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1. Abstract 

Introduction: Hip osteoarthritis is a pathology related to hip-cartilage degeneration. Although the 

etiology of this disease is not well defined, it is known that age is a determinant risk factor. 

However, hip arthritis in young patients could be largely promoted by biomechanical factors. The 

objective of this project is to analyze the hydrostatic pressure distribution in articular cartilage of 

the hip joint in two different scenarios in order to compare previous obtained results from Abaqus, 

and compare them with the new obtained results in FEBio.                    

Methods: A three-dimensional finite element model of the femur and the pelvis with the most 

relevant axial components of muscle forces was used to simulate hydrostatic pressure distribution 

during two walking phases. The data has been extracted from a biomechanics laboratory to 

assemble the boundary conditions used for implementing the FEM hip model. Regarding the 

contact interfaces a few implementations have been tested.                  

Findings: The results are substantially in agreement with the old model. However, the hydrostatic 

pressure distribution differs slightly with the desired results, suggesting that a few improvements 

need to be done.                

Conclusion: These hydrostatic pressure distribution simulations during gait could be crucial to 

better understand which are the early features of OA, and could be used by physicians to help them 

in diagnosis and treatment of articular cartilage degeneration. 
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2. Introduction  

Osteoarthritis (OA) is a degenerative disease which produces joint pain and dysfunction cause by 

cartilage degeneration1. It is originated by mechanical factors and also by metabolic factors2. In 

the end-stage disease, OA could be recognized using radiographic images in which manifestations 

of joint space narrowing, subchondral sclerosis, and osteophyte formation are visible. Physical 

signs are also detectable: stiffness, deformation and joint pain. Whereas, in earlier stages, OA is 

much difficult to be identified, so that basics of cartilage and its changes are needed to be well 

understood.3  

OA is frequent in the knee, hip, hand, while it is less frequent in foot, and spine. There are not 

currently effective methods for preventing, slowing, or curing this disease1. In fact, hip 

osteoarthrosis occurs in approximately 9.5% of the male population and 11.2% of the female 

population4. 

As mentioned before in order to understand how the cartilage degenerates posteriorly producing 

OA, it is necessary to study the cartilage functions and its tissue composition. Basically, cartilage 

is an elastic, low-friction, wear-resistant tissue designed to distributed the loads around it. This 

tissue is very specialized and it behaves really well against external forces.  

The articular cartilage has low metabolic activity and it is made of chondrocytes, which are the 

precursor cells, and an extracellular matrix. The chondrocyte metabolism regulates the 

extracellular matrix, maintaining it stable and abundant. In order to ensure a correct cartilage 

homeostasis, there should be a balance between cartilage destruction and cartilage generation 

(anabolic and catabolic processes).5  

The cartilage is formed by 4 different layers which can be classified regarding their function and 

structure: the superficial zone, the transitional zone, the deep zone, and the calcified zone (Figure 

1). The superficial zone contains the highest amount of collagen. The collagen fibrils in this zone 

are packed and parallel aligned. Thus, this zone has the lowest Young’s modulus providing a 

smooth gliding surface.  

 

Figure 1. Layered structure of articular cartilage. Image extracted from (Pearle et al. 2005) 3 
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The middle zone forms 40% to 60% of articular cartilage volume. This zone has a higher Young’s 

modulus than the last layer and has a less organized arrangement of the collagen fibers. At this 

area, the fibers are thicker and are aligned obliquely to the surface. The next zone forming the 

articular cartilage is the deep zone which makes up 30% of the total volume. The cartilage located 

at this zone consists of large diameter collagen fibrils oriented perpendicular to the surface. A little 

bit deeper it is located the tidemark, that separates the deep zone from the calcified zone, which 

also rests in directly contact with the subchondral bone.5 

 

Mechanical loading and OA 

The mixture of fluid and extracellular matrix provides the biomechanical and low friction 

properties of articular cartilage. The extracellular matrix is seen as a biphasic structure. The tissue 

consists of collagen proteoglycans and a fluid phase, which is mainly water and ions. The solid 

phase has low permeability due to a high frictional resistance to fluid flow. This fact causes a high 

interstitial fluid pressurization in the fluid phase. This pressurization of the fluid phase contributes 

to more than 90% of the load transmission function of cartilage. Properties from the solid phase 

(low permeability) and fluid phase (high pressurization) provide the articular cartilage of stiffness 

and viscoelastic properties.3 

The solid phase is composed of collagen fibrils arranged by proteoglycan aggregates. Type II 

collagen is the most present collagen in articular cartilage and it accounts for 10 to 20% of the total 

collagen weight6. Type II collagen contains a characteristic triple helix structure. Proteoglycans 

resist compression and generate swelling pressure due to their affinity to water.6 

Mechanical forces have been seen as natural regulators for joint homeostasis. The transmission of 

loads involves many components such as bones, muscles, articular cartilage, ligaments and 

tendons. All these tissues are affected differently depending on the magnitude, duration and nature 

of those loads. Thus, abnormal uses of these tissues may alter joint homeostasis, it can be either 

by reducing the loads or overloading the joint. Both abnormal loadings can cause catabolic effects. 

For instance, practicing high impact sports, having ligament or meniscal injuries, traumatic patellar 

dislocations or osteochondral injuries. The excessive and constant reduced or overloading of the 

joint could deliver to OA, which is the progressive degeneration of the articular cartilage.7  

 

The cartilage thins as time goes by resulting into a slow, but progressive advance of the ossification 

front. Moreover, the superficial layer could degenerate faster due to mechanical wear. In older 

individuals, cartilage loses its physical and mechanical integrity, resulting in pain and other clinical 

symptoms associated with osteoarthritis. Osteoarthritis is an age-related disease that eventually 

affects, at different degrees, every individual who survives into his or her senior years.8 
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Macroscopically, cartilage changes in OA can be seen as softening (chondromalacia), fibrillation, 

and erosions (ulceration)9. Histologic features of abnormal cartilage: cartilage clefts, loss of the 

cartilage layers, cellular necrosis, chondrocyte cloning, and duplication of the tidemark. It appears 

that the superficial zone is affected firstly in early OA. The biochemical changes seen in articular 

cartilage can be evaluated experimentally and clinically. The OA process is directly linked to the 

loss of proteoglycan content and composition (Figure 2). In OA cartilage, a higher percentage of 

the proteoglycans exist in a non-aggregated form, unbound to hyaluronate. This breakdown of 

proteoglycan architecture leads to a more permeable solid matrix. Although there is an increase in 

water content and hypertrophy of the matrix, the increased permeability of the matrix results in a 

significant diminution of the hydraulic pressure in early OA cartilage.  

 

 

Figure 2. Proteoglycan loss in OA. (A) healthy cartilage in which the proteoglycans are visible all around, whereas 

in (B) a OA cartilage demonstrating a poorer staining due to proteoglycan loss. Figure extracted from (Pearle et al. 

2005)3 

 

On the other hand, moderate levels of loading maintain normal cartilage integrity and increase the 

cartilage production (anabolism effects), leading to a normal behavior of the articular cartilage. 

