fibers are structural proteins forming three polypeptide chains. They are the main component 

in connective tissues and the most abundant protein inside the human body [29]. Collagen fiber type II 

contains 90 to 95% of the whole collagenous network of articular cartilage [32]. The type II fibers form 

the main collagen network which is cross-linked together with e.g. type IX and XI collagen fibrils. The 

collagen network forms the main supportive structure in cartilage and also helps to restrict the 

movement of proteoglycans and interstitial fluid [11,33,34]. The collagen network has also an important 

role for cartilage mechanics due to the high tensile stiffness of collagen fibrils. Moreover, the collagen 

network architecture regulates the fluid pressure and flow direction [35,36].  

Collagen network can be subdivided into three different zones, according to a depth-dependent 

orientation, architecture (Figure 2.2). The composition is highest in deepest zone and lowest in the 

superficial zone. In the superficial zone, collagen fibers are organized parallel to the surface of cartilage. 

This characteristic provides cartilage with its high tensile stiffness. By traversing deeper in the cartilage, 

collagen fibers start bending towards the vertical direction and are more randomly oriented. This area 

is called as the middle. In the deep zone, collagen fibers are oriented perpendicular to the subchondral 

bone and this zone provides the highest compressive force resistance of cartilage. The calcified cartilage 

zone connects cartilage to subchondral bone by anchoring the collagen fibers to the bone in 

perpendicular direction to the cartilage surface [24,37,38].   

 

Figure 2.2: Illustration of the cartilage zones and main structures (from [39] with permission) 
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2.2.2 Proteoglycans 

PGs are heavy, immobile macromolecule proteins, forming the second largest portion of cartilage 

organic materials.  Core protein of the PG is attached through multiple branches to glycosaminoglycans 

(GAGs, Figure 2.3). There are two types of PGs existing in articular cartilage including large aggregated 

PG molecules and small PG molecules like fibromodulin. GAG chains possess a high negative charge 

causing repulsive forces between the chains [11,26]. The negatively charged PGs are able to attract the 

water inside the cartilage effectively, causing osmotic pressure difference and consequently leading to 

swelling of cartilage. Cartilage has a great load recovery property due to the osmotic swelling. The 

collagen network resists the osmotic swelling. This causes formation of pre-strain in the collagen fiber 

[40]. Collagen pre-strain substantially contributes to the compressive (and tensile) stiffness of cartilage 

[40,41].  

 

Figure 2.3: The structure of proteoglycan (From [42] with permission) 

In common with collagen fibers, PGs are distributed in a depth-wise manner. The PG content is the 

lowest in the superficial zone while the PG content increases towards the deep zone where its content 

is the highest [11]. 

2.2.3  Interstitial fluid 

The interstitial fluid in cartilage contains water, gas and metabolic products. Articular cartilage is a 

porous tissue. This enables fluid to flow inward to and outward from the tissue depending on tissue 

permeability. The fluid content of cartilage is also distributed in a depth-wise manner with the highest 

proportion in the superficial zone (80% of the tissue weight) and the lowest proportion in the deep zone 

(65% of the tissue weight)  [24]. The collagen network and fluid matrix of cartilage have a significant 

role in mechanical response of cartilage during dynamic and impact loads. During these loads, the 

collagen network is in tension and consequently the collagen network contributes in tissue dynamic 

stiffness [43]. In addition, due to the relatively low cartilage permeability, the fluid pressurizes at high 

loading rates, thus the fluid pressurization can carry a large proportion of the total load [44]. When 
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cartilage is under prolonged loads, the interstitial fluid flows out, and the solid matrix is the main 

contributor to the tissue stiffness [11]. 

2.3 Mechanical properties of cartilage 

Mechanical properties of cartilage vary a lot depending on species and location where cartilage tissue 

is located. Time-dependent poroelastic behavior of cartilage tissue can be roughly estimated by three 

independent material parameters including Poisson’s ratio, Young’s modulus or aggregate modulus at 

equilibrium and (hydraulic) permeability (Table 2.1). The Poisson’s ratio is defined as the proportion 

of transverse strain to longitudinal strain (in the direction of applied load). The aggregate modulus (HA, 

obtained from confined compression) is referred to tissue modulus at its equilibrium phase (i.e. when 

fluid flow has ceased) and (hydraulic) permeability (kH) describes the ability of the tissue to allow a 

fluid to pass through it. Using the aggregate modulus and the Poisson’s ratio, the cartilage Young’s 

modulus can be derived. Cartilage possesses relatively low permeability (e.g. 3.66 (± 2.86) ×10-15 
m4

Ns
 for 

human hip joint cartilage [45]). Due to this fact, an outflow of interstitial fluid is relatively slow even 

during fast compression generating time-dependent behavior of cartilage.  

Under dynamic loading, like walking and other types of fast loadings, loading and strain-rates are high. 

The low permeability of the tissue prevents fast outflow of the interstitial fluid which causes fluid 

pressurization in the tissue enabling fluid matrix to carry over 80% of the total load of cartilage [44]. In 

addition, during dynamic loading the collagen network is put under tension at the superficial zone of 

cartilage. Thus, collagen fibrils also contribute to the dynamic stiffness of cartilage. Furthermore, 

collagen has intrinsic viscous properties meaning that collagen has different contribution to cartilage 

mechanics at different loading rates [46]. The amplitude of cartilage dynamic modulus remains almost 

unchanged at high strain rates, due to the fact that fluid has achieved its maximum potential of 

pressurization at higher frequencies [47,48],  while small differences are most likely caused by the 

viscoelasticity of collagen fibers [46].  

Under static compressive loading, the fluid flows slowly out of cartilage. This phenomenon is called 

tissue relaxation and its rapidness is mainly controlled by permeability but also by the viscoelasticity 

of collagen fibers.  Following the relaxation (in compression), the fixed charged PGs in the ECM are 

forced closer to each other, resulting in an increasing repulsive electrostatic force. At the steady-state, 

the fluid flow has ceased and negatively charged PGs are the main constituent maintaining the stiffness 

of cartilage. Therefore, the equilibrium modulus of cartilage is mainly caused by the PGs. Furthermore, 

as the fluid is not anymore pressurized at the steady-state, the cartilage becomes softer [30,31,36,49].  
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Table 2.1: The material properties of cartilage in different species [37]. Data is averaged from lateral and medial femoral 

condyles and patellar groove. 

 ν (-) HA (MPa) k H ×10−15(
m4

Ns
) 

Human 0.06 0.61 1.50 

Bovine 0.34 0.76 0.77 

Dog  0.26 0.69 0.84 

Monkey 0.22 0.71 3.80 

Rabbit 0.25 0.60 2.56 

ν = Poisson’s ratio, HA = aggregate modulus, kH = 

(hydraulic) permeability 

In addition to the fact that mechanical behavior of cartilage is time-dependent, it is also different in a 

depth-wise manner according to the collagen fibers [50]. The directional tensile stiffness of the cartilage 

is associated with the collagen network orientation. As a result, the tensile stiffness is highest at the 

superficial zone and lowest at the deep zone near the subchondral bone. The ability of cartilage to resist 

shear and tension arouses mainly from the collagen network orientation in the superficial and middle 

zone [24], while the deep zone also contribute to shear resistance partially [51].   

2.4 Osteoarthritis and its effects on tissue structure 

OA is a degenerative disease of articular cartilage and also the most prevalent joint disease, causing 

numerous disabilities and indirect deaths annually [52].  Idiopathic (i.e. primary) OA has no clear cause 

of onset of disease as it is often involved with ageing. While, post-traumatic OA (one form of secondary 

OA) develops following a joint trauma. Regarding the human body, OA can occur in different synovial 

joints, but the knee joint has been reported as the most prone joint for OA development [25]. As there 

are no nerves in the cartilage tissue, patients suffering from OA notice symptoms [53] (pain, joint 

stiffness) typically when cartilage tissue has almost completely been degenerated [54] (i.e. there is 

cartilage-on-bone or bone-on-bone contact in the knee joint). Immobilization, overweight and joint 

injury are well-known risk factors for the onset of OA. To prevent the onset and progression of OA, 

moderate regular exercises and weight loss are recommended [13,55]. Currently either primary or 

secondary OA cannot be cured [56]. However, there are some non-pharmacological treatments available 

like electrical stimulation and thermal therapies as well as physical rehabilitation that aim to slow down 

the progression of the disease and/or pain relief [55,57].  Ultimately, the disease progresses to the late 

stage in which the only treatment is a total joint replacement surgery [58]. 
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From the structural point of view, the onset site of OA is not always clear. Some investigators have 

suggested that OA is initiated by the changes in the subchondral bone [59], and this might be the case 

in primary OA. However, it often starts from the superficial layer of cartilage by minor alteration of 

collagen and PG matrices, followed by the synthetic response of the chondrocytes at its middle stages, 

and finally ending by the decline of chondrocytic response for repairing the cartilage and progressive 

loss of cartilage volume [14,25,60,61]. At the early stages of OA, collagen network fibrillation and PG 

loss in the superficial zone of cartilage have been reported [14]. As the fibrillated collagen network is 

not capable of resisting against the swelling pressure caused by the negatively charged PGs, cartilage 

swells even more [62]. In addition, the fibrillation of the collagen network enables the PGs to escape 

from the ECM leading to PG loss [14,25,63]. Followed by the changes in the collagen network and PG 

content, chondrocytes start acting by releasing mediators (i.e. peptide and lipid mediators [64]) to 

stimulate the tissue. Further progression of OA results in alterations in collagen architecture and content 

reduction, as well as reduction in the PG content [14].  

