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ABSTRACT 

Movement simulation and musculoskeletal modeling can predict muscle forces, but 

current methods are hindered by simplified representations of joint structures. Simulations 

that incorporate muscle forces, an anatomical representation of the natural knee, and contact 

mechanics would be a powerful tool in orthopedics. 

This study developed a subject specific computational model of the knee with 

menisci within the multibody framework. The model was validated with experimental 

measurements from a mechanical knee simulator and then it was incorporated into a 

neuromusculoskeletal model of a lower limb. The detailed model of a subject specific knee 

was developed in MD.ADAMS (MSC Software Corporation, Santa Ana, CA). This model 

includes femur, tibia, patella as well as lateral and medial meniscus geometries and knee 

ligaments of a subject specific cadaver knee (female: 78 years old, 59 kg right knee). A 

deformable contact with constant coefficients was applied to define the contact force 

between patella, femur, and tibia articular cartilages. 
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Meniscus geometries were divided into 61 discrete elements (29 medial and 32 

lateral) that were connected through 6×6 stiffness matrices. An optimization and design of 

experiments approach was used to determine parameters for the 6×6 stiffness matrices such 

that the force–displacement relationship of the meniscus matched that of a linearly elastic 

transversely isotropic finite element model for the same cadaver meniscus. Similarly, 

parameters for compliant contact models of tibio-menisco-femoral articulations were 

derived from finite element solutions. As a validation step, the multibody knee model was 

placed within a dynamic knee simulator model and the tibio-femoral and patello-femoral 

kinematics were compared to an identically loaded cadaver knee. 

Consequently, the validated knee model was incorporated into a scaled lower right 

limb musculoskeletal model in LifeMOD
TM

 (Lifemodeler, Inc.). A forward-dynamics 

muscle driven simulation of the stance phase of a gait cycle was simulated to estimate 

muscles and ground reaction forces. The predicted forces were evaluated using test data 

provided by Vaughan CL. et al. (1999). 
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CHAPTER 1 

INTRODUCTION 

 

The absence of detailed knowledge regarding mechanical loading on knee soft 

tissues, particularly the menisci, inhibits our understanding of menisci degenerations and 

injuries. Different computational modeling techniques have been used to understand and 

enhance this knowledge. In recent years, several finite element models of the knee joint that 

include menisci have been developed [Donahue TL. et al. 2002, Zielinska B. and Donahue 

TL. 2006, Yang NH. et al. 2010]. The advantage of finite element models consists of their 

ability to evaluate and predict the stress and strain on soft tissue in articulating contacts. 

However, finite element models are computationally expensive and they are difficult to be 

used in concurrent dynamic simulations. Generally, static forces or tibio-femoral kinematics 

are used as inputs in these models and representations of individual muscles are ignored. In 

contrast to the finite element models, multibody dynamic musculoskeletal models are 

computationally efficient and can be used in concurrent simulations to predict muscle forces 

during complex activities. The major weaknesses of multibody musculoskeletal models are 

idealizations of the joints as well as simplifications of knee geometries.  

The aim of this work was to develop a multibody musculoskeletal model that 

simultaneously predicts muscle forces and tibio-menisco-femoral contact. This knowledge 
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would provide valuable insight to the in vivo loading environment of knee tissue during 

motions. In order to improve soft tissue modeling techniques, a 3-D computational knee 

model with representation of the menisci in a multibody frame-work was developed. This 

model includes the femur, the tibia, and the patella as well as the lateral and medial 

meniscus geometries and knee ligaments of a subject specific cadaver knee (female: 78 

years old, 59 kg right knee). The first hypothesis to be tested in this study was that removing 

the menisci will inevitably increase the total contact forces across the knee joint. Secondly, 

we examined the hypothesis that the menisci act as a stabilizer within the knee joint and 

effect knee kinematics.  

 

1.1 Introduction to the Menisci Anatomy  

The knee structure can be traced back to more than 300 million years, to the pelvic 

appendages of Sarcoptorigian lobe-finned fish [Dye SF. 2003]. In order to better understand 

menisci functions, it is important to review some basic anatomy, and biomechanical 

properties of the menisci. Furthermore, knowledge of menisci ligaments is necessary in 

order to correlate meniscus anatomy to meniscus function.  