Several studies proved proteoglycan synthesis and cell proliferation when inducing the correct 

loadings onto the cartilage surfaces. In humans, it has been tested that moderate exercises protect 

against developing cartilage degradation7. In vivo loading can result in peak dynamic mechanical 

stresses on cartilage as high as 15 to 20 MPa10.  
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These peak stresses occur in short time periods (less than 1 second), and lead to small compressive 

strains of about 1% to 3%. In contrast, (static) physiologic stresses of 3.5 MPa applied to knee 

joints for 5 to 30 minutes of duration can result in compressive strains from 35% to 45%10. 

 

Relation between body motion and local cartilage loading 

Each person joint has a different morphology and congruence which constraint, in one way or 

another, the local loading environment. It is also constrained by where the ligaments and tendons 

insert into the joint. The magnitudes, directions and time history local joint loads create a 

personalized loading history for every single joint, i.e., the way a person walks will generate a 

time-varying, spatial distributions of stresses, strains, pressure and fluid flow within articular 

cartilage in a special manner in comparison with any other person. Thus, recognizing some basic 

mechanical behavior of articular cartilage is important to understand how these mechanical 

parameters shape the histomorphology of cartilage.11 

The joint forces are transmitted across the joint by the generation of pressure over the contact area 

of the two opposing cartilage surfaces. In this area of pressure/contact almost all the force is 

propagated through a thin fluid film layer which is created between the superficial layers of 

cartilage located on both sides of the joint (synovial fluid). These pressures oscillate from cero to 

whatever the magnitude is, in some fractions of a second.11 This is the reason why these oscillatory 

joint pressures create a high cyclic hydrostatic pressure in the bound and unbound interstitial fluid 

(cartilage fluid phase). The two main functions of that interstitial fluid pressurization are: provide 

an excellent lubrication between both contact pressure cartilage layers of the joint, and distribute 

and transmit the forces to the underneath subchondral bone tissues in an efficient and distributed 

manner. 

As mentioned in previous paragraphs the cartilage is considered a mixture of fluid and solid 

constituents. The rapid initial application of contact forces causes an immediate increase in the 

fluid pressure. This fact makes the fluids to be squeezed out of the solid matrix. The secretion of 

interstitial fluid from the porous cartilage matrix, however, is inhibited by: the relatively low fluid 

permeability of the matrix and the fact that the “free surfaces” for fluid flow are some distance 

from much of the pressurized fluid. Subchondral bone and the surrounding adjacent cartilage are 

the bounds in which the cartilage remains compressed under the contact surface. These physical 

limits constraint the mechanical deformation. Moreover, the subchondral bone is not permeable to 

fluids, this is why a small pressure gradient is generated from the contact region to the subchondral 

bone. 

Thus, the fluid flow is restricted to be out of the superficial layer just outside the contact area or 

directly out of the cartilage in the area of contact. Consequently, the collagen cells in the superficial 

and transitional zone experience higher compressive deformations. Due to these layers are 

composed mainly of water, the compressive strains can be substantial as the water is squeezed out.  
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In addition to having compressive strains normal to the joint surface, the rolling action of the joint 

motion creates cyclic strains which are tangential to the surface of cartilage outside the contact 

area (Figure 2). In this thin superficial zone, the collagen fibrils are oriented parallel to the articular 

surface. With continued cyclic joint loading there could produce a progressive consolidation of the 

cartilage matrix and a considerable reduction of the thickness of the superficial layer. Stopping 

physical activity, the joint is unloaded and fluid hydrostatic tension is created in the cartilage. This 

tension leads to water recovery into the tissue, therefore obtaining a normal cartilage thickness.8 

 

Figure 3. Schematic representation of the in vivo mechanical environment of articular cartilage under intermittent 

joint loading and motion. Image extracted from (Wong & Carter, 2003)8 
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Experimental related studies 

The pathological effects of OA and the articular cartilage degeneration could be assessed using an 

abroad kind of technics. Depending on how these experiments are performed, 3 different 

methodologies are observable:  

1) Clinical cases. Technics in which the patient is directly involved. For instance, a technic used 

to image the glycosaminoglycan component of cartilage proteoglycans, may be important to study 

the clinical assessment of OA, it is called dGEMRIC (delayed Gadolinium Enhanced MRI of 

Cartilage). T2 relaxation time is a reproducible MRI parameter at high-filed microscopy systems 

to reflect the structure and orientation of the collagen. The organized radial fibrils of the deep zone 

demonstrate shorter relaxation times due to enhanced inter-nuclear dipolar relaxations and relative 

restriction of water motion. Whereas, the organization of collagen in the transitional zone, 

demonstrate longer relaxation times.12 

 

2) In vitro (mechanobiology). These studies are used to understand the mechanical properties of 

articular cartilage. Normally, in these experiments articular cartilage explant discs are obtained 

from animals, for instance bovines. Cartilage–bone cylinders are drilled perpendicular to the 

cartilage surface and placed in a microtome holder. Once the desired cartilage layers are obtained, 

these explants are brought under mechanical displacements in order to observe the resultant loads 

and deformations into cartilage. Main tools used in these experiments are incubator-housed loading 

apparatus, which generate that needed forces.13 

 

Another in-vitro technic is a system, which involves the culture of isolated chondrocytes embedded 

in agarose gel, due to the impossibility to study cell deformation alone in intact cartilage explants. 

The application of static or dynamic compressive strains to the chondrocyte/agarose system results 

in cell deformation and dependent alterations in cell metabolism. This chondrocyte deformation 

will induce strain events at the subcellular level, involving the cell membrane and the nucleus, 

mediated by extracellular matrix and the cytoskeleton. These processes have been demonstrated, 

previously in intact cartilages. However, there is not so much knowledge about the exact nature of 

the deformation process or the potential induction of intracellular mechanotransduction pathways 

in the agarose system.14 

 

3) In-silico (computational models). In order to study the stress and strain distribution at the 

tissue levels, computerize models are used. These models have been totally useful to understand 

the basis of development, degeneration, and regeneration of articular cartilage. One of the most 

useful areas of modeling in cartilage mechanobiology, uses linear elastic finite element models to 

deeply understand the role of intermittent tissue stresses and strains on cartilage precursors 

(endochondral cells) growth and ossification.  
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Using this kind of FEM (Finite Element Methods), the obtained cyclic stresses can be summarized 

in two invariants: 1) the hydrostatic stress; 2) the octahedral shear stress (cause strain in different 

directions) (Figure 4)15. 

From a mechanical perspective, it is obvious that articular cartilage can hold hydrostatic 

compressive stresses really well due to the fluid phase composing the cartilage, rather that the 

fibrous matrix, supports loading. On the other hand, regarding a mechanobiological point of view, 

the computational finite element models show that applying local intermittent hydrostatic 

compressive stresses, under physiologic loading conditions cartilage growth, and ossification are 

inhibited. Whereas, the octahedral shear stress accelerates these processes. This stress always 

creates a tensile strain in opposite and oblique directions. Concluding that hydrostatic stress helps 

cartilage maintenance and octahedral shear stress accelerates growth and ossification of cartilage 

by tensile collateral strains. It has been shown that in-vitro performed experiments also conclude 

similarly.15  

 

 

Figure 4. Hydrostatic cyclic and octahedral shear stresses using linear elastic finite element models. 