The Mankin and ICRS grading systems are well-established grading systems, often used for 

determining the stage of OA development [65]. For example, in ICRS grading, classification of cartilage 

ranges from fully intact cartilage (ICRS0) to partially degenerated cartilage (ICRS1-ICRS3) and finally 

to totally worn out cartilage (ICRS4) [66]. The scoring criterion is based on visual inspection using 

arthroscopy to evaluate the cartilage surface [3,67]. In contrast, Mankin grading is used for histological 

slices, showing more specific properties. While, it requires biopsy or in vitro samples [63].   

2.5 Biomechanical characterization of articular cartilage 

Biomechanical testing protocols are often designed depending on a physiological in vivo condition of 

the soft tissue. The tendons and ligaments are mainly under tensile loading in the body, and thus, a 

tensile test is usually used for determination of their biomechanical behavior [68]. In contrast, articular 

cartilage is in charge of providing smooth bearing surface under the compressive and shear forces and 

distributing the load. For that reason, a compression test is commonly used for characterization of 

articular cartilage [69]. 

Biomechanical behavior of cartilage varies a lot by subject. It also changes depending on a location of 

a joint in the body and depending on a location of cartilage tissue inside the joint (e.g. weight-bearing 

or non-weight-bearing location). The biomechanical response is also a depth-dependent. Therefore, 

different characterization methods, geometries and loading mods have been defined [24,70].  
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2.5.1 Mechanical testing configurations 

There are three commonly used uniaxial testing configurations for articular cartilage. Confined and 

unconfined tests are performed to measure cartilage plug or explant compressive properties whereas an 

indentation test measures compressive properties of the articular cartilage attached to subchondral bone 

(also called as an osteochondral explant, Figure 2.4). In addition, tensile tests are performed to measure 

tensile properties of cartilage [69].  

Unconfined and confined tests characterize the bulk properties of cartilage samples, while indentation 

test deals more with the local properties. In the unconfined compression test, impermeable plates are 

used for compressing the tissue, allowing the fluid to flow only in transversal direction.  Impermeable 

confining chamber and porous filter are used for the confined compression test, where (vertical) fluid 

flow is possible only through the permeable filter. Lateral deformation in the confined test is prevented 

by the confining chamber.  In the indentation test, cartilage is often compressed using a cylindrical 

plane-ended or a hemispherical indenter while the fluid flow is not restricted in any way [69,71] (Figure 

2.4).  

 

Figure 2.4: Typical biomechanical compression test configurations: unconfined, confined and indentation measurement 

geometries [72]. 

Tensile tests are used for studying the tensile behavior of the tissue. A tensile stress-relaxation or creep 

protocol (see more details about loading protocols from Section 2.5.2) is exerted to dumbbell-shaped 

cartilage specimen and resulting deformation (strain) or stress is recorded [50]. In an ultimate (tensile) 

test, the material is tested until a failure. This results in a stress-strain graph shown in the Figure 2.5. At 

the early steps of loading, the collagen fibers in cartilage are crimped. As they are progressively 

recruited, the stress-strain curve becomes initially nonlinear. This area is called as toe region. The linear 

region in the stress-strain curve, used for characterizing tensile elastic modulus, is related to the situation 

when all of the collagen fibers are straightened and contribute to carrying the load. Following the elastic 
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region, in the plastic region, permanent deformation is induced in the fibers (i.e. single bundles failure) 

until the catastrophic failure happens when all of the individual fibers fail [50,73].  

 

Figure 2.5: Representative stress-strain curve in an ultimate tensile test [72]. 

2.5.2 Loading protocols 

Compressive and tensile properties of articular cartilage are tested via different loading protocols such 

as creep, stress-relaxation and dynamic loading. Different protocols aim to determine cartilage 

biomechanical properties including compressive and tension properties under different loading 

conditions [69]. Creep or stress-relaxation protocols aim to determine the viscoelastic properties of 

cartilage via stress- or strain-controlled loading, respectively. The dynamic test aim to determine 

dynamic properties like dynamic modulus and phase difference.   

2.5.2.1 Creep 

In the creep protocol, a constant load is applied fast and changes in a deformation are measured (Figure 

2.6). The cartilage constituents, mainly the collagen fibers and pressurized interstitial fluid respond to 

the instantaneously applied load. Due to the extremely low permeability, the fluid cannot immediately 

flow freely out from the tissue and the fluid pressurizes in the cartilage. This is followed by the outflow 

of interstitial fluid. This fluid flow behavior causes time dependent deformation of cartilage until it 

reaches the equilibrium (steady-) state (i.e. no fluid flow) [8,73].  

2.5.2.2 Stress-relaxation 

In the stress-relaxation test, a constant displacement (strain) is applied and the resulting force is 

monitored (Figure 2.6). The relatively fast initial displacement results in pressurization of interstitial 
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fluid and tension in the collagen fibers. This can be observed as a peak force in the stress-relaxation 

force graph (Figure 2.6). Applied strain rate has a substantial effect on the peak force, a slow rate leads 

to a smaller peak force. As the time passes, the fluid starts flowing out of cartilage and redistributing, 

and as a consequence cartilage relaxes until it reaches the equilibrium (steady-)state [8,73].  

 

Figure 2.6: Deformation and force as a function of time in the (left) stress-relaxation and (right) creep protocols [72] 

With regards to the equilibrium bulk properties of articular cartilage, cartilage is typically assumed to 

behave like a isotropic linear elastic material [8,69]. Therefore, the experimental data can be analyzed 

using Hooke’s law as the equilibrium stiffness of cartilage is controlled by the solid matrix [15,16]. 

Through multiple steps of stress-relaxation with increasing strain at subsequent steps, one can measure 

the equilibrium stresses obtained at the end of each relaxation step and calculate the equilibrium 

modulus from the stress-strain slope using a linear least squares fit. The equilibrium (Young’s) modulus 

is defined from Hooke’s law as follows: 

 

                                                                        𝐸eq =
𝜎

𝜀
,                                                                               (2.1)  

where 𝐸eq is the equilibrium modulus, 𝜎 is the stress and 𝜀 is the strain (at equilibrium). 

As the strain field is not uniformly distributed on the top layer of cartilage when using indentation, 

Hayes et al. defined a mathematical solution based on theory of elasticity for obtaining the relation 

between the pressure applied by the indenter and the tissue modulus (i.e. equilibrium and dynamic 

moduli) assuming cartilage as infinite elastic layer and indenter as rigid axisymmetric punch with 
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different shapes [74]. When indentation test is used, based on the paper by Hayes et al., corrected (or 

true) equilibrium modulus is of a form: 

 

                                                                   𝐸 =
(1 − 𝜈2)𝜋𝑎

2𝜅ℎ
𝑃,                                                                     (2.2) 

where 𝑃 is the indenter pressure,  E is the corrected equilibrium or dynamic modulus, ν is the Poisson’s 

ratio, a is the indenter radius, h is the sample thickness and κ is a non-dimensional constant (also called 

as Hayes correction factor) which depends on Poisson’s ratio of a material and the aspect ratio of the 

sample (i.e. a/h).                                                

2.5.2.3 Dynamic 

Dynamic tests (i.e. repeated loading-unloading cycles) are applied to study the viscoelastic response of 

articular cartilage. In this type of a mechanical test, a sinusoidal stress or strain is applied and the 

resulting displacement or force is measured as a function of time [12]. The dynamic compression of 

articular cartilage characterizes primarily the tensile properties of the collagen network by exhibiting 

direct tension in the fibrils (especially in indentation) and by pressurization of the interstitial fluid which 

produces tensile stresses in the collagen fibers during alternating loading [73].  