The menisci of the knee act primarily to transmit and redistribute contact force over 

the tibia plateau. This function of the menisci is achieved through a combination of material, 

geometry, and attachments. The menisci are two semicircular fibrocartilage structures that 

are found within the knee joint between the femur condyles and tibia plateau. For many 

years the menisci were considered as functionless structures. Indeed in 1887, Sutton JB 

stated that menisci are functionless remains of a leg muscle. Over the past century attitudes 

toward menisci and menisical surgery have changed.  
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Numerous studies have shown that the menisci play important roles in load 

distribution [Donahue TL. et al. 2002, Andriacchi TP. et al. 2004, Yang NH. et al. 2010], 

load bearing [Bullough PG. et al. 1997, Fukubayashi T. et al. 1980, Seedhom BB. 1976] 

shock absorption [Kurosawa H. et al. 1980, Krause WR. et al. 1976], and joint stability 

[Fukubayashi T. et al. 1982, Levy IM. et al. 1982 and 1989, Markolf KL. et al. 1981]. It also 

has been proven that they have sensory function, proprioception [Messner K. and Gao J. 

1998] as well as lubrication roles within the knee joint [Renstorm P. and Johnson RJ. 1990]. 

 
 

Figure 1.1 : Menisci anatomy and associated structures [Beaufils P. 2010] 

 

 

The menisci (medial and lateral meniscus) are wedged shaped in cross section and 

they cover approximately two thirds of the corresponding tibio-femoral joint surface 

[Englund M. et al. 2008].  Each meniscus is attached to the tibia plateau anteriorly and 

posteriorly via insertion ligaments or horn attachments (Fig. 1.1). Menisci attachments are 

critical for proper menisci functions. It has been shown that, in rabbits, transection of the 

anterior or posterior insertion ligaments of the menisci would lead to osteoarthritis (OA) 

after 6 to 12 weeks [Sommerlath K. and Gillquist J. 1992].  Similarly,  the meniscal release 

procedure, which consists of transection of the medial meniscus horn attachments,  produces 

joint degeneration and osteoarthritis in the canine stifle (knee) joint [Stylianou. A, et al. 

Posterior insertion ligament 

 

 
Lateral Meniscus  Medial Meniscus  

Anterior insertion ligament 

Anterior intermeniscal ligament 
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2011]. The medial and lateral menisci are connected to each other with the anterior 

intermeniscal ligament also known as the anterior transverse ligament. The functional role of 

this ligament is to control the relative positioning of the menisci on the tibia plateau when 

the tibia rotates [Nelson EW. and LaPrade RF. 2000]. 

 Both the medial and lateral menisci translate posteriorly on the tibia plateau as the 

knee flexes. The lateral meniscus is more mobile than the medial one [Yao J. et al. 2008]; 

this is because the lateral meniscus is not attached to the tibia as tight as the medial 

meniscus. In addition, the medial tibial plateau is concave whereas the lateral tibial plateau 

is convex, which allows the lateral meniscus to translate more posteriorly in deep flexion 

[Yao J. et al. 2008]. This asymmetric kinematics between the medial and lateral component 

results in an internal rotation of the tibia relative to the femur with increasing flexion angle 

[Beaufils P. and Verdonk R. 2010].  

Several studies have investigated the tensional properties of the menisci [Fithian DC. 

et al. 1990, Goertzen DJ. et al. 1997, Lechner K. et al. 2000, Messner K. and Gao J. 1998]. 

All studies revealed that the menisci are stiffer in the circumferential direction because the 

Type I collagen fibers are oriented primary in the circumferential direction of each meniscus 

[Yang NH. et al. 2010].  Menisci tensile strength varied from 80 - 125 MPa in the 

circumferential direction and only 1.7-3.6 MPa in the radial direction [Tissakht M. and 

Ahmed AM. 1995]. Also the menisci appear to be significantly stiffer in tension than 

compression (approximately 0.15MPa compression strength) [Joshi MD. et al. 1995, Proctor 

CS. et al. 1989, Sweigart MA. et al. 2004]. These characteristics render the menisci highly 

deformable allowing them to conform to the variable geometry of the femoral condyles 

during knee flexion-extension.  
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The menisci are often ignored in multibody computational models, due to their 

complexity and difficulty to model [Arnold EM. et al. 2009, Sasaki K. and Neptune RR. 

2010]. Only a few studies have tried to address this issue. For example, Li G. et al. (2001-

2002) used nonlinear spring elements to simulate the equivalent resistant of menisci.  Pena 

E, et al. (2005) used finite element method to model the meniscus to study effect of 

meniscectomies and menisci tear on human knee biomechanics. In his study the meniscus 

was modeled as a continuous material with isotropic properties [Pena E. et al. 2005, 2006a, 

2006b 2008]. A few other studies have modeled the menisci as a transversely isotropic 

material [Donahue TL. et al. 2002, Zielinska, and Donahue TL. 2006, Yang NH. et al. 

2010]. Although finite element models can provide important information regarding tissue 

interaction under static or quasi-static boundary conditions, they are very time consuming to 

simulate menisci behaviors in dynamic activities.   