Figure extracted from (Carter et al., 2004)15 

 

Within the extent utility of finite element methods, they are also used to model entire joints, for 

instance the hip joint. First of all, subject-specific geometries are acquired using computed 

tomography (CT) arthrography. Then these images are segmented by thresholding and posteriorly 

are segmented manually to clearly delineate regions which are not visible enough for automatic 

segmentation. Then all image data is resampled to three times the original resolution to facilitate 

3D reconstructions.  
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Once the resampling is done, the post-processed images are discretized in order to create the finite 

element models, many type of elements can be used to properly model the hip. Thus, the FEM 

model is solved throughout the FEM solver.16  

Moreover, the finite element method model also needs from inverse kinematics and inverse 

dynamics, which data has been previously extracted from a biomechanical laboratory, in order to 

implement biomechanical sense to the model. In this biomechanical laboratory, the body motion 

is captured using infrared cameras and skin markers, located at specific subject’s anatomy. Then 

the markers trajectorization is performed in order to generate those desired inverse kinematics and 

inverse dynamics. 

 

Declaration of intentions 

Once seen the different approaches to study the OA, and the mechanical loading environment 

produced by contact forces between both articular cartilages layers of a joint, it arises the 

importance and utility of creating an in-silico model of the hip joint using the finite element 

method. For modeling these in-silico models, finite element analysis programs, such as Abaqus, 

are used. Previous studies had been made using it, but there were not verifications using an open-

source program such as FEBio, in order to compare those results with the Abaqus obtained results. 

The latter is a licensing program which makes it very complete, whereas, FEBio is an open-source 

program and a specific program created for biomechanical simulations, which becomes it more 

appropriate for these kind of medical applications. In addition, knowing that FEBio does not have 

as many resources as Abaqus does. Thus, the project has been built from an imported geometry 

previously created on ABAQUS to compare both final outputs.  
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3. State of the art 

The latest major advances have been focused on multiscale experiments from gait and joint 

kinematics (figure 5a, b) to nanoscale mechanics of macromolecules (figure 5g), passing through 

tissue/contact mechanics (figure 5c, d), cell mechanics and mechanotransduction (figure 5e) and, 

matrix mechanics (figure 5f). 

 

Figure 5. OA related mechanics at different level, from organ to macromolecules. Figure extracted from (Varady N.H. et 

al.)17 

 

3.1 Joint kinematics and contact mechanics 

The progression of OA is directly associated with knee loading during gait, being a critical factor. 

It has been studied that both the external knee adduction moment (KAM) and the knee flexion 

moment (KFM) play a significant role in medial compartment loading17. Adouni et al. used a 

musculoskeletal model based on kinematics which suggested that the contact loads in the 

tibiofemoral compartment strongly depends on the knee adduction angle. Concluding that a 1.5 

drop in this adduction angle reduced the contact force by 12% and the medial/lateral load by 80%. 

Adouni et al.18 in a posterior article, they evaluated the knee joint muscle forces and tissue stresses 

and strains during gait in severe OA versus normal subjects using a validated knee finite element 

model. Their investigation was innovative because there were not previous studies investigating 

this passive-active response in gait regarding OA patients.  
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They came up with the next statement: OA-associated alterations in rotations and moments at 

lower extremity joints influenced activation levels in lower musculature and contact forces-stresses 

and stresses-strains in knee articular cartilage. Reductions in contact stresses and increases in tissue 

strains are due to altered kinetics-kinematics of gait which are partly related to cartilage 

deterioration in OA patients.18 

For instance, Henak et al.16, used subject-specific finite element models to demonstrate that hips 

with acetabular retroversion exhibit contact peaks at the superomedial cartilage during simulations 

of daily living activities, whereas a normal hip anatomy results into a widely distributed cartilage 

contact patterns. In order to investigate contact stresses distributions on articular cartilage, they 

used a hip joint FEM model, in which they have discretized the acetabular cartilage surface on six 

anatomical regions. The patients were asked to perform daily activities so the contact stresses and 

contact areas could be calculated in different scenarios. Another example of this methodology was 

performed by Sánchez Egea A. J et al.19. They demonstrated that small anatomical variations in 

terms of both femoral and acetabular anteversion angles can cause changes in mechanical loads at 

the cartilage hip joint surfaces during gait activities.  

 

Applications to three dimensional joint contact mechanics 

The availability of new computational algorithms for joint contact mechanics provides the 

opportunity to improve assumptions such as infinitesimal deformations, linear material behavior 

and idealized geometry.17 This new methodology to create complex 3D joint models is perfectly 

summarized by Ateshian et al.20, so this paper widely describes this section of the state of the art. 

Nowadays, almost all 3D analysis make use of FEM models to discretize complex geometries and 

solve the equations of motion, so that FEM is the main part of these simulations. Obtained results 

from FEM analysis include components and magnitudes derived from the stress and strain tensors, 

and for biphasic analysis, the observable results derived from fluid flux and fluid load support. 

Derived quantities of interest include contact stress, supported loading across a contact interface, 

and invariants of the stress and strain tensors, which are directly related to cartilage failure such as 

1st principal strain and maximum shear stress. Using these useful parameters, the pathogenesis of 

OA could be analyzed in comparison with values, which are expected to cause physical damage 

or metabolic change. Therefore, the study of articular surfaces and about their thickness may be 

important to understand the pathogenesis of OA. For instance, cartilage often fails at the gap 

between calcified cartilage and the subchondral bone. In order to create these 3D FE models of 

contact mechanics some essential inputs are needed, such as the geometry of the articulating 

surfaces and other structures involved loading support or transferring the loads across the joint 

(e.g., meniscus, labrum, ligaments, tendons), material properties for constitutive models, and 

boundary and loading conditions. Thus, acquisition and processing of geometry are the two issues 

which could limit the creation of 3D complex models.  
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For modeling joint contact mechanics in vivo, the geometry is obtained via volumetric computed 

tomography (CT) or magnetic resonance (MR) imaging. The cartilage–cartilage and cartilage–

bone interfaces must be clearly visible in order to reconstruct the articular cartilage geometry. This 

goal is challenging because articulating joints are often surrounded by thick musculature, 

ligaments and tendons. Articular surfaces of congruent joints (i.e., hip joint) are almost all the time 

in contact so injections of a contrast agent are used to easily identify the articular cartilage layers.20 

 

Subject- and patient-specific analysis 

Using three-dimensional (3D) FE contact analysis, subject-specific geometry can be analyzed. 

There are many possible applications, for instance, to examine normal populations of individuals 

and compare them with pathological populations. Moreover, patient-specific modeling may also 

be part of a surgical planning tool and used for large scale studies of treatment efficacy. These 

approaches have already seen some applications in the hip, knee and ankle.  