The dynamic modulus of a viscoelastic material has elastic and viscous proportions. The storage 

modulus is related to the energy stored in the material (i.e. reversible work) and the loss modulus is 

related to the amount of the energy dissipated by the material (i.e. irreversible work) [75]. The storage 

modulus 𝐸storage and the loss modulus 𝐸loss can be calculated from the dynamic sinusoidal test as: 

                                                         

                                                       𝐸storage =
𝜎0

𝜀0
cos 𝛿 ,                                                                                   (2.3) 

                                                               

                                                         𝐸loss =
𝜎0

𝜀0
sin 𝛿 ,                                                                                        (2.4) 

                                                                          

where 𝜎0 is calculated from the peak-to-peak value of the stress and 𝜀0 is calculated from the peak-to-

peak value of the strain, δ is the phase difference between the sinusoidal stress and strain curves. The 

dynamic modulus (𝐸dyn) is defined as: 
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                                                      𝐸dyn = √𝐸loss
2 + 𝐸storage

2 ,                                                                   (2.5) 

                                                                       

As in the case of the equilibrium modulus, the Hayes equation (eq. 2.2) must be used for obtaining the 

correct dynamic (or storage or loss) modulus if measurement is conducted in indentation geometry.  

2.6 Computational modeling of articular cartilage 

Computational modeling is a way of quantifying the physical quantities or mechanical parameters, 

which cannot be measured directly. Different material models for the highly nonlinear anisotropic 

articular cartilage have been introduced such as isotropic and transversely isotropic biphasic materials 

[76,77] and most recently the fibril-reinforced biphasic materials [15,16,40]. The latest material models 

(i.e. fibril-reinforced biphasic) were developed to capture the nonlinearities of the cartilage behavior by 

taking into account the depth-dependent inhomogeneities and representing the mechanical function of 

cartilage based on cartilage constituents (collagen, PGs and interstitial fluid) [78]. The advantage of the 

fibril-reinforced biphasic material model over the conventional biphasic model is that it takes collagen 

fibers into account, so the peak response is more accurately estimated [15]. 

2.6.1 Isotropic and transversely isotropic linear elastic materials 

The simplest way of describing the mechanical behavior of a material is to assume similar mechanical 

properties in each direction. This kind of material is called as isotropic material. Generalized Hooke’s 

law defines isotropic linear elastic relationship between stress and strain as (using Voigt notation):  

                                                                 

                                                                  

[
 
 
 
 
 
𝜎11

𝜎22

𝜎33

𝜎12

𝜎13

𝜎23]
 
 
 
 
 

= 𝐂E

[
 
 
 
 
 
𝜀11

𝜀22

𝜀33

𝜀12

𝜀13

𝜀23]
 
 
 
 
 

,                                                                              (2.6) 

                                                                  

where 𝜎𝑖𝑖 and 𝜀𝑖𝑖 are the stresses and strains aligned on the direction of basis axes, and 𝜎𝑖𝑗 and 𝜀𝑖𝑗 are 

shear components. Note that the shear stresses and strains are symmetric (i.e. 𝜎𝑖𝑗 = 𝜎𝑗𝑖 and 𝜀𝑖𝑗 = 𝜀𝑗𝑖). 

𝐂E is the stiffness matrix described as: 
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              𝐂E =
𝐸

(1 + 𝜈)(1 − 2𝜈)

[
 
 
 
 
 
1 − 𝜈 𝜈 𝜈 0 0 0

𝜈 1 − 𝜈 𝜈 0 0 0
𝜈 𝜈 1 − 𝜈 0 0 0
0 0 0 1 − 2𝜈 0 0
0 0 0 0 1 − 2𝜈 0
0 0 0 0 0 1 − 2𝜈]

 
 
 
 
 

,                     (2.7) 

                     

To model a material behavior of a biological tissue like meniscus, transversely isotropic linear elastic 

materials have shown to provide better results over the isotropic linear elastic material [79,80]. The 

transversely isotropic material behavior is described in two different planes; a plane of isotropy, where 

the mechanical properties in the plane are similar, and an orthogonal transverse plane, where the 

mechanical properties are different than in the plane of isotropy. Assuming the plane 1-2 as the plane 

of isotropy, the stiffness matrix is defined as: 

                    

                                           𝐂E =

[
 
 
 
 
 
 
 
 
 
 
 
 
 

1

𝐸11
−

𝜈21

𝐸22
−

𝜈21

𝐸33
0 0 0

−
𝜈12

𝐸11

1

𝐸22
−

ν32

𝐸11
0 0 0

−
ν13

𝐸11
−

ν23

𝐸2

1

𝐸33
0 0 0

0 0 0
1

𝐺23
0 0

0 0 0 0
1

𝐺13
0

0 0 0 0 0
1

𝐺12]
 
 
 
 
 
 
 
 
 
 
 
 
 

,                                          (2.8) 

                                                  

where 𝐸𝑖𝑗 is the Young’s modulus in the direction ij, 𝐺𝑖𝑗 is the shear modulus in the direction ij and 𝜈𝑖𝑗 

is the Poisson’s ratio in the direction ij. 

2.6.2 Biphasic materials 

The solid and the fluid matrices are defined separately in the biphasic theory. The solid matrix is often 

assumed as incompressible medium with no energy loss. The fluid dissipates the energy in the material. 

The stress tensors induced by solid and fluid matrices are [8,77]: 

                                                            

                                                                 𝛔s = −𝑛s𝑝𝐈 + 𝛔eff,                                                                         (2.9) 
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                                                                       𝛔fl = −𝑛fl𝑝𝐈,                                                                            (2.10) 

      

where 𝑛s and 𝑛fl are relative solid and fluid volume fractions respectively, 𝑝 is the fluid pressure and 

𝜎eff is the effective solid matrix stress tensor. Accordingly, the total stress tensor is described as:       

                                                   

                                                                𝛔tot = 𝛔s + 𝛔fl = 𝛔eff − p𝐈,                                                      (2.11) 

              

Darcy’s law [81] is employed to describe the fluid flow: 

                                                            

                                                                             𝑞 = −𝑘𝛻𝑝,                                                                            (2.12) 

                                                    

where q is the rate of the fluid flow, 𝑘 is the (hydraulic) permeability of the material and ∇𝑝 is the (fluid) 

pressure gradient. Darcy’s law is valid only with laminar and low velocity flows, which is true in most 

biological tissues [82]. The void ratio in the porous material is defined as the proportion of the fluid 

volume to the solid volume.  

                                                            

                                                                           𝑒 =
𝑛fl

𝑛s
 ,                                                                                  (2.13) 

                                                                                   

The deformation in the porous materials causes change in the void ratio, and consequently, changes in 

the permeability, which is described as [16,83] : 

                                                            

                                                                       𝑘 = 𝑘0(
1 + 𝑒

1 + 𝑒0
)𝑀,                                                                     (2.14) 

                                                    

where 𝑘, 𝑘0 and 𝑒, 𝑒0 are the current and initial values for the permeability and void ratio, respectively, 

and M is a constant describing the void-ratio-dependent factor of permeability [15].  

2.6.3 Fibril-reinforced biphasic and poroelastic materials 

The fibril-reinforced biphasic material is also composed of solid and fluid matrices. The solid matrix 

includes fibrillar collagen matrix as well as non-fibrillar porous PG matrix [15]. Moreover, as in the 

regular biphasic material, the fluid flow defines the time dependent behavior of the material [8].  
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The pores are continuously distributed in the solid matrix of poroelastic material models [84]. Whereas, 

there is a continuous distribution of solid and fluid phases in the biphasic material model [8]. Although 

they have implemented different formulations to model the soft tissue materials behavior, they are 

equivalent theories and give similar results [85]. Thus, in this thesis, biphasic and poroelastic terms are 

used together.   

The collagen fibers have been modeled using different material behaviors such as linear elastic, 

nonlinear elastic or viscoelastic models [16,17,40,86], whereas the non-fibrillar matrix has been 

modeled widely using a Hookean or Neo-Hookean material model [40]. The inherent inhomogeneities 

of articular cartilage can also be taken into account by the implemented depth-dependent and/or spatial 

distribution of cartilage constituents into the material model [78].  

The total  stress tensor 𝛔t is defined as the stress caused by fibrillar and non-fibrillar matrices in addition 

to (pore) fluid pressure [16].  