      

1.2 Introduction to the Musculoskeletal Modeling Techniques   

Musculoskeletal modeling and movement simulation can estimate individual muscle 

forces and provide insight to motor control and joint loading. The inverse dynamics method 

can predict net joint forces and torques using measured ground reaction forces, motion, and 

anthropometrics. Optimization methods can then be used to predict the muscle forces that 

reproduce the net loads at a joint and that meet an optimization objective such as 

minimization of muscle force. The forward dynamics method calculates the muscle forces to 

reproduce predicted joint motions and torques, based on the resultant inverse dynamics 

solution. Typically, an optimization method that requires many iterative simulations to find 
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muscle activation patterns was applied, to minimize differences between experimental and 

predicted movement [Erdmeir A. et al. 2007]. 

Also electromyography (EMG) measurements can be used directly to drive a forward 

dynamic simulation and quantify muscle forces [Piaza SJ. and Delp SL. 2001]. However, 

most clinical studies use EMG to verify estimated muscle forces instead [Sasaki K. and 

Neptune RR. 2010]. Currently, neuromusculoskeletal modeling involves simplifications of 

the joints (e.g. the knee presented as a simple hinge joint) and models are developed within a 

multibody (rigid body dynamics) framework. Concurrent simulation of motor control and 

tissue response may be essential for understanding knee degeneration and injury. Although 

the finite element method is necessary for the determination of strain within tissue, dynamic 

multibody models that have the computational efficiency for musculoskeletal modeling that 

also incorporate interactions of joint organs. Such models can be a valuable tool in 

understanding joint functions in dynamic situations. A review of published quasi-static 

[Blankevoort L. et al. 1991, Pandy MG, et al. 1998] and dynamic [Garuntu DI. et al. 2004, 

Bei Y. et al. 2004] 3D multibody natural knee models reveals that none include 

representation of the menisci. 

Dynamic multibody musculoskeletal models that simultaneously predict muscle 

forces and tibio-menisco-femoral contact would provide valuable insight to the in vivo 

loading environment of knee tissue during ambulatory activities. A better understanding of 

in vivo mechanical loads has implications for the development and progression of 

osteoarthritis. For example, 43% of patients with intact anterior cruciate ligaments and 

isolated limited meniscectomy had radiographic evidence of osteoarthritis after 16 years 

[Englund M. et al. 2003]. In addition, the severity of osteoarthritis correlated with the 
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severity of meniscal injury and the amount of tissue removed [Englund M. et al. 2004]. It is 

generally believed that a significant contributor to cartilage degeneration after 

meniscectomy is the change in mechanical loading. Tissue engineering of the knee meniscus 

[Guilak F. et al. 2001], meniscus allograft replacement surgery [Sohn DH. and Toth AP. 

2008], and development of artificial menisci replacements [Van T. et al. 2009] would all 

benefit from models that predict tibio-menisco-femoral biomechanical interactions during 

everyday activity. 

Presented here is a method to develop a musculoskeletal model of a human knee 

joint that includes the menisci. The aims of this study are to demonstrate the interaction 

between the muscles, soft tissues, knee contact mechanics, and ground reaction forces 

during the stance phase of a walk cycle. The geometry of the distal femur, proximal tibia, 

patella, medial and lateral meniscus is provided based on a cadaveric knee. The compliant 

deformable contacts are applied in articulation surfaces of the femur, tibia, patella, and 

menisci. The meniscus model includes discrete elements connected through 6×6 stiffness 

matrices. Parameters of the 6×6 spring coefficient matrices are optimized such that the 

force–displacement relationship of the meniscus matched that of a finite-element solution 

for the same cadaver knee. Similarly, parameters for compliant contact models are derived 

from a finite element model solution. Twenty five spring-damper elements describe the 

mechanical properties of the collateral ligaments, cruciate ligaments, patella tendons, and 

menisci horn attachments. In order to validate the mechanical behaviors of the knee model, 

it is placed within a previously validated dynamic knee simulator model [Stricklan AM. 

2009] and the tibio-femoral and patello-femoral kinematics are compared to the identically 

loaded cadaver knee (Fig. 1.2). 
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Figure 1.2: Schematic with overall view of the entire project 

 

. In the final step, the validated knee model is incorporated into a scaled lower right limb 

musculoskeletal model in LifeMOD
TM

 (Lifemodeler, Inc.). Forty-five “trainable” muscle 

units are included in this model to record the muscle contraction while an inverse dynamics 

simulation is performed. The trained muscle elements are modeled as proportional–integral–

derivative controllers. In order to perform the inverse dynamics simulation the 

musculoskeletal model is actuated with measured motion data to simulate the stance phase 

of a walk cycle (from the initial double support stance to the single support). Then, a 

forward-dynamics muscle driven simulation of the stance phase profile is simulated to 

estimate muscle forces (Fig. 1.2). The predicted forces are evaluated using the test data 

provided by Vaughan CL. et al. (1999). 
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CHAPTER 2 

MATERIALS AND METHODS 

 