Ateshian et al.20, made a research related to patient-specific modeling of the hip. They developed 

and validated a patient-specific FE (FE) analysis pipeline to examine cartilage mechanics in the 

hip. They also studied 84 normal volunteers and patients with acetabular dysplasia and acetabular 

retroversion. Dysplasia features are: shallow acetabulum and lack of coverage of the femoral head. 

Their findings demonstrate that increased labral loading is the main characteristic of dysplasic 

hips, instead of being the high contact stresses on acetabular or femoral cartilage. 

Indeed, congruency and contact area are not different in the primary load-bearing regions, 

challenging the hypothesis that chronic contact stress overload due to reduced congruency is the 

cause of early onset OA in dysplastic hips. Further, their results support clinical observations of 

OA progression for relatively young patients with acetabular dysplasia versus older patients. In 

patients with traditional dysplasia and early OA, labral tears and peripheral damage to the 

acetabular cartilage and delamination are the most common findings. In contrast, older patients 

with early OA typically exhibit progressive joint space narrowing. Subsequently, we used a 

population of validated FE models of normal human hips to resolve transchondral predictions of 

cartilage tensile strain and shear stress. They focused on variation through the thickness of the 

cartilage between the articular surface and the osteochondral interface during daily activities. 

Using highly refined meshes through the cartilage thickness for five specimen-specific models, 

they were able to predict the expected elevation in maximum shear stress at the cartilage–bone 

boundary on the femoral side and that the highest shear stresses on both acetabular and femoral 

sides occurred at the cartilage–bone boundary. With further validation of cartilage failure criteria, 

the results of this study demonstrate the potential for FE modeling of joint contact mechanics to 

predict cartilage failure on a patient-specific basis.20 
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Tissue mechanics 

Many investigations have focused on regional variations in the biomechanical properties of various 

musculoskeletal tissues. For instance, it has been previously researched that the dynamic 

compressive modulus of articular cartilage is higher in the deep zone than in the superficial zone, 

and it is directly related with the tissue’s ECM, which composes the articular cartilage. Due to the 

importance of the superficial cartilage layer, because of lubrication and the initiation of OA 

pathologies, a lot of studies focused on this layer17. Gannon et al.21 concluded that immature 

cartilage lacked a functional superficial zone so removal of this layer could lead to a decrease in 

the dynamic modulus of mature cartilages. Hosseini et al.22, they used a previously validated 

cartilage swelling model which represents the depth-dependent of the structure and composition 

of cartilage in order to simulate data from channel indentation tests that demonstrated the relevant 

role of superficial zone (SZ) in cartilage load distribution.  

They found that the tangential fibers of superficial zone are really useful to transfer compressive 

loading from the loaded region to the subjacent regions of articular cartilage. Therefore, the tissue 

is able to cover a larger area of cartilage to carry these compressive loads. This finding is especially 

important to understand why a degeneration of its structure (fibrillation) can increase the 

possibilities of cartilage degradation. Thus, extracting the superficial zone should be performed 

carefully due to biomechanical consequences on surrounding cartilage. 

Further explorations about the role of SZ and its compressive properties were taken using 

collagenase to degrade collagen at the surface of cartilage explants in order to provoke a similar 

phenotype to early-stage of OA. Concluding that surface fibrillation and proteoglycan removal 

increased the hydraulic permeability and decreased the compressive modulus of SZ and the middle 

zone. Another test was also performed using collagenase and trypsin, and it was proved that 

increased collagen degradation was caused by collagenase, but not by trypsin, although both, 

collagenase and trypsin treatments, caused GAG loss which decreased the dynamic shear modulus. 

All these findings agreed with previous reports that loss of aggrecan-GAGs causes a decrease in 

the shear modulus, even when the collagen network is undisturbed. That is why measuring 

cartilage properties at microscale level is relevant.17 

Other investigations have been focused on modelling OA-related processes computationally. 

These simulations are quite difficult to perform since the loadings events happen on milliseconds 

to minutes while cartilage degradation can last over years. Thus, for simulating these events multi-

scale models have been used. For instance, models of mechanically induced cartilage degeneration 

using a poroelastic model with a flow restricting boundary conditions to simulate the surrounding 

tissue. Other several poroelastic models have focused on cyclic loading, including aggrecan 

concentrations which hydraulic permeability and fibril-reinforced anisotropy are dependent of. 

Both kind of studies demonstrate the relevance of understanding cartilage consolidation and 

pressure distributions within the tissues during cyclic joint loading.17 
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Cell mechanics 

During the past decade, experimental measurements of equilibrium and time-varying moduli of 

single cells have used some techniques as micropippette aspirations and nano atomic force 

microscopy: scanning a sharp tip over a surface, this tip is repelled or attracted to the surface by 

the intermolecular interactions (forces) between the atoms (0.01 – 100 nN). Flow independent 

viscoelasticity have been used to model time-dependent stress relaxation data and poroelastic 

model emphasize the importance of intracellular fluid-solid frictional interactions. 

This past year, the strain rate dependence of the stress relaxation behavior of primary chondrocytes 

and the frequency dependence of the dynamic oscillatory stiffness of individual bone marrow 

stromal have both been attributed to intracellular poroelastic and/or poroviscoelastic 

mechanisms.17 
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4. Methods 

System modeling at different scales (multi-scale) is widely used in a large number of fields such 

as mechanics, chemistry, meteorology, or even economy. Due to the complexity of biological 

systems, bioengineering must rely on models to represent their behavior under different conditions.  

Biomechanics usually use finite element models for obtaining data with a high degree of accuracy, 

depending on computing capacity. However, if large-scale systems want to be studied, it is 

necessary to use several models: on the one hand, efficiently resolve the many elements which the 

model is compound of, without sacrificing on the other hand, resolution and detail of the desired 

data. That is why this study uses different models, starting from the registered motion patterns in 

a biomechanical laboratory, which is posteriorly reproduced in a 3D model of the human body 

locomotor system. Finally, these values are entered into a FEM model of the hip joint consisting 

of the femur, pelvis, cartilage and ligaments, to obtain the pressure distribution in articular 

cartilage. The whole workflow of methods is schemed in Figure 6. 

 

Figure 6. Methods workflow. 

 

1. Data acquisition 

The data used for the FEM model was obtained in the biomechanics laboratory of Universitat 

Politècnica de Catalunya, located in campus ETSEIB. Therefore, a serial of procedures was 

performed. At this laboratory, the volunteer subjects were submitted to different tests. The data 

acquisition was performed during those tasks using the mechanic lab facilities (infrared cameras, 

skin markers and force plates). The system is composed by a set of infrared cameras and reflecting 

markers. Kinematics data is obtained using markers which have a catadioptric and sphere surface 

that allows them to always reflect the light which is immediately captured by the infrared cameras. 
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The acquired data at the biomechanics laboratory is then used to create the musculoskeletal model 

in OpenSim, which needs scaling for every single subject.  For the model creation, the markers are 

used as a reference and the dimensions of the bones of the model are modified so the virtual 

markers fit the markers of the acquisition.  