                                                             

                                                               𝛔t = 𝛔nf + 𝛔f − 𝑝𝐈,                                                                      (2.15) 

                                                                               

where 𝛔nf is the stress in the non-fibrillar matrix , 𝛔f is the stress in the fibrillar matrix and 𝑝 is the fluid 

pressure. 

2.6.3.1 Non-fibrillar matrix 

The Hooke’s law is valid only for strains less than 5%, while in the cartilage the typical strains caused 

by the physiological loads may exceed 5% [38,87]. Thus, the non-fibrillar matrix is modeled as a Neo-

Hookean hyperelastic material, by which the non-fibrillar matrix stress (𝛔nf) is [40]:  

                                                 

                                                   𝛔nf = 𝐾
ln(𝐽)

𝐽
𝐈 +

𝐺

𝐽
(𝐅 · 𝐅T − 𝐽

2
3𝐈),                                                (2.16) 

                                           

where G and K are the shear and bulk moduli (of the non-fibrillar matrix), respectively, F is the 

deformation gradient tensor and J is determinant of the deformation tensor; J = det(F). Note that this 

formulation allows the material to be compressible. 

Assuming infinitesimal strain in the non-fibrillar matrix, bulk and shear moduli can be expressed as a 

functions of the non-fibrillar matrix Young’s modulus (𝐸nf) and Poisson’s ratio (𝜈nf): 
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                                                                 𝐾 =
𝐸nf

3(1 − 2𝜈nf)
 ,                                                                         (2.17) 

                                                                                         

                                                      

                                                                 𝐺 =
𝐸nf

2(1 + νnf)
 ,                                                                            (2.18) 

                                                                                          

The fluid flow in biphasic materials is also modeled according to the Darcy’s Law (eq. 2.12) and the 

void-ratio-dependent permeability (eq. 2.14).                                                                          

2.6.3.2 Fibrillar matrix 

In the fibrillar matrix, collagen fibers can be implemented to the model either homogenously or in a 

depth-wise manner [15,88]. To model the collagen fibers, two categories of fibers are defined in the 

model; primary and secondary fibrils. The primary fibrils are organized according to the typical 

architecture of the collagen network. In the superficial zone, the fibrils are modeled parallel to the 

cartilage surface, in the middle zone the fibers bend towards the perpendicular direction and in the deep 

zone they are modeled perpendicular to the subchondral bone. Figure 2.7 depicts the natural distribution 

of the collagen fibers and an example of the modeled collagen orientation. The secondary fibrils are 

randomly oriented fibers, aiming to mimic the cross-links and random organization of the collagen 

network [16,83]. The stress tensor of primary (𝛔f,p) and secondary (𝛔f,s) fibrils can be written as [16]: 

                                                            

                                                                   𝛔f,p = 𝜌z𝐶𝛔f,                                                                               (2.20) 

                                                             

                                                                     𝛔f,s = 𝜌z𝛔f,                                                                                  (2.21) 

                                                                                           

where C is the fraction of the primary fibrils to the secondary fibrils, 𝜌𝑧 is the depth-dependent collagen 

fraction. The total stress induced by the primary and secondary fibrils is [16]: 

                                                                    𝛔f = ∑𝛔f
𝑖

𝑓tot

𝑖=1

,                                                                                  (2.22) 

where 𝑓tot represents the total number of individual fibers and 𝜎f
𝑖 is the stress in an individual fiber. 

There are several methods to model the mechanical behavior collagen fibers in the fibril-reinforced 

materials. The fibril modulus can be implemented constant and independent of the strain [15,16,89], 
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linearly increasing as a function of strain [90], exponentially increasing as a function of strain [91] or 

viscoelastic [16,45]. The linear relationship between the stress and strain in the collagen fiber result in 

a constant value of the collagen fibers modulus which is independent of the strain. In this model, the 

fibril stress (𝜎f) and the Young’s modulus of the fibrillar network (𝐸f) are: 

                                                           

                                                                         𝜎f = 𝐸f𝜀f,                                                                                (2.23)        

                                                                                 

where 𝜀f is the fibril strain. Naturally, the constant fibril modulus is not capable of modeling the 

nonlinearities of collagen fibers [92], if those are present. In that case, non-constant modulus (e.g. strain-

dependent) can be considered.  

Although nonlinear second and third order polynomial representations for the moduli of the collagen 

network have demonstrated the highest correspondence with the experimentally obtained measurements 

[92], the linear (i.e. first order polynomial) strain-dependent modulus has also showed good match with 

the experimental measurements in articular cartilage. On the other hand, the physical meaning of 

nonlinear moduli is difficult to interpret [90]. The (linear) strain-dependent collagen network modulus 

(𝐸f) can be defined as follows: 

                              

                                                        𝐸f =
d𝜎f

d𝜀f
= 𝐸f

ϵ𝜀f + 𝐸f
0,                                                                     (2.24) 

                                                                                      

where 𝐸f
0 is the initial fibril network modulus and 𝐸f

ϵ is the strain-dependent fibril network modulus.  

 

Figure 2.7: Typical “Benninghoff” type [93] collagen fiber architecture (left hand side) and schematic representation of 

computational representation of the collagen orientation in a fibril-reinforced material model (right hand side) 
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2.7 Optimization of the material parameters 

In order to obtain material parameters, the parameters can be either measured directly or, if that is not 

possible, they can be obtained through combination of computational simulations and optimization. 

One way for obtaining material properties through optimization is to minimize the objective function 

(𝛿𝐹̅) generated from normalized mean squared error between the simulation and the experimental data 

[89,94]:  

                                                          δF̅ =
1

n
∑(

F𝑖
sim − F𝑖

exp

F𝑖
exp )

2

,

n

𝑖=1

                                                             (2.25) 

where 𝐹𝑖
𝑠𝑖𝑚 and 𝐹𝑖

𝑒𝑥𝑝
 are the simulated and experimental values (e.g. force), respectively.  

For example, in the FRPE material with the strain-dependent collagen network modulus, one should 

optimize the initial and strain-dependent fibril network moduli, initial permeability and its strain-

dependency factor in addition to the non-fibrillar matrix modulus (Figure 2.8).  

 

Figure 2.8: Representation of evolution of parameters optimizations 

In the stress-relaxation measurements, the duration of compressive ramp is much shorter compared to 

the relaxation phase (less than a second compared to several minutes). As a result, there are more 

measurement data points in the equilibrium phase compared to the data points around the load peaks 

and the optimization error function value is more dependent to the relaxation phase error. To overcome 

this, the optimization routine can be focused on specific data points. For instance, a weighting factor 

can be used for weighting the peak forces in the objective function. Thus, the objective function is more 

sensitive to variations of the peak force [94]. The objective function value can be rewritten as follows 

in terms of normalized mean square error [94]: 
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                              δ𝐹̅ =
1

n
∑(

𝐹𝑖
sim − 𝐹𝑖

exp

𝐹𝑖
exp )

2n

𝑖=1

+ w
1

m
∑(

𝐹𝑖,p
sim − 𝐹𝑖,p

exp

𝐹𝑖,p
exp )

2m

i=1

,                                     (2.26) 

where 𝐹𝑖,p
sim and 𝐹𝑖,p

exp
 are the peak force values obtained from simulation and experiment and w is a 

weighting factor. 

For parameter optimization, different nonlinear optimization tools can be used. One powerful tool is a 

minimum search algorithm (fminsearch function) implemented in Matlab software (V7.10.0, The 

MathWorks, Inc., Natick, MA). This function uses the Nelder-Mead simplex algorithm to optimize 

multiple variables in the nonlinear problems [68]. The algorithm produces n-dimensional vector around 

the initial guess by adding 5% of each component to its initial value. Following that, the algorithm 

modifies the values repeatedly by evaluation of the objective function. The algorithm evaluates the 

objective function value and the absolute changes in the parameters at each iteration. When the absolute 

objective function value and parameter differences between two consecutive iteration reaches the 

criteria, the optimization routine terminates. 

There are some advantages and drawbacks associated with the Nelder-Mead simplex algorithm. It is a 

powerful tool for optimization, because it considers trial and error approach to find the optimized values 

and the method does not use numerical or analytic gradients [95]. In contrast, the main drawback is that 

it may converge to local minima. In order to ensure the uniqueness of optimized values and to avoid the 

local minima, the optimization routine can be repeated with slightly different initial guesses for initial 

values (e.g. different compared to initial guess or optimized values) to find out if the parameters 

represent the global minimum [94].   
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3. Materials and methods 

 

3.1 Sample preparation 

The articular cartilage samples used in the current study were harvested from cadaver human knee joints 

by orthopedist at Kuopio University Hospital. During harvesting, all joints surfaces were ICRS-scored 

by same orthopedist. The process and use of the human tissue were approved by the National Authority 

for Medicolegal Affairs and the ethical committee of North-Savo hospital district, ethical permission 

number 134/13.02.00/2015. 