2.1 Cadaver Knee Measurements and Testing 

A 78-year-old female right cadaver knee was used for this study. The specimen 

weight at death was 130 lb (59 kg) and the knee was frozen until the day of testing. The 

knee appeared normal and intact during visual inspection. Knee geometries were created 

from magnetic resonance images (Siemens 1.5 T machine with kneecoil). Three 512×512 

resolution imaging sequences were obtained including two sagittal plane sequences (0.7mm 

slice thickness,TR:13.64, TE:6.82 and 1mm slice thickness, TR:45, TE:17) and a frontal 

plane sequence (1mm slice thickness, TR:13.64, TE:6.82).Manual segmentation was then 

used to create geometries of the articular cartilage, bone, menisci, and ligaments using 3D 

Slicer (www.slicer.org). Post-process filtering and file conversion of the geometries was 

performed in Geomagic Studio (Geomagic, Inc. Research Triangle Park, NC). After 

imaging, the cadaver knee was placed in a dynamic knee simulator (Kansas Knee Simulator, 

University of Kansas, Lawrence, KS). The knee simulator replicates the loading and motion 

of physiological activities, such as walking, using five axes controlled through servo-
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hydraulic actuators (quadriceps force, vertical force applied at the hip, medial–lateral ankle 

force, ankle vertical torque, and ankle flexion force) [Maletsky LP. and Hillberry BM. 

2005]. Both position and force were measured at each axis and loading profiles for the 

machine were generated from a previously validated computational model [Guess TM. and 

Maletsky LP. 2005]. Several laxity, squat, and walking profiles were tested on the specimen 

knee. During testing, rigid body markers were attached to the femur, tibia, and patella and 

kinematics of each were recorded using a 3-camera Optotrak 3020 system (Northern Digital 

Inc., Waterloo, Ontario). For a 10◦ rotation, this system has a measurement bias of 0.05◦ and 

a 95% repeatability limit of 0.67◦. A 10-mm translation showed a bias of 0.03mm and a 95% 

repeatability limit of 0.29mm [Maletsky LP. et al. 2007]. The position and orientation of the 

cadaver femur and tibia relative to the knee simulator was determined by recording a series 

of 3D points (point clouds) along the articulating surfaces of the femur and tibia along with 

reference positions on the simulator. Point clouds were also collected at the anterior cruciate 

ligament (ACL), posterior cruciate ligament (PCL), medial collateral ligament (MCL), and 

lateral collateral ligament (LCL) origin and insertion sites. In addition, a quasi-static knee 

tester was used to obtain the laxity envelope-of-motion for each knee allowing for 

calculation of ligament bundle zero-load lengths (lengths at which particular ligament 

bundles first become taut).  

2.2 Multibody Knee Model 

2.2.1 Multibody Menisci Models  

An anatomically based computational model of a right natural knee was created from 

subject specific medical images and experimental measurements of a cadaver knee. 

Geometries of the cadaver menisci were used to create multibody models in MD Adams 
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(MSC Software Corporation, Santa Ana, CA). A macro was written to divide the lateral and 

medial menisci geometries into 32 and 29 pieces respectively (Fig. 2.1). The macro 

calculated the geometric center of each meniscus and radially sectioned its geometry. The 

macro also assigned mass properties to each section based on its volume and a density of 

1100 kg/m
3
. 

 

 
 

Figure 2.1 : Multibody and finite element models of the medial meniscus before 

(a) and after (b) a 100N load was applied in the medial direction 

 

Meniscus geometries were then connected to neighboring geometries by the 

following stiffness matrix: 

[
 
 
 
 
 
  
  
  
  
  
  ]

 
 
 
 
 

  

 

[
 
 
 
 
 
 
 
 
 
 
 ]
 
 
 
 
 

 (2-1) 
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Where          and         , are the translational forces and torsional moments between 

elements acting in the circumferential, radial, and axial directions. 

                           and    are the stiffness matrix parameters,  , r, and z are 

translational displacements and a, b, and c are rotational displacements relative to the initial 

matrix locations. The same stiffness matrix parameters were used to connect each element of 

either the medial or lateral meniscus. Different stiffness parameters were defined for the 

lateral side and medial side. An optimization and design of experiments approach (DOE) 

that minimized the displacement error between identically loaded finite element and 

multibody menisci models was used to determine the stiffness matrix parameters for the 

medial and lateral menisci. The Finite Element models of menisci were defined using 

linearly elastic transversely isotropic materials with Young’s modulus of 150MPa in the 

circumferential direction and 20MPa in the axial and radial directions [Donahue TL. et al. 

2002]. Poisson’s ratio was 0.2 in both circumferential and radial directions and it was 0.3 in 

the axial direction [Zielinska B. and Donahue TL. 2006]. The density of the meniscus was 

1100 kg/m3 [Fithian D. et al. 1990]. 