 

The measurement of the external forces is taken from the force plates located in the middle of the 

acquisition laboratory. The plates record three components of forces (x,y,z) and three components 

of moments. The inverse dynamics tool is used to determine the net forces and torques at each 

time frame that induce a movement based on the kinematics of the musculoskeletal system. Using 

inverse dynamics, it is possible to know the forces performed by each strength actuator at all time 

frames. In order to do so, it is necessary to merge the inverse kinematics data and the data acquired 

by the two force plates at the biomechanics laboratory. The reaction force done by the plate is a 

reflection of the force performed by the different joints of the body. Classical mechanics is capable 

of defining the relationship between forces and acceleration F= m*a, the inverse dynamics tool 

solves these equations at each joint. 

 

Once the imported geometry was correctly assembled and cleared up of artifacts (from previous 

simulations), then the boundary conditions should be implemented. Using the dynamic kinematics 

data extracted from the OpenSim 3D model, the boundary conditions were created. The goal is to 

calculate the external in vivo loads produced in a specific space-time during gait, which provoke 

the musculoskeletal moves, in order to obtain the hydrostatic pressure on the femoral articular 

cartilage. Due to simulations are performed using finite elements, which basically consist of 

discretize a continuous system such the human body, the kinematic data has been created in a static 

scenario. First simulation corresponds with the highest force articular modulus at the hip joint. See 

boundary conditions chapter. In figure 7, the pipeline from the biomechanics lab to contact stresses 

analysis is shown. 

 

 

 

 
Figure 7. Pipeline for contact stresses analysis. Extrated from (Sánchez et al.)23 
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2. FEM model 

 

2.1 Geometry 

 

To carry out the simulation of the hip joint has been used a finite element model formed by the 

bones of the femur and pelvis, the articular cartilage, involved muscles and ligaments. The bones 

of the model were created from medical imaging tomography. Subsequently, it has been exported 

to be executed with the FEBio software. The mechanical properties of materials are drawn from 

various papers. The boundary conditions are calculated from strength and movement inverse 

dynamics data. 

One of the most important aspects to be considered in the simulation is the deformable contact 

between the layers of cartilage (femoral-acetabular cartilages). The morphology of the contact 

surfaces and parameters that control this behavior, affect convergence of the model. 

 

The geometry was extracted from a previous model on ABAQUS24. This geometry was imported 

by the pre-processing program of FEBio which is called Preview. PreView is a finite element 

preprocessing software package. Although, it has some mesh generation capabilities, its primary 

function is to set up the boundary conditions and material properties for the posterior finite element 

analysis using FEBio’s solver. The features of PreView include: primitive mesh generation, mesh 

editing, support different kind of type elements, nodal constraints, prescribed displacements, 

concentrated nodal forces, normal pressure boundary forces, body forces, rigid bodies, definition 

of contact surfaces, FEBio import/export, Abaqus import, import support for several geometry 

formats and Several analysis types: static, dynamic, biphasic, biphasic with solutes, heat transfer 

and more.25 

On Preview’s interface there are two options to initialize a new project: 1) creating step by step a 

new geometry; 2) importing geometries from other programs (i.e. ABAQUS, Figure 8). In this 

case, the importing option was used.  
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Figure 8. Imported geometry. 

Moreover, for obtaining the imported geometry into Preview’s interface, some problems regarding 

the ABAQUS code structure and libraries, which FEBio did not support, had to be fixed. 

Consequently, all translation related errors have been gathered into Annex 126. 

 

 

2.1.1 Elements and parts 

 

Hexahedral C3D8 linear elements, formed by 8 nodes, have been used to simulate the bones. The 

top part of bone at the femur (epiphysis) is more refined than the one located at the diaphysis of 

the femur. This is because a more accurate bunch of elements is needed in that zone in order to 

calculate the hydrostatic pressure distribution on the cartilage surfaces.24 All cartilages have been 

modeled with a more refined mesh. By improving the mesh definition, the obtained results will be 

more precise. Due to disparity between both meshes, a restriction had to be defined so that the 

refined bone mesh nodes are fixed regarding the vast bone mesh (Figure 9).  

Therefore, the most refined nodes now have 2 degrees of freedom instead of 3, due to their 

movement is yet restricted by the vast elements mesh. 
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Figure 9. Gap between both meshes. 

 

To model the desired interaction between both surfaces, a ‘Tied Contact’ has been implemented 

(Table1). In more detail, this contact was applied in between the femur bone and the subchondral 

femur surface (TiedFem), it was also used between the pelvis bone and the subchondral pelvis 

(TiedPel). A tied interface requires the definition of both a slave and a master surface. It is assumed 

that the nodes of the slave surface are connected to the faces of the master surface. These surfaces 

may be defined by quadrilateral surface elements (quad4) and triangular elements (tri3). 

 

Table 1. Optimal Tied Contact setting. 

The meaning of these are parameters are lately explained in the contact model section (2.2). 

 

 

 

 

 

 

 

Parameter Value Meaning 

laugon 0 Augmented Lagrangian  

tolerance 0.2 Augmentation tolerance 

penalty 1 Penalty factor 

minaug 0 Minimum number of 

augmentations  

 

maxaug 10 Maximum number of 

augmentations  
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To model the mechanical behavior of bone, a distinction has been made between (Table 2): 

 Cortical Bone. External surface of bone, stiffer and having a thickness of about 5 mm in 

the femoral shaft and 2 mm in the epiphysis of the femur and the pelvis region. 

 Trabecular bone. internal region of the bone, fluffier and is located in the pelvis and in the 

epiphysis of the femur. 

  

Bone Zone # Elements Density 

Femur body Cortical  5843 1.132e-6 

 Trabecular 8583  

Pelvis body Cort. + Trab. 35255 1.132e-6 

Table 2. Femur and Pelvis element properties. Data extracted from (Erdemir et al.)27 

 

Due to cost-effective simulations and also to large stiffness of bones relative to soft tissue structure, 

femur and tibia were defined as rigid bodies. This greatly reduces the number of equations in the 

system and allows for motion to be defined through rigid body kinematics. Bone densities were 

defined as follows in Table 2. 

 

 

2.1.1.1 The articular cartilage 

Articular cartilage modeling includes five parts: the femoral cartilage, which is made of the 

exterior and the interior femoral cartilage, acetabular cartilage, exterior and interior acetabular 

cartilage, and labrum. For all five have been also used hexahedral elements C3D8 (Table 3). 

 

 
 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
Figure 10. Femoral cartilage (yellow) at the left hand side, acetabular cartilage (purple) 

and the labrum (blue) at the right and side. Extracted from Preview’s interface. 
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The femoral cartilage has been modeled as a surface surrounding at least half the femoral head 

except the central part which is where the round ligament connects, the acetabular cartilage and 

the labrum, cover a part of the acetabular cavity (Figure 10).  

 

Cartilage # Elements 

Interior femoral cartilage 6111 

Exterior femoral cartilage 6111 

Labrum 953 

Interior acetabular cartilage 3165 

Exterior acetabular cartilage 3290 

Table 3. Cartilages parts and its correspond number of elements. 