Cylindrical intact osteochondral samples with 4 millimeters in diameter (Figure 3.1) were cut from  

medial, lateral, anterior and posterior sites of each tibia (n = 27). Afterwards, the samples were kept 

moist and immersed in Phosphate Buffered Saline (PBS, pH 7.4) with enzymatic inhibitor upon the 

preparation processes. The samples were then stored at -23 oC in sealed containers. Prior to a 

biomechanical indentation test, the samples were thawed at the room temperature for approximately 15 

minutes.  

 

Figure 3.1: Osteochondral sample under the optical microscope. 
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The sample thickness was measured using optical microscope (Zeiss, STEMI, SV8, Germany) with 

magnification of 1.6 times from 4 different quarters around the sample plug (from cartilage surface to 

the bone, perpendicular to the surface), and the mean value was calculated for the sample thickness. 

Figure 3.1 depicts one of the samples under the microscope.  

3.2 Biomechanical indentation test 

The biomechanical tests were carried out using indentation device for the osteochondral samples. The 

indentation device was a custom-made high-precision linear servo-motorized material testing device 

(Newport PM500-C Precision Motion Controller, Newport PM1A1798 Actuator, Irvine,CA,USA) with 

250 g load cell to measure the load (Honeywell Model 31/AL311BL, Columbus, OH, USA). The 

diameter of the cylindrical plane-ended indenter (730 µm) was measured by the conventional optical 

microscope (6× magnification).   

Prior to the indentation measurement, the bone end was flattened using sandpapers (Mirox P80, Mirka 

Oy, Uusikaarlepyy, Finland) and then glued to the bottom surface of a custom-made chamber. The 

chamber was then filled with PBS and enzymatic inhibitors (Figure 3.2). Perpendicularity of the 

indenter with respect to the sample surface was confirmed by naked eye from different directions and 

the adjustment was done if needed. In order to ensure a reliable contact of the indenter and the sample, 

12.5 KPa (5 Newton) pre-stress was applied [89]. 

 

Figure 3.2: The experimental set-up 

To measure the biomechanical behavior of cartilage, 4-step stress-relaxation protocol was defined. Each 

step consisted of 5% strain (of the remaining cartilage thickness) followed by a relaxation step of 15 

minutes (Figure 3.3). In order to reach the predefined strain level, a ramp with a strain rate of 100%/s 

was applied [45,89,96].    
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Figure 3.3: The stress-relaxation protocol in indentation followed by the dynamic protocol used in this study. 

At the end of the final relaxation step (strain level at 20%), the dynamic sinusoidal test was carried out 

using 2% of the remaining thickness with frequencies of 0.005, 0.05, 0.1, 0.25, 0.5, 0.625, 0.833, 1, and 

2 Hz (Figure 3.3). 

3.2.1 Stress relaxation data preprocessing 

The raw data from the stress-relaxation measurement was preprocessed for finite element modeling. 

Matlab software (V7.10.0, The MathWorks, Inc., Natick, MA) was used for data extraction and filtering 

the data. Prior to any further processing, Matlab (customized getCursorInfo function) was employed to 

manually select all peak and equilibrium force values from the curve. Afterwards, the raw data was 

smoothened and filtered using a moving average filter (window size of 100, pole at 1 and 100-folded 

zeros at 0.01) using filtfilt function to remove time lag (Figure 3.4). Each step data was extracted and 

saved for further analysis separately.  

 

Figure 3.4: Original and moving average (MA) filtered data from a single step of stress-relaxation protocol. 
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3.2.2 Equilibrium modulus acquisition  

Followed by the data preprocessing, the equilibrium moduli were calculated for the samples from the 

stress-relaxation data. First, the equilibrium force values were manually selected from the data (Figure 

3.5).  

 
Figure 3.5: Example of the stress-relaxation data and selection of the equilibrium force points. 

Then, the equilibrium stress at equilibrium point was calculated based on the indenter diameter. 

Considering strain level at each step, a general linear least-squares based fitting was used for acquiring 

the equilibrium modulus of the sample (i.e. calculated from the slope of the fitted line, Figure 3.6). The 

calculated equilibrium modulus was corrected using the Hayes correction factor (eq. 2.2) which 

considers the effects of the indenter size and sample thickness in an indentation geometry. The Poisson’s 

ratio for the analysis was set to 0.4 [97]. 

 

         Figure 3.6: The uncorrected equilibrium modulus calculated from the linear least squares fit of the stress-strain data                 

(Stress[MPa] = 0.18 [
MPa

%
] × ε [%] − 0.03[MPa])  
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3.3 Dynamic tests data analysis 

In order to calculate the dynamic modulus of the samples at different frequencies, the peak-to-peak 

values of forces and displacements were evaluated from the sinusoidal dynamic measurement data. A 

single term sinusoidal fit was utilized for both displacement and force data using cftool function in 

Matlab (Figure 3.7). Following that, the amplitude of peak-to-peak forces and displacements obtained 

from the sinusoidal fit were extracted from each cycle and averaged over 4 cycles.  

 

         Figure 3.7: Experimental data from a dynamic sinusoidal test (0.05 Hz) and the fitted sinusoidal curves                             

(Force = 3.4×10-5 [N] sin (0.31
1

[s]
× t [s] +0.01), Displacement = 4.1×10-3 [m] sin (0.32

1

[s]
× t [s] - 0.04)). 

The phase shift was calculated from the frequency content of raw data. Fast Fourier transform (fft 

function in Matlab) was used for calculating the phase of each curve. The subtraction of the 

displacement phase angle and the force phase angle was considered as the phase shift. Figure 3.8 

illustrates the frequency spectrum of one of the sample, calculated from the force data. As can be seen 

from the figure, the highest power amplitude is at 0.05 Hz, approximately. The insertion magnifies the 

spectrum around the peak for clarity.  

The storage modulus (eq. 2.3) and loss modulus (eq. 2.4) were calculated from amplitudes of peak-to-

peak forces and displacements together with sample thickness and the cross sectional area of the 

indenter. Subsequently, the dynamic modulus at each frequency was calculated. The effects of sample 

thickness and the indenter size were also taken into account by applying the Hayes correction (Eq. 2.2). 

The samples were assumed incompressible (ν = 0.5) in the dynamic tests [98]. 
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Figure 3.8: Frequency spectrum of dynamic force data (at 0.05 Hz), insertion magnifies the power spectrum around the peak 

3.4 Finite element analysis 

The sample-specific axisymmetric models were constructed in Abaqus finite-element software (V6.14, 

Dassault Systèmes Simulia Corp., Providence, RI). The samples were considered axisymmetric and the 

indenter was modeled as an analytic rigid surface with a rounded corner of 10 µm in radius (i.e. a filet, 

approximated from a microscopic image of the indenter, Figure 3.9). Depending of sample specific 

geometry (i.e. thickness = 2.98±0.75, more details can be found in appendix A), the samples were 

meshed by 225 to 600 linear axisymmetric pore pressure continuum elements (element type CAX4P). 

 

Figure 3.9: An example of a finite element model (extruded for clarity) and mesh of a sample. 

The contact between the bottom of the indenter and cartilage surface was modeled as displacement 

boundary condition for computational efficacy. The contact between the lateral edge of the indenter and 



Chapter 3. Materials and Methods 

 

37 

 

cartilage surface was modeled using a frictionless hard contact (both in normal and tangential direction 

with no separation option) to prevent folding of the cartilage mesh. The displacement of the symmetry 

axis was fixed in a lateral direction (symmetry boundary condition) while the bottom of the cartilage 

mesh was fixed in the axial direction. Free fluid flow (zero pore pressure) boundary condition was 

applied to the free surfaces, while the contact surface between the cartilage mesh and the indenter was 

sealed [89].  

The fibril-reinforced poroelastic material model (eq. 2.15) was applied to the cartilage. The collagen 

network was modeled with 4 organized collagen fibers (primary fibrils) and 13 randomly oriented fibrils 

(secondary fibrils) [16]. The fibril network architecture was modeled parallel to surface homogenously 

throughout the tissue depth because there was no information regarding the collagen architecture and 

thickness of each cartilage zone. It is obvious that during the latest steps of stress-relaxation (15-20% 

of strain) middle and deep layers of cartilage might start affecting the results. However, the detailed 

implementation of zonal structure also affects to the optimization results, and by assuming 

homogeneous structure, the optimization results will be independent of the collagen structure. The ratio 

of the primary fibrils density to secondary fibrils density was based on literature (C = 12.16, see eq. 