The DOE or design of experiment method is a statistical and mathematical tool to 

identify, optimize, and analyze the results of an experiment or simulation. In this study, 

DOE was applied to compare and obtain the optimal fit between the Multibody model and 

the predicted Finite Element force–displacement response. 

Identical boundary conditions were defined for finite element and multibody models 

such that elements at the horn attachment sites of each meniscus were fixed and a single 

force was applied along the periphery of the tissue (Fig. 2.1). The force amplitude linearly 

increased from 0 to 100N in 1 sec. A medial load was applied to the medial meniscus and a 



13 

 

lateral load applied to the lateral meniscus. Displacement along the axis of force was 

measured as a function of time. The root mean square (RMS) displacement error between 

finite element and multibody model during the 1 sec loading time was defined as an 

objective function. A two-level fractional factorial design including nine variables was used 

as a screening algorithm. A tolerance level of 50% was assumed for each factor in this step 

and 64 simulations were run. After the initial screening step, new initial values were selected 

and a two-level fractional factorial design was used to determine which factors were 

statistically significant on meniscus displacement. For this step, the tolerance area was 10% 

for each factor. The confidence of the results was confirmed by checking the adjusted 

coefficient of determination (Radj> 0.9, and P < 0.005). As a final step, a higher order 

experimental plan (cubic model) was implemented to find the best possible values based on 

a non-linear model of significant factors. 

 

2.2.2 Multibody Tibio-Femoral Model 

A tibio-femoral joint model was created in MD Adams using the tibia, femur, and 

cartilage geometries. A compliant contact force model was used to provide a 

computationally efficient characterization of tibio-femoral cartilage contact. The contact 

model used in this study is a common representation based on Hertzian contact model with 

the addition of a damper to allow for energy dissipation [Sharf I. and Zhang Y. 2006]. 

Contact force as a function of local penetration was defined as: 

 

     
           ̇ (2-2) 

 



14 

 

Where kc, expc, and Bc are parameters defining the contact between tibio-femoral 

articulating cartilage. A barrier to accurate contact simulation is the difficulty in determining 

contact parameters for complex materials and contact scenarios [Sharf I. and Zhang Y. 

2006]. In this study, the contact model parameters were defined as design variables that 

were systematically modified during an optimization process to match a solution set from 

the identical finite element model of the knee joint. 

The finite element model is discussed in detailed in a master’s thesis by Mishra M. 

(2010). The following is a short description of the finite element model. This model includes 

femur, tibia, anterior cruciate ligament (ACL), medial collateral ligament (MCL) and 

articular cartilage geometry. The finite element model was developed and evaluated based 

on a study provided by Donahue TL. (2002). In this model the tibia was model as a rigid 

body and the femur was considered as a deformable body. The femur and tibia were meshed 

with their articulating cartilage geometry. The femur bone was defined as an isotropic 

material with a Young’s modulus of 20 GPa, a Poisson’s ratio of 0.2, and a density of 1600 

kg/m
3
 [Zielinska B. and Donahue TL. 2006]. The distal elements of the femur and proximal 

elements of the tibia were identified as cartilage, giving a cartilage thickness of 

approximately 4mm. The cartilage was specified as an isotropic material with Young’s 

modulus of 15 MPa, Poisson’s ratio of 0.475, and density of 1000 kg/m
3
 [Zielinska B. and 

Donahue TL. 2006].   The ligaments were represented by one-dimensional linear spring 

elements that connected the femur and tibia. The ACL and MCL stiffness were assumed to 

be 3200 and 1600 N/mm [Donahue TL. et al. 2002].  

During simulation, the tibia in both the finite element and multibody models were 

constrained from rotating in flexion– extension. In addition, the proximal femur was fixed. 
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A compressive axial load that linearly increased from 0 to 800N in 1 sec was then applied to 

the distal tibia, same as Donahue TL. et al. (2002) study. The displacement at the load 

application point was measured and the compliant contact parameters of Eq. (2-2) were 

optimized to minimize the three axes of translational displacement error between the two 

models. The method used to determine the cartilage–cartilage contact parameters was 

similar to that used to determine the menisci stiffness matrix coefficients. A two-level full 

factorial design was used for initial screening. After screening, a two-level (kc and expc) full 

factorial design was used and finally a higher order cubic model (32 simulations) was used 

to find the contact parameters that best fit finite element model solutions. 

 

2.2.3 Multibody Tibio-Menisco-Femoral Model 

In order to determine parameters for the compliant contact between menisci and 

tibio-femoral cartilages, the menisci were added to the knee model. The meniscus macro 

was modified to add a compliant contact between each meniscus element and the tibia and 

femur cartilage geometries. The compliant contact was defined by:  

 

                ̇ (2-3) 

  

Where   is the interpenetration of geometries and km, expm, and Bm are parameters defining 

the contact between the meniscus and cartilage.  ̇ is defined as a derivative of the 

interpenetration.  