 

Articular cartilage material 

 

The mechanical properties of cartilage play an important role because the main goal of the project 

is to compute the distribution of hydrostatic pressure in articular cartilage. For all parts of the 

articular cartilage has been used a hyperelastic Neo-Hookean model. This model has been used in 

several studies, as Henak et al.16 for predicting cartilage contact mechanics in hips with retroverted 

acetabular cartilage. The mechanical properties of this model are: a shear modulus of G= 13.6 

[MPa], and a bulk modulus of K = 1359 [MPa]. In FEBio, these parameters are expressed in terms 

of the Young’s modulus (E) and the Poisson’s ratio (v), so that a conversion from the shear and 

bulk modulus to Young modulus and Poisson’s ratio had to be done. For those calculations the 

next equivalent equations were used: 

 

𝐺 =  
𝐸

2(1 + 𝑣)
 

𝐾 =  
𝐸

3(1 − 2𝑣)
 

 

After the conversion, the desired parameters were obtained: E = 22591.30 [P], and v = 0.16.  

This model describes a compressible Neo-Hookean material. It has a non-linear stress-strain 

behavior, but reduces to the classical linear elasticity model for small strains and small rotations. 

It is derived from the following hyperelastic strain-energy function: 

 

𝑊 =  
𝜇

2
(𝐼1 − 3) − 𝜇 ln(𝐽) +

𝜆

2
(ln (𝐽))2 

 

were 𝑰𝟏 is the first invariant of the right Cauchy-Green deformation tensor C, and J is the 

determinant of the deformation gradient tensor. This material model uses a standard displacement-
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based element formulation, so care must be taken when modeling materials with nearly-

incompressible material behavior to avoid element locking.25 

 

 

2.2 The contact model  

 

The main aim of this project is modeling the contact forces in articular cartilage.  On one hand, 

because the contact forces affect directly to the resultant hydrostatic pressure and, on the other 

hand, depending how these forces are modeled can give convergence problems of the model. 

Therefore, several contact model settings have been tried in order to find out which fits better the 

solution to reality. 

 

 

2.2.1 Relation pressure-penetration 

 

All contact models have a defined function that relates: force contact that receives a node of the 

slave surface ('slave surface'), with the distance of this node to the main surface ('master surface'). 

The default model is the Lagrangian multipliers method, and it is modeled as a restricting the 

movements of the nodes of a surface on the other. Thus, the strength of contact may be sufficiently 

high that there is no penetration between the surfaces, and it is zero if there is no contact between 

surfaces (Figure 11). 

 

Using Multipliers of Lagrange enter zeros in the diagonal of the stiffness matrix, resulting into  

convergence problems in the solution. For this reason, there are another more commonly used 

methods that force the contact without restricting the displacement of nodes. These methods vary 

relationship between the contact force and the distance between contact surfaces. This relationship 

can be linear, exponential, piecewise, etc., and give place to: 

 

(1) penetration nodes within the surface 

(2) contact forces on separate nodes surface. 

 



25 
 

 
Figure 11. Contact surfaces. Extracted from (Peiret A.) 24 

 

In FEBio, the Lagrange multipliers that enforce the contact constraints are computed either using 

a penalty method or the augmented Lagrangian method.  

For modeling the contact forces between the femoral cartilage and the acetabular cartilages have 

been used a sliding interface. This interface can be used to setup a non-penetration constraint 

between two surfaces. Three different sliding contact algorithms are available. Although all three 

are based on the same contact enforcement method, they all differ slightly in their implementation 

and have been shown to give different performance for different contact scenarios. In this case, it 

has been performed a simulation with the facet-to-facet sliding algorithm method. This method 

slightly differs from the FEBio’s original implementation of sliding contact (sliding with gaps). 

The latter method it is based on Laursen’s contact formulation, which poses the contact problem 

as a nonlinear constrained optimization problem. The facet-to-facet sliding algorithm is identical 

to the original one but uses a more accurate integration rule: where the former method uses nodal 

integration, this method uses Gaussian quadrature to integrate the contact equations. This method 

has been demonstrated to give additional stability and often converges when the former method 

does not.  

 

In the presence of a sliding interface (and other contact interfaces), FEBio needs to calculate the 

contact tractions that prevent the two contact surfaces from penetrating. In general, these tractions 

can be found using the method of Lagrange multipliers. However, the direct calculation of these 

multipliers has several computational disadvantages and so FEBio approximates these multipliers 

using one of two alternative methods: the penalty method and the augmented Lagrangian method. 

In the former method, the multipliers are approximated by the gap (i.e. penetration distance) scaled 

by a suitably chosen penalty factor. In many cases, this method is sufficient to get good results. 

Since the correctness of a contact solution is directly determined by the amount of penetration at 

the converged state, it is the user who can direct take control of the convergence of the model by 

adjusting the penalty factor.  
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By increasing the penalty factor, the penetration is reduced. However, in some cases, especially in 

large compression problems, the penalty factor required to achieve an acceptable amount of 

penetration has to be so large that it causes numerical instabilities in the non-linear solution 

algorithm due to ill-conditioning of the stiffness matrix. In these cases, the augmented Lagrangian 

method might be a better choice. In this method, the multipliers are determined iteratively where, 

in each iteration, the multiplier’s increments are determined with a penalty-like method. The 

advantage of this method is twofold: due to the iterative nature, the method will work with a 

smaller penalty factor, and in the limit, the exact Lagrange multipliers can be recovered.  

 

 

2.2.2 The 'penalty' method 

 

Penalty methods are widely used in optimization algorithms replacing the problem constraints to 

unconstrained equations, so the ideal solution tends to the solution of the problem with restrictions. 

A similar contact version for the model consists of: changing the displacement restriction of the 

nodes which are in contact with the surface, making these restrictions change depending on how 

deep these nodes enter into the other surface. Thus, a relationship pressure-penetration is defined. 

The most intuitive way to understand this method is associating an elastic element with a certain 

rigidity (penalty factor) to each node. This penalty factor can vary depending on the degree of node 

penetration into the surface (Figure 12). The pros and cons of using penalty factor are well defined 

in the previous chapter. 

 

 
    Figure 12. Penalty factor method. Extracted from (Peiret A.) 24 
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2.2.3 The used contact model 

 

Optimal setting of the sliding contact between articular cartilages (Table 4): 

 

Parameter Value Meaning 

laugon 1 Augmented Lagrangian  

tolerance 0.01 Augmented Lagrangian 

convergence tolerance 

penalty 3.4 Penalty factor 

two-pass 1 Two-pass flag  

auto_penalty 0 auto-penalty calculation flag  

fric-coeff 0 Frictional coefficient 

fric_penalty 0 Tangential penalty factor 

search_tol 0.01 Projection search tolerance 

minaug 0 Minimum number of 

augmentations 

maxaug 10 Maximum number of 

augmentations 

gaptol 0 Tolerance for gap value 

seg_up 0 Maximum number of 

segment updates 
Table 4. Optimal facet-to-facet sliding settings. 

 

2.3 The ligaments 

 

The set of ligaments included in the model are those of the hip joint between femur and pelvis. 