2.20) [83,89]. The strain dependent fibril modulus was used for modeling the nonlinear mechanical 

behavior of the collagen fibril network (Eq. 2.26). The non-fibrillar matrix was modeled as 

porohyperelastic Neo-Hookean material (Eq. 2.16, 𝜈nf = 0.42 [89]). Permeability was assumed to be 

void ratio- (i.e. deformation-) dependent (Eq. 2.19, e0 = 3 [72] i.e. 𝑛fl = 0.75 and 𝑛s = 0.25, respectively).  

Soils consolidation analysis with implicit time integration was used for solving time-dependent coupled 

pore fluid diffusion and stress analysis in Abaqus (v6.14). The maximum allowed pore pressure change 

per increment was set to 1 MPa. The reaction force output was recorded from the reference point of the 

indenter (used for controlling both displacement boundary condition and the edge (contact surface) of 

the indenter).  

3.5 Material parameter optimization 

In spite of applying pre-stress to ensure the contact in the experiments, the contact of the sample and 

the indenter was not necessarily perfect in the initial step of stress-relaxation. One possible reason for 

this could be a rough cartilage surface causing a detection of an initial force even though the indenter 

is not yet in perfect contact. On the other hand, when the material parameters are optimized using more 

than two steps of stress-relaxation, the high nonlinearities arisen from the inherent inhomogeneities of 

cartilage may become dominant. This often leads to a poor optimization performance and coefficient of 

determination (R2 value). For those reasons, only the second and the third steps of stress-relaxation were 

considered in the optimization process.    
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The Matlab optimization routine fminsearch was utilized to find the minimum of the modified mean 

squared error (eq. 2.28) of the simulated and experimental data. The weighting factor value (w = 1) was 

based on preliminary analyses, and hence, the objective function for the fminsearch routine was: 

                           δF̅ =
1

n
∑(

F𝑖
sim − F𝑖

exp

F𝑖
exp )

2n

𝑖=1

+ 1 ×
1

2
∑(

F𝑖,p
sim − F𝑖,p

exp

F𝑖,p
exp )

22

𝑖=1

                                     (3.1) 

The optimized values were the initial fibril network modulus (𝐸𝑓
0), the strain-dependent fibril network 

modulus (𝐸𝑓
𝜖), the non-fibrillar matrix modulus (𝐸𝑛𝑓), the initial permeability (𝑘0) and the permeability 

strain-dependent coefficient (𝑀). In order to ensure the uniqueness of the optimized values (i.e. to find 

global minimum), a parametric sensitivity analysis was conducted. The optimized values of nine 

randomly chosen samples were altered by 10% and the optimization process was conducted once again 

to confirm the global minimum [94]. 

3.6 Data analysis 

In order to establish the relationships of OA progression and biomechanical properties of the samples, 

thy were grouped using two different approaches. The first grouping was based on visual ICRS scoring 

of cartilage quality and the second grouping was based on the equilibrium modulus of the samples (i.e. 

biomechanical grouping). 

3.6.1 ICRS (visual inspection-based) grouping 

The ICRS system for cartilage grading was used for evaluating the possible development of OA [66]. 

The ICRS scoring is based on the visual inspection. The scoring deals with assessment of the region of 

interest surface of the cartilage via arthroscopy. Expert orthopedist evaluated cadavers’ cartilage surface 

and the score ranging from 0 to 4 was associated to each location. ICRS scores 0 and 1 were assigned 

to group 1 while ICRS scores 2 to 4 were assigned to group 2 (Table 3.1).  

Table 3.1: Number of samples in each ICRS group 

ICRS Number of samples 

0 0 

1 14 

2 10 

3 3 

4 0 
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As can be seen in the table 3.1, there were only few samples in ICRS score 3 group, and thus, ICRS 2 

and 3 groups were pooled together. Based on the ICRS scoring, group 1 represents presumably healthy 

samples and group 2 represents presumably degenerated cartilage samples [66]. 

3.6.2 Equilibrium modulus based grouping 

An additional grouping for the samples was conducted according to measured equilibrium modulus. PG 

loss is well-documented consequence of the OA progression and it is known that PG loss is the main 

cause of the decrease of the equilibrium modulus [45]. Based on this, the samples were grouped  based 

on the equilibrium modulus which was obtained from literature review of healthy human cartilage tissue 

(Table 3.2). Based on the review and the location of the tissue samples (tibial cartilage), the samples 

were considered presumably as healthy (group 1) if 𝐸eq ≥ 0.4 MPa and osteoarthritic (group 2) if 

𝐸eq<0.4 MPa.  

Table 3.2: Literature review for human articular cartilage equilibrium modulus 

Study Reference Sample 

location 

Measurement 

geometry 

Equilibrium 

modulus 

(MPa) 

OA scoring 

system 

Kleemann et al. 

2005 

[3] Tibia Unconfined 

compression 

0.4-0.5 ICRS and 

Mankin 

Stewart et al. 

 2017 

[99] Femur, Tibia 

and Patella 

Indentation 0.54 Mankin and 

OARSI 

Wilusz et al.  

2013 

[100] Femur Nano-indentation 0.1-0.3 Histological 

analysis 

Wang et al.  

2013 

[101] Femur Nano-indentation 0.16 Outerbridge 

scoring system 

Boschetti et al. 

2008 

[102] Femur Unconfined 

compression 

0.42 Visual and touch 

inspection 

Boschetti et al. 

2004 

[103] Femur Confined 

compression 

0.25 Visual and touch 

inspection 

Kiviranta et al. 

2008 

[9] Patella Indentation 0.64 Mankin 

Armstrong et al. 

1982 

[4] Patella Confined 

compression 

0.79 Mankin 

Nissi et al.  

2007 

[104] Patella Unconfined 

compression 

0.54 Visual inspection 
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3.6.3 Statistical Analysis 

The normality of data was tested using Shapiro-Wilk test. As the grouped data (according to both ICRS-

based and equilibrium modulus-based grouping) was not normally distributed, non-parametric tests 

were used. Friedman’s two-way analysis of variance by ranks was used for testing differences in 

dynamic moduli at different frequencies. To compare the material parameters in different groups (ICRS 

score and 𝐸eq based groupings), a pairwise comparison via Mann-Whitney U test was conducted. A 

two-tailed Pearson correlation analysis was used for testing correlations between material parameters. 

The level for statistical significance in all tests was set to α = 0.05. Statistical analyses were performed 

using IBM SPSS Statistics (version 21, IBM Corporation, Armonk, NY, USA). 
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Chapter 4 
 

 

4. Results  
 

 

In this thesis, the human tibial cartilage was studied to evaluate the biomechanical behavior of cartilage. 

The first part of the study focused on the characterization of the compressive dynamic and equilibrium 

properties of the samples, and the second part aimed to quantify the contribution of the cartilage 

constituents on the biomechanical response of human cartilage using the FRPE material model through 

FE analysis and optimization.  All data is presented as mean ± standard deviation.  

4.1 Elastic behavior of human tibial cartilage 

Table 4.1: Elastic behavior of cartilage at equilibrium. Equilibrium modulus (𝐸𝑒𝑞) is presented as mean±standard deviation. 

Classification Number of samples Eeq (MPa) 

All samples 27 0.43 ± 0.44 

ICRS-based ICRS ≤ 1 14 0.47 ± 0.52 

ICRS > 1 13 0.38 ± 0.33 

Mechanical-based 𝐸eq ≥ 0.4 10 0.86 ± 0.47 

𝐸eq < 0.4 17 0.17 ± 0.11 

The mean value of equilibrium modulus calculated from all the samples was 0.43 ± 0.44 MPa (n = 27, 

Table 4.1). According to ICRS based classification of the samples, presumably healthy intact cartilage 

samples did not show significant different equilibrium modulus as compared to that of OA samples (P 

> 0.05). In mechanical-based grouping, presumably healthy intact cartilage samples showed 

significantly higher equilibrium modulus as compared to that of OA samples (P < 0.001). 

4.2 Viscoelastic behavior of human tibial cartilage  

Figure 4.1 represents the dynamic moduli of the human articular cartilage measured at different 

frequencies. The dynamic modulus of the samples at 0.005 Hz (0.97 ± 0.80 MPa) was significantly 

smaller (P < 0.002) compared to the dynamic moduli at frequencies 0.25, 0625, 0.833 1 and 2 Hz. 