 



16 

 

 
Figure 2.2: Finite element (a) and multibody (b) models of the tibio-femoral joint 

with menisci 

 

Compliant contacts were defined between the cartilage geometries using Eq. (2-2) 

and (2-3). Previously optimized contact parameters were used. Similar to determining the 

cartilage-cartilage contact parameters, this model was compared to an identical finite 

element model [Mishra M. 2010]. This model includes tibio-femoral cartilage contact as 

well as tibio-menisco-femoral contacts. 

The menisci were connected to the tibia via multiple spring elements at the horn 

attachment sites. Locations of the horn insertions were determined by physically probing the 

cadaver knee and from MRI. The total spring constant for each horn attachment was 

2000N/mm [Donahue TL. et al. 2002].   

The same loading and boundary conditions used for tibio-femoral simulations were 

applied to both the finite element and multibody models (Fig. 2.2). The meniscus–cartilage 

compliant contact parameters of Eq. (2-3) were then optimized such that the displacement 

error along the inferior–superior axis between the finite element and multibody was 

minimized. 
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2.2.4 Multibody Knee Model 

Next, the multibody model of knee with menisci was constructed within a multibody 

model of the dynamic knee simulator and resulting tibio-femoral and patello- femoral 

kinematics compared to experimental measurements. In addition, the total loading on tibio-

femoral articular cartilage was predicted during the simulation. The position and orientation 

of the tibia and femur geometries relative to the knee simulator was determined by recording 

a series of points (point clouds) along the femur and tibia as well as reference position points 

on the dynamic knee simulator. Rigid body markers attached to the femur, tibia, and patella 

defined experimental coordinate systems. Point clouds of the articulating surfaces and 

ligament insertions were collected in their respective coordinate systems after testing and 

disarticulation of the knee. A least squares curve fit between the point clouds and bone 

geometries was used to transform geometries from the MRI coordinate system to the 

experimental coordinate system. After placing bone and cartilage geometries of the tibia, 

femur, and patella within the simulator model (Fig. 2.3), compliant contacts were defined 

between cartilage–cartilage articulating surfaces using Eq. (2-2) and the previously 

determined parameters. The menisci models were then placed into the model using the tibial 

coordinate transformation and compliant contacts of Eq. (2-3). 

Ligament bundles were represented as one-dimensional nonlinear springs. The 

model included two bundles for the ACL and PCL and three bundles for the MCL and LCL. 

The origin and insertion sites were determined from MRI and from point clouds obtained by 

physically probing the cadaver knee. Non-linear splines were used to describe the force–

displacement curve of each ligament including the non-linear “toe” region. The splines were 

derived from the ligament force as a function of strain, the length of each ligament in the 
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position it was constructed, and the measured zero-load length. The force–length for each 

ligament is described [Blankevoort L. et al. 1991, Wismans J. et al. 1980] by: 

 

  {

 

 
                              

                                 
                                   

 

 

(2-4) 

  (
    
  

) (2-5) 

 

Where k is a stiffness parameter and ε is defined as the engineering strain. The spring 

parameter    is a constant value and it is assumed to be 0.03 to include the non-linear “toe” 

region [Li G. et al. 1999]. Values of k for each ligament bundle came from Wismans J. et al. 

(1980) and Blankevoort L. et al. (1991), table 2.1. The zero-load lengths of each ligament 

bundle were derived from the laxity envelope-of-motion measured on the cadaver knee. The 

maximum straight line distance between insertion sites of each ligament bundle during the 

laxity test was mapped and then multiplied by 0.85 to obtain the zero-load lengths for the 

relative position of the femur and tibia. Each spring element also included a parallel damper 

and a damping coefficient of 0.5Ns/mm was used for each ligament bundle. 

Table 2.1 

Ligament stiffness and zero-load length parameters 

 

Knee Ligament Ligament bundle 
Stiffness 

Parameter (N) 

Zero-load length 

Experimental (mm) 

ACL 
Anterior 5000 31.2 

Posterior 5000 24 

PCL 
Anterior 9000 24.8 

Posterior 9000 30.4 

LCL 

Anterior 2000 47.2 

Central 2000 45.6 

Posterior 2000 48.8 

MCL 

Anterior 2750 72.8 

Central 2750 80.8 

Posterior 2750 82.4 
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The patellar tendon was divided into three bundles with origins and insertions 

determined from cadaver point clouds. The quadriceps tendons were represented with four 

bundles with insertions on the patella and origins on a quadriceps clamp attached to the 

quadriceps force actuator. Patellar and quadriceps tendon force–length relationships were 

based on Piazza. S. and Delp. S. (2001) study. The model also simulated wrapping of the 

patellar tendon around the tibia geometry. Each spring representing a patellar tendon bundle 

was divided into two springs in series. The springs were then connected by an anatomically 

sized ellipsoid and positioned to create contact on the appropriate bone surfaces. Ellipsoid 

shapes were determined from MRI tendon cross-sections. A deformable contact was then 

defined between each ellipsoid and the tibia bone geometry. 