These are intended to restrict movement of the femur to ensure the contact between cartilages, 

increasing the mechanical stability of the system. They have been modeled as springs. FEBio does 

not provides truss elements so this is why the ligaments have been modeled as uni-dimensional 

elements, which only behave linearly in tension, but not in compression, using these springs (Table 

5). Basically, the springs are wires which connect two different nodes. In this case, one node 

corresponded to the femur part, and the other node corresponded to the pelvis part (Figure 11).  

 

Ligaments Young’s Modulus [MPa] 

Arcuate femoral ligament 80 

Inferior Iliofemoral ligament  320 

Superior Iliofemoral ligament 350 

Ischiofemoral ligament 130 

Truss element 20 

Table 5. Ligaments parts and properties. Extracted from (Sánchez et al.)28 
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2.4 Boundary Conditions 

 

Once the muscular and articular forces have been extracted from biomechanics laboratory, these 

values provide of biomechanical sense to the FEM model previously detailed. The main goal is to 

calculate the loads, in different scenarios, in order to obtain the hydrostatic pressure in articular 

cartilage. These different scenarios correspond to different phases of gait. Two instants have been 

taken into account. On the one hand, the first simulation corresponds to the time in which the load 

applied to the hip joint is maximum, this scenario is called high load contact (Figure 13a). On the 

other hand, the second simulations correspond to the time in which there is almost no loads pushing 

the femur into the acetabular cavity, low load contact (Figure 13b). 

 

 

 
       Figure 13. a) High no inertia contact. B) Low no inertia contact. 

 

Taken into account that the interactions between pelvis and ligaments and muscles are much 

difficult because of their natural complexity than the ones on the femur, it has been chosen to fix 

the pelvis. Thus, some nodes located at the medial part of the pelvis have been set as fixed 

displacement nodes. Those exact nodes have been selected because there is where the pelvis joins 

to other anatomical structures. Therefore, it was only necessary to calculate the loads which 

interact on the femur. In addition, as previously explained the bones have been modeled as rigid 

body, due to convergence conveniences. These rigid bodies also need to be constrained, the pelvis 

body has been fixed in all directions and rotations to prevent it moving all around. As well as the 

pelvis, the femur has been constrained. In this case, it has been applied a described displacement 

which allow femur nodes to move when loads are applied to it.  
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2.4.1 Muscular Forces 

 

The next boundary conditions to be applied are the muscular forces, which have been modeled as 

nodal forces applied to specific femur nodes. The magnitude values of the forces and their 

directional components, the pelvis assumed as coordinate system, have been extracted from the 

musculoskeletal model. In FEBio, the forces have to be defined as single directional forces, so 

each modulus should be correctly located in the desired direction of the coordinate’s system. These 

muscular groups are actuators which follow a path composed of fixed points. These points 

determine the location in which the muscles gap to the bone. 

 

Application point of forces 

 

From those fixed points, the nodal forces locations have been designed. All this data has been 

extracted from the musculoskeletal model (described in section 2.1). In addition, have only been 

considered those muscle groups which act between the femur and pelvis bone.  

Some muscular groups have just 2 points in which the muscle joins the bony structure, so their 

selection is quite trivial, but there are other muscular groups which interact in several points. Thus, 

choose these points have to be done carefully. Therefore, these points have been selected at the 

last interaction point on both bones, i.e. where the muscle lately touches the femur or the pelvis 

(Figure 14). 

 

 

 

 

 

 

 

 
   

 

 

 

 

 

 

  Figure 14. Example of ligaments and muscles springs implementation. 
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2.4.2 Torso knee link 

 

Finally, the forces on the femur from the tibia have to be implemented through the knee joint. The 

torque forces link includes a vector force F and a momentum force M applied to into a specific 

node of the femur. 

 

The force is applied to a set of 50 nodes located at the bottom of the femur, this is why the 

directional components of the force applied have a small value. However, regarding the 

momentum forces, the finite element models present a limitation which these momentums cannot 

be applied on single nodes because of their reduced degrees of freedom. Therefore, a torque is 

calculated in order to generate the momentum in the knee joint.  

The torque are two forces of equal value address in the same axis (longitudinal femoral axis), but 

in opposite directions. These forces are applied to two nodes A and B, separated by a certain 

distance, along the transversal femoral axis. The expression used to calculate the value of these 

forces is (Figure 15):  

 

 

𝐹𝐴 =  −𝐹𝐵 =
𝑀1

𝑑
· 1000 

 

 
Figure 15. Momentum knee force. 
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2.5 Cluster 

The presented model is complex due to the great number of elements and parts needed to simulate 

a hip joint. Thus, the simulations could not be run directly on normal PC or laptop. In a normal 

PC, it may last from several hours up to some days, this is why the cluster (facility of the UPF) 

was used during the practicum. First of all, you need to create a login and download 2 essential 

programs: Putty.exe which communicates your ‘cmd’ with the cluster’s one (Figure 16). Through 

this environment the command for submitting and communicating with cluster are launched. The 

second also necessary is FileZilla which allows the user to transfer your files from your PC to the 

cluster. Both program interlinked thanks to the user’s login. The strategy was implemented on a 

sub file which is the one that contains information regarding the simulation: name of the output 

files, name of the task, number of threads you are going to send to different cores (paralleling 

computing). For instance, the command -pe smp -32, allows you to book several CPUs of a node 

in which your jobs are going to be submitted. Another important command: 

OMP_NUM_THREADS=32, the maximum number of threads you want in the parallel region.  

This way is much optimized than serial submitting. In fact, serial computing for huge files could 

affects other’s simulations, occupying their resources because without limiting the usage of 

resources your jobs just try to book as many CPUs as it can. Another important file to be mentioned 

is a sh domain file which export the threads and execute your jobs within your login directories in 

the cluster. 

Indispensable commands: 

Inside your session, for instance, you can monitor the state of your job (qstat), in which queue and 

node it is located, the time of the submitting and the number of slots that the job is using. The 

command mc is one of the most important ones, it is called the midnight center (mc). It allows 

you to manage your files inside one specific cluster’s node, just before submitting any job you 

should set your files as executable using this command. Another essential command would be 

qsub which launch the job into the cluster. 
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Figure 16. Cluster communications interface. 
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5. Results 

All the figures for the results have been post-processed using the post-processing program 

Postview. In order to easily identify which region is being analyzed throughout results, in the 

Figure 17, the axis regarding anatomical planes has been created. 

 

 

Figure 17. Results analysis axis. 

As previously commented two different scenarios have been evaluated: when the stresses are 

maximum at articular cartilage (High no inertia contact) and when are minimum (Low no inertia 

contact). For these images has been selected the hydrostatic pressure distribution of the femoral 

cartilage and the contact pressure between articular cartilage. All simulations correspond to an 

Abaqus constitutive model29. As observable in the pressure figure of the exterior femoral cartilage, 

pressures are higher in the middle along the posterior-anterior plane which corresponds to the zone 

in which the acetabular cartilage contacts with the femoral cartilage. 
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1. High load scenario 

1.1 Hydrostatic pressure distribution 

In this Figure 18, the hydrostatic pressure distribution for maximum load scenario is represented. 