Similarly, the dynamic modulus of the samples at 0.05 Hz (1.20 ± 0.99 MPa) was significantly smaller 

(P < 0.05) than those of other frequencies except frequencies of 0.1 and 0.25 Hz. The dynamic moduli 
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of the samples at the frequencies of 0.1 and 0.25 Hz were significantly higher compared to those at 0.5. 

0.625, 0.833,1 and 2 Hz (P < 0.05). 

 

Figure 4.1: Dynamic modulus of human tibial cartilage as a function of loading frequency, * represents P < 0.05 

The dynamic moduli of the samples at the frequencies equal or higher than 0.5 Hz were not different 

compared to each other, meaning that the dynamic modulus of human tibial cartilage reached a plateu 

at 1.3 MPa, approximately (Fig. 4.1, P > 0.05).  

The phase difference between cyclic displacement and force response at 0.005 Hz was significantly 

higher than those at other frequencies (P < 0.018). The phase difference at the frequency of 0.05 Hz 

was significantly higher from those at frequencies of 0.833 and 1 Hz (P < 0.008). 

 

Figure 4.2: Phase difference of tibial cartilage in difference frequencies, * represents P < 0.05 

The phase difference plateaued at the frequencies of 0.1 to 1 Hz, measuring 7 ± 0.48 degrees 

approximately (P > 0.05). The phase difference of 2 Hz frequency showed significantly higher value 
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compared to the phase difference at 1 Hz, measuring 13.9 and 7.9 degrees, respectively (Fig 4.2, P < 

0.05).    

4.2.1 ICRS-based grouping 

The dynamic moduli of the samples, grouped according to ICRS scores are presented in Figure 4.3. 

There was no significant differences between the groups dynamic moduli at any frequency (Fig. 4.3, P 

> 0.05).  

 

Figure 4.3: Dynamic moduli at different frequencies for different ICRS groups. 

The phase differences between ICRS-based groups were not significantly different from each other 

except at 2 Hz (Figure 4.4). The presumably degenerated samples (ICRS > 1) showed higher phase 

difference (viscosity) at 2 Hz compared to presumably healthy (ICRS ≤ 1) cartilage samples (P < 0.05). 

 

Figure 4.4: Phase difference between ICRS groups as a function of frequency, * represents P < 0.05 
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4.2.2 Equilibrium modulus based grouping 

The dynamic moduli of human tibial samples were significantly different when categorized based on 

biomechanical properties (Fig. 4.5, P < 0.001). The dynamic modulus of presumably healthy tibial 

samples (ICRS ≤ 1) was 3.56 times (256%) higher at 0.005 Hz compared to the presumably degenerated 

samples (ICRS > 1, P < 0.05). The dynamic moduli of presumably healthy samples were  3.40 and 3.46 

times higher at 1 Hz (P < 0.05) and 2 Hz (P < 0.05), respectively, compared to the presumably 

degenerated samples. The rest of pair-wise comparisons showed quite similar results.  

 

Figure 4.5: Dynamic modulus between equilibrium modulus groups as a function of frequency, * represents P < 0.05 

 

Figure 4.6: Phase difference between equilibrium modulus groups as a function of frequency, * represents P < 0.05  

The presumably degenerated group (𝐸eq < 0.4 MPa) had significantly higher phase difference 

(viscosity) at all frequencies except at 2 Hz (i.e. from 0.005 Hz to 1 Hz) compared to the presumably 
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healthy group (𝐸eq  ≥ 0.04 MPa, P < 0.05, Fig. 4.6). The phase differences were approximately 20% to 

41% higher in the presumably degenerated group compared to the presumably healthy group. 

4.3 FRPE material properties 

The optimized FRPE material parameters for all the samples (n = 27) are shown in Table 4.2, including 

the initial fibril network modulus (𝐸𝑓
0) and its strain dependent modulus (𝐸𝑓

𝜖), the non-fibrillar matrix 

modulus (𝐸nf), the initial permeability (𝑘0) and its strain-dependent factor (𝑀). 

Table 4.2: FRPE material parameters for human tibial cartilage (n = 27) 

Material parameter Related component Mean ± SD 

𝐸f
0 (MPa) Collagen 0.095 ± 0.222 

𝐸f
𝜖 (MPa) Collagen 11.847 ± 10.356 

𝐸nf (MPa) Proteoglycan 0.117 ± 0.160 

𝑘0 (×10-15 m4/Ns) Fluid 15.853 ± 19.867 

𝑀 (-) Fluid 3.663 ± 3.823 

 

4.3.1 ICRS-based grouping 

There were no statistically significant differences (P > 0.05) in the FRPE mechanical properties between 

the presumably healthy (ICRS ≤ 1) and degenerated (ICRS > 1) groups (Table 4.3).  

Table 4.3: FRPE material parameters in the presumably healthy (ICRS ≤ 1) and degenerated (ICRS > 1) groups 

Material parameter Groups (ICRS) Mean ± SD Statistical significance 

𝐸f
0 (MPa) 

≤ 1 0.12 ± 0.21 
P=0.458 

> 1 0.07 ± 0.23 

𝐸f
𝜖 (MPa) 

≤ 1 9.38 ± 11.42 
P=0.325 

> 1 13.48 ± 8.76 

𝐸nf (MPa) 
≤ 1 0.12 ± 0.20 

P=0.430 
> 1 0.11 ± 0.10 

𝑘0 (10-15 m4/N.s) 
≤ 1 14.82 ± 14.59 

P=0.685 
> 1 18.26 ± 24.09 

𝑀 (-) 
≤ 1 2.89 ± 3.33 

P=0.169 
> 1 4.72 ± 4.04 

𝐸f
0: initial fibril network modulus, 𝐸f

𝜖: strain-dependent fibril network modulus, 𝐸nf: non-

fibrillar matrix modulus, 𝑘0: initial permeability, 𝑀: permeability strain-dependent factor 

 

4.3.2 Equilibrium modulus based grouping 

In the equilibrium modulus based grouping, the initial fibril network modulus was not significantly 

different between the presumably healthy (𝐸eq ≥ 0.4) and degenerated (𝐸eq< 0.4) groups (P > 0.05, 

Table 4.4). However, the strain-dependent fibril network modulus was 2.5 times higher in presumably 

healthy group compared to the presumably degenerated group (P = 0.015). The non-fibrillar matrix 

modulus was 5.8 times higher in the presumably healthy group compared to the degenerated one 
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(P<0.001). The initial permeability in the presumably degenerated group was 5.8 times higher compared 

to the presumably healthy group (P = 0.001), while there were no differences in the permeability strain-

dependent factor between the groups (P > 0.05). 

Table 4.4:  FRPE material parameters in the presumably healthy (𝐸𝑒𝑞  ≥ 0.4) and degenerated (𝐸𝑒𝑞 < 0.4) groups. 

Material parameter Groups Mean ± SD Statistical significance 

𝐸f
0 (MPa) 

𝐸eq ≥ 0.4 0.20 ± 0.31 
P > 0.05 

𝐸eq < 0.4 0.03 ± 0.11 

𝐸f
𝜖 (MPa) 

𝐸eq ≥ 0.4 19.09 ± 12.07 
P = 0.015 

 𝐸eq < 0.4 7.60 ± 5.95 

𝐸nf (MPa) 
𝐸eq ≥ 0.4 0.24 ± 0.21 

P < 0.001 
 𝐸eq < 0.4 0.04 ± 0.02 

𝑘0 (10-15 m4/N.s) 
𝐸eq ≥ 0.4 4.56 ± 4.85 

P = 0.001 
 𝐸eq< 0.4 22.65 ± 22.18 

𝑀 (-) 
𝐸eq≥ 0.4 3.70 ± 2.85 

P >0 .05 
𝐸eq< 0.4 3.64 ± 4.30 

𝐸f
0: initial fibril network modulus, 𝐸f

𝜖: strain-dependent fibril network modulus, 𝐸nf: non-

fibrillar matrix modulus, 𝑘0: initial permeability, 𝑀: permeability strain-dependent factor 
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5. Discussion 

 

 

The current study focused on quantification of the mechanical properties of human tibial cartilage. The 

samples were characterized 1) by the elastic and viscoelastic biomechanical properties and 2) by the 

fibril-reinforced poroelastic material properties, which can provide estimates about the roles of the 

tissue constituents on the mechanical behavior of the tissue. The bulk biomechanical properties of 

cartilage as well as the properties of its constituents were hypothesized to be correlated with the OA 

progression state as characterized either by visual inspection-based (ICRS scoring) or biomechanical-

based (equilibrium modulus) methods.  