The menisci were attached to the tibial plateau via horn attachments. Two one-

dimensional springs were used to represent each attachment. Each spring had a stiffness of 

1000N/mm in tension and 0N/mm in compression [Donahue TL. et al. 2002], with the zero-

load lengths determined by the unloaded MRI position. The transverse ligament was also 

included with insertions measured on the cadaver knee. The transverse ligament was a 1D 

spring with a stiffness of 200N/mm in tension and 0N/mm in compression [Donahue TL. et 

al. 2002]. A parallel damper with damping coefficient of 0.5Ns/mm was included for each 

horn attachment and the transverse ligament spring. 
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Figure 2.3. Picture of the knee model in the knee simulator. Also shown is the 

femur, tibia, and patella coordinate systems. The z-axis of the femur coordinate is 

approximately aligned with the long axis of the femur. The y-axis of the femur 

coordinate is primarily in the anterior–posterior direction while the x-axis is 

primarily oriented in the medial–lateral direction. 

 

2.3 Multibody Knee Model Simulation  

To verify the subject specific multibody knee model, a “modified” walking profile in 

the knee simulator was simulated on both the cadaver knee and virtual knee and the resulting 

bone kinematics compared. The walk cycle was based on ISO specification 14243-1(2002) 

and the actuators of the dynamic knee simulator were controlled to reproduce the loading 

and motion of this walk cycle at the knee. For one gait cycle, heel strike occurs at∼0%of the 

cycle, mid-stance occurs at∼20%, and toe-off occurs at ∼60% of the cycle. Due to 

limitations of the dynamic knee simulator and to protect the cadaver knee, the walk cycle 

was modified such that the duration of each cycle was increased to 10 seconds. Measured 

hip flexion angle during experimental testing provided one of the model simulation inputs. 

A feedback control loop in the model adjusted the quadriceps force such that the desired hip 

flexion angle was maintained. 



21 

 

The dynamic knee simulator was controlled in a similar manner and the resulting 

quadriceps force from both model and experiment were compared. The other simulation 

inputs included the measured load from the remaining four servo-hydraulic actuators on the 

machine (vertical load at the hip, and three loads applied at the ankle). These loads were 

applied to force vectors in the model. 

Measured kinematics included the position and orientation of the tibia and patella 

coordinate systems relative to the femur coordinate system (Fig. 2.3). Measurements 

included the x, y, and z translation of the tibia and patella origins relative to the femur origin 

represented in femoral coordinates and body 1, 2, and 3 orientation angles (1,2,3 Euler angle 

sequence) relative to the femur. The z-axis of the femur was aligned along the femoral shaft 

while the x- and y-axes were approximately aligned in the medial–lateral anterior–posterior 

directions of the femur. 
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2.4 Musculoskeletal Model 

LifeMOD™ (LifeModeler, Inc., San Clemente, CA) was used to develop a generic 

musculoskeletal model of the human lower extremity. The generic model consisted of the 

lower torso, upper and lower leg segments and feet (Fig 2.4). Tri-axis hinges combined with 

passive torsional spring-damper torques were employed to model the hip, ankle and knee 

joints for both sides of the lower limb. Spring stiffness of 1e+4 N.mm/deg and damping 

coefficient of 1000 N.mm.s/deg was assumed for each simplified joint (Fig. 2.4). The knee 

joints were only allowed to rotate in flexion- extension direction.  

 

 
 

Figure 2.4: The generated model segments and joint base set properties 

 

The gate data provided by Christopher L Vaughan et al. (1999) was used to scale and 

drive the model. Provided experimental set included motion data, ground reaction forces and 

surface electromyography during a stance phase of a gate cycle on a female subject with a 

calculated height of ~ 150 cm and total body mass of 51.2 kg; comparable to the cadaver 

knee (165 cm height and 59 kg weight). The subject’s height was estimated based on the 

Pelvis 

Upper leg 

Lower leg  

Feet 
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anthropometric figure from Winter DA. (2009) that expressed body segments lengths as a 

fraction of body height (Fig. 2.5.).  

Vaughan, in his experiment, applied a modified Helen Hays marker set to capture 

bilateral three dimensional motions using the VICON system. Marker locations were 

measured at a frequency of 50 HZ. Anthropometric measurements from the test subject were 

used to scale the generic model in LifeMod (Table 2.2). Then the developed multibody 

model of right knee was replaced with the right revolute joint in the generic model (Fig. 

2.5). The knee joint was aligned such that the epicondylar axis was matched with the 

revolute joint mechanical axis. The femur and tibia of the knee were rigidly attached to the 

upper and lower leg segments of the generic model.  

 

 

Figure 2.5: Segments’ length expressed as a function of body height [Winter DA. 2009] 
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Table 2.2  

Measured anthropometric data from a female subject [Vaughan CJ. et al. 

1999] 

 

Number Anthropometric measurement Value Units 

1 Total body mass 51.2 kg 

2 ASIS breath  0.248 m 

3 R. Thigh length  0.366 m 

4 L. Thigh length  0.370 m 

5 R. Mid-thigh circumference 0.470 m 

6 L. Mid-thigh circumference  0.465 m 

7 R. Calf length  0.372 m 

8 L. Calf length  0.360 m 

9 R. Calf circumference  0.322 m 

10 L. Calf circumference  0.322 m 

11 R. Knee diameter 0.098 m 

12 L. Knee diameter 0.096 m 

13 R. Foot length  0.0245 m 

14 L. Foot length  0.243 m 

15 R. malleolus height  0.072 m 

16 L. Malleolus height  0.066 m 

17 R. Malleolus width  0.063 m 

18 L. Malleolus width 0.064 m 

19 R. Foot breadth 0.090 m 

20 L. Foot breadth 0.088 m 

 

In order to drive the model to capture kinematics, motion agents were used. Motion 

agents were attached to the body segments with bushing elements. Their role is to track the 

trajectories of markers attached on the body and guide the model to follow the experimental 

kinematics. Motion agents are displayed on the model as small yellow spheres, their 

locations governed by the experimental data. The red spheres are fixed to the body segments 

of the scaled model. Yellow and red spheres are connected via the bushing elements (Fig. 

2.6). The bushing stiffness of 100 N/mm and the damping coefficient of 10 N.sec/mm were 

considered for all directions.   
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Figure 2.6: The developed multibody knee joint within the musculoskeletal model 

and creating the motion agents  

 

 

2.4.1 Equilibrium Analysis  

In order to fit the model to the first time frame of measured motion data, an 

equilibrium analysis was performed. In this step, motion agents (yellow spheres) were held 

stationary while the minimum energy configuration in the bushings was achieved (Fig. 2.7). 

After repositioning, the model posture was adjusted to the equilibrium position and then 

body marker locations (red spheres) and motion agents (yellow spheres) were synchronized. 

Next, forty-five muscle elements were placed on the right leg based on relative joint 

positions. The default attachments of the quad muscles were modified to insert on the patella 

(Fig. 2.7). While measured motion data drives the model in an inverse dynamics simulation, 

the muscle elements record their shortening/lengthening patterns. The elements repeat those 

patterns and serve as actuators for the forward dynamics simulation.   
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The interaction of the feet with the floor was simulated applying with ellipsoids-

plane contact. The eleven contact ellipsoids, automatically created at the time of generating 

the model segments, were used to simulate the foot-floor contact (Fig. 2.8).   

    
 

Figure 2.7: Moving the model to the equilibrium position based on the agent 

motion locations 

 

The following parameters were considered for the foot-floor contact which was resulted in 

stable and realistic gait (Table 2.3 ).  

 

 

Figure 2.8:  Adding 45 muscles and simulated ground reaction force 

Table 2.3 

Foot-floor contact parameters  

 

Stiffness Damping Exponent Damping depth Static friction 

1.57 E-2 N/mm 0.35 Ns/mm 3 1mm 0.87 
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2.4.2 Inverse Dynamics 

The measured motion data during the stance phase of the gait trial was used to run an 

inverse dynamics simulation. During this step, the red spheres, attached rigidly to the body 

segments, tracked the measured kinematics data via the motion agents (yellow spheres). 

However, these two spheres were separated (the bushings keep them united) when a 

discrepancy between the model performance and the measured motion data occurred (Fig. 

2.9). This flexibility accounts for any error in data collections and measurements. The foot-

floor contact was only created for the right leg, since during the stance phase the left leg was 

considered to be always off the ground and moving forward. As a result of the inverse 

dynamics simulation the rotations of the joints and the length of each muscle, through their 

respective via points, were recorded.  

 

 
 

Figure 2.9: Inverse dynamics simulation 
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2.4.3 Forward Dynamics 

With the recorded lengthening-shortening history of each muscle from the inverse 

dynamics simulation, muscle forces were generated to produce and recreate the motion 

history. Also all the joints for the left leg were trained to produce a torque to restore the left 

leg motion. This process involves removing the motion agents and updating the muscles and 

joints through feedback controllers.   

Muscle parameters such as physiological cross sectional area (pCSA) and maximum 

tissue stress (    ) are used to calculate the maximum force potential of the particular 

muscle (Eq 