The peak value is 0.08 MPa and the minimum peak pressure is nearly 0. The pressure distribution 

is located across the antero-posterior axis, being the maximum peaks at the inferior part of the 

femoral cartilage. 

 

Figure 18. Hydrostatic pressure distribution of obtained results from both programs in maximum load scenario. A) FEBio’s 
results. B) Abaqus results. 

 

1.1 Contact Pressure 

The contact pressure distribution peaks are mostly focused on the antero-inferior part of the 

femoral cartilage (Figure 19). 

 

Figure 19. Contact pressure distribution of FEBio’s results in maximum load scenario. 
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2. LowLoad scenario 

2.1 Hydrostatic pressure distribution 

The pressure distribution for this low load scenario remains at the antero-inferior part of the 

femoral cartilage (Figure 20). 

 

Figure 20. Hydrostatic pressure distribution of obtained results from both programs in minimum load scenario. A) FEBio’s results. 
B) Abaqus results. 

 

2.2 Contact Pressure 

The contact pressure distribution peaks are mostly focused on the antero-inferior part of the 

femoral cartilage (Figure 21). 

 

Figure 21. Contact pressure distribution of FEBio’s results in minimum load scenario. 
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6. Discussion 

This study performs a comparison between the same model using two different mechanics 

programs for calculating the hydrostatic pressure in articular cartilage of a hip joint. The first is a 

licensing program, Abaqus, which was used to perform previous studies28. From those previous 

works, a new model has been created using a specific for biomechanics and open-source program 

called FEBio. The aim of the project was to compare obtained results from both programs in order 

to validate whether using an open-source program the obtained results were the same. As 

observable in the Figures 18, 20, the obtained results do not exactly match with those Abaqus 

results. Observing the plot file of the simulations, using Postview, was possible to discern that a 

better approximation for the load implementation need to be performed. On the one hand, the 

components applications of the forces seem to be wrong since the contact pressure focuses on the 

latero-anterior part of the femoral cartilage, while it should be located all along the anterior-

posterior axis corresponding with the contact between femoral, acetabular and labrum articular 

cartilages. On the other hand, the peak pressure of the contact pressure distribution for the 

maximum load scenario indicates that the ‘loadcurves’, which defines how the loads are going to 

be applied regarding time during the whole simulation, should be performed linearly so the 

program will be able to increase gradually the magnitude of the contact force. In this obtained 

results, the load has been implemented as a step (load is 0 at time 0, and one tenth of the maximum 

load at time 0.1 during the rest of the simulation). It means that the load has been kept constant at 

time 0.1, which does not fit the final desired simulations. This is a why the load curve for contact 

force needs to be fixed.  

Regarding the pressure distribution, both obtained results (Abaqus and FEBio) mismatch between 

each other due to the wrong loads implementation, as explained previously. However, part of the 

distribution match with licensing program results. This part corresponds to the pressure created 

between femoral and acetabular cartilages. Moreover, the maximum peaks of pressure distribution 

at the inferior part of the femoral cartilage along the antero-posterior axis are not yet well 

understood. 

 

1. Limitations 

There were several limitations during the development of this project. FEBio as an open-source   

program has several advantages, i.e. economic advantages, but it also has some disadvantages. For 

example, some features could not be selected in Preview’s interface, and they need to be inserted 

directly in the fond code (‘feb file’). For instance, when selecting tension-only behavior for 

defining the type of springs. It also had some problems importing pre-defined loads magnitudes 

previously implemented in the code. Thus, it is necessary to always check whether all the features 

have been correctly implemented. Other related problems during this project was the geometry 

implementation which came from a Nastran input file created in the CAE module of Abaqus.  
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Many elements definitions generated artifacts which disturbed the final desired geometry of the 

hip joint model. For example, every single part definition (Surfaces, ‘NodeSets’ definitions) 

generated in Abaqus were exported to FEBio. For this reason, a cleaning of those element 

definitions were needed in order to ensure a clean and accurate geometry. Concluding, many 

problems came up at first due to these exportation-importation processes.  

Additionally, some problems were experienced regarding the Postview program usage. Due to the 

huge amount of elements forming the geometry, a supercomputer was needed to run the several 

simulations. This supercomputer normally is composed of a Linux operative system and its 

resultant output only were hold by Linux Postview versions, as obvious. This fact constantly 

obstructed the post-processing of the results. Furthermore, these output files were often so heavy 

that normal computers could not process them, so potent computers were also required for their 

analysis. Therefore, always increasing the time of post-processing procedures. 
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7. Conclusion 

In this project we presented different approaches to the study of osteoarthritis, and the mechanical 

loading environment produced by contact forces between both articular cartilages layers of the hip 

joint, which determines the evolution of the early stages of this pathology. For this reason, it is 

important to create an in-silico model of the hip joint using finite element methods. For the 

modeling we used, FEBio. Previous studies had been made using licensing FEM programs, and 

part of the aim the aim of the project was to create and compare a new model. The implementation 

of the model was quite complex as it included contact interfaces and boundary conditions. The 

results are substantially in agreement with the old model. However, the hydrostatic pressure 

distribution differs slightly with the desired results and we plan to revise the model and its load 

implementation in the near future. To summarize, these simulations during gait could be crucial to 

better understand which are the early features of OA, and could be used by physicians to help them 

in diagnosis and treatment of articular cartilage degeneration. 

Challenges and future directions  

The material behavior of articular cartilage has been studied in detail for decades, the effects of 

anisotropy, tension–compression nonlinearity, inhomogeneity and flow-induced viscoelasticity on 

the predicted stress response of articular cartilage for many scenarios are well understood. In terms 

of 3D modeling, we still lack information on which assumptions are appropriate and reasonable 

for simulating different types of loading scenarios. Moreover, almost all available data have been 

obtained for bovine articular cartilage. Minimal data are available for hip labrum, and other 

important load bearing structures that must be represented in 3D models. Further research is 

needed in all of these areas.  

With an order of magnitude improvement in time for model creation, patient specific modeling of 

articular contact mechanics would become a feasible addition to clinical diagnosis and treatment 

planning. Additionally, improved MRI methods are needed for imaging deep joints such as the 

hip. Additional time savings can come from improved methods for mesh generation, and 

techniques such as statistical shape modeling may help to reuse existing models by mapping them 

to new patients. Finally, many questions remain regarding the need for subject-specific boundary 

and loading conditions, and subject-specific material properties. Most of the simulations to date 

have utilized generic, population average data for kinetics. It is likely that for some populations, 

subject-specific kinematics and kinetics will be necessary to obtain reasonable predictions of stress 

and strain during joint contact analysis. There is also a need regarding material properties, 

especially for populations which suffer from advanced osteoarthritis, in which articular cartilage 

properties are far from normal subject cartilage properties. In the future, databases consisting of 

model geometry, mechanical results and other relevant data could provide the basis for quick 

classification of patients. By indexing multiple measures from a patient into such a database, 

decisions regarding diagnosis and treatment planning may be able to be made without performing 

any further computational contact analysis.20 
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