The average equilibrium modulus of human tibial cartilage obtained in the current study is consistent 

with the literature where human tibial (0.4 MPa, [3]), femoral (0.42 MPa, [102]) or patellar (0.54 MPa, 

[104]) cartilage were studied. The equilibrium modulus of the tibial cartilage studied here is also well 

correlated with the non-fibrillar matrix modulus acquired from the modeling (Fig. 5.1), which is also 

consistent with earlier studies [83]. This can further validate the accuracy of model and material 

parameters optimization.  

The dynamic modulus of the samples was the smallest at the lowest frequency (0.005 Hz), followed by 

a rapid increase in the dynamic modulus at 0.01 Hz. The dynamic modulus remained constant (1.3 ± 

0.005 MPa) if the frequency was 0.5 Hz or higher. This confirms that the human cartilage dynamic 

modulus is unchanged within the physiological loading frequencies of daily routine activities (normal 

gait frequency: 1.1 Hz [105], fast gait frequency: 0.68 Hz [106]). 



Chapter 5. Discussion 

 

48 

 

 

Figure 5.1: Pearson correlation between equilibrium and non-fibrillar matrix moduli. 

The phase difference obtained from the dynamic test is a measure of the viscoelasticity of cartilage. The 

phase difference was highest (19.38 degrees) at the lowest frequency (0.005 Hz) followed by a phase 

difference plateau (7 ± 0.48 degrees) as the frequency increased. At the highest frequency (2 Hz) the 

phase difference started increasing once more (13.9 degrees). At a low frequency regime, the fluid is 

able to flow more freely and consequently, the cartilage exhibits a highly viscoelastic behavior with a 

high energy dissipation. As the frequency increases, the fluid flow is more restricted and the fluid 

pressurization and tension of collagen fibers are in charge of less viscous (i.e. more elastic) behavior. 

The phase difference plateau may be interpreted by the energy dissipation also in other constituents 

than interstitial fluid. Viscoelastic energy dissipation in the collagen fibers might be the reason for 

unaltered phase difference at higher frequencies as it has been reported for meniscus [107]. The constant 

phase difference at high frequencies has been also reported previously for other soft tissues, like 

meniscus [107,108]. To interpret the increase of the phase difference at the highest frequencies, one 

should consider the possible sources of error that might affect the results at this frequency. The cartilage 

may not be able to follow the indentation at unloading phase of cyclic loading that might lead to 

overestimation of the dynamic modulus.    

The FRPE material properties obtained in the current study are comparable to previous literature values 

(i.e. initial network modulus and non-fibrillar matrix modulus) [45]. The permeability of the tibial 

cartilage (15.9 ± 19.9×10-15 
m4

Ns
) was 4 times higher than that of reported for the hip  joint cartilage (3.6 

± 2.9×10-15 
m4

Ns
) [45]. That might be due to different OA stage or natural differences between human 

tibial and hip cartilage. In addition to that, the initial fibril network modulus, obtained in this study (0.1 

± 0.2 MPa) was lower compared to human hip joint cartilage [45]. That is likely to be a result of collagen 
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fibers fibrillation in the superficial zone of the cartilage, or it can be a result from natural differences 

between hip and tibial cartilage. The non-fibrillar matrix modulus was consistent with the studies 

conducted on human hip joint [45] and bovine articular cartilage [15,83,109]. 

Two different methods for sample groupings were used in this study. The first one was based on ICRS 

scoring based on visual inspection using arthroscopy, and the second one was based on the equilibrium 

modulus of cartilage known to reflect well the progression state of  OA [45]. In the ICRS based grouping 

of the samples (ICRS ≤ 1 and ICRS > 1), the equilibrium moduli of the samples were not significantly 

different between the groups. Moreover, the dynamic properties (dynamic modulus and the phase 

difference) were not significantly different except at the frequency of 2 Hz. In addition to the 

experimental biomechanical results, the FPRE properties of the samples obtained through FE modeling 

were not significantly different in between ICRS groups.  

On the other hand, the equilibrium modulus based grouping of the samples showed good capability to 

distinguish between the presumably healthy and OA cartilage (i.e. 𝐸eq ≥ 0.4 MPa and 𝐸eq< 0.4 MPa, 

respectively). The presumably OA group had significantly lower equilibrium modulus, which is 

indicating lower proteoglycan content within the tissue [7]. This result also is consistent with earlier 

studies [45,83]. The OA group also had significantly lower dynamic modulus and higher phase 

difference, which most likely indicates degeneration in the collagen network and/or changes in the fluid 

pressurization capability of cartilage [25]. High phase difference is associated with irreversible energy 

dissipation i.e. cartilage is not able to (reversibly) recover from the deformation [110]. The collagen 

network degradation and PG loss are shown to increase permeability [83], which could also lead to 

increase in the phase difference in cartilage. 

The presumably healthy cartilage samples had significantly higher strain-dependent modulus than 

presumably OA samples according to the equilibrium modulus-based grouping, which is consistent with 

earlier studies in which they suggested that the strain-dependent fibril network modulus correlates with 

collagen content [83] and superficial collagen network orientation [45]. Besides, the non-fibrillar matrix 

modulus was significantly higher for the presumably healthy samples compared to the presumably 

osteoarthritic group, suggesting that the PG matrix was in a better condition in the health group. This is 

also consistent with the reported correlation of PG content and the non-fibrillar matrix modulus of 

cartilage in earlier studies [83]. Additionally, permeability in the presumably osteoarthritic group was 

significantly higher compared to the presumably healthy group. Recent studies have suggested that the 

permeability might be the first parameter susceptible to early OA changes [89].  Higher permeability 

has also been shown to be negatively correlated with the collagen content [45,83], which potentially 

supports the assumption that our equilibrium modulus-based grouping reflects better the state of OA 

degeneration.  
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The findings of the current study suggest that the ICRS-based grouping of the samples was not able to 

represent biomechanical changes in cartilage. In the arthroscopy and ICRS scoring, the appearance of 

tissue is evaluated (i.e. crack and fibrillation), which does not necessarily reflect alterations in 

osteoarthritic cartilage [62]. Furthermore, the cartilage samples were harvested from several locations 

of tibial plateau, both weight-bearing and non-weight-bearing locations of the tibial plateau. The ICRS 

scoring is based on the assessment of relatively large cartilage surface that does not necessarily reflect 

more localized site-specific properties of our cartilage samples with relatively smaller areas. The ICRS 

scoring is also dependent on the individual orthopedists’ opinion and same cartilage may be scored 

differently by different orthopedists [111]. Histologic scoring methods, such as Mankin or OARSI 

scoring, could produce better results and obviously more specific information of local tissue structure 

and composition. 

In conclusion, the results of this study provide novel quantitative knowledge of the mechanical 

properties of healthy and osteoarthritic human tibial cartilage. The cartilage material properties were 

shown to indicate the OA development when the samples were grouped based on their bulk equilibrium 

modulus. ICRS scoring based grouping did not indicate any significant differences in the tissue 

mechanical properties. Finally, novel FRPE mechanical parameters were characterized for human tibial 

cartilage, which can be used later for more accurate and detailed modeling of the mechanical behavior 

of cartilage e.g. in computational models of the knee joint.  In the future, we will establish structure-

function relationships in human tibial cartilage using microscopic and spectroscopic methods.  
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Appendix A.  

Table A.1: Dynamic test results for samples 1-14, dynamic moduli (D[f]) and phase difference (P[f]) as a function of 

frequency f, E group: equilibrium modulus based grouping. 
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Table A.2: Dynamic test results for samples 15-27, dynamic moduli (D[f]) and phase difference (P[f]) as a function of 

frequency f, E group: equilibrium modulus based grouping. 
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Appendix B.  

 

Table B.1: FRPE material properties for samples 1-14, 𝐸𝑓
0: initial fibril network modulus, 𝐸𝑓

𝜖: strain-dependent fibril 

network modulus, 𝐸𝑛𝑓: non-fibrillar matrix modulus, 𝑘0: initial permeability, 𝑀: permeability strain-dependent factor, M: 

Medial, L: Lateral, A: Anterior, C: Central, P: Posterior and D: Distal. 
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Table B.2: FRPE material properties for samples 15-27, 𝐸𝑓
0: initial fibril network modulus, 𝐸𝑓

𝜖: strain-dependent fibril 

network modulus, 𝐸𝑛𝑓: non-fibrillar matrix modulus, 𝑘0: initial permeability, 𝑀: permeability strain-dependent factor, M: 

Medial, L: Lateral, A: Anterior, C: Central, P: Posterior and D: Distal. 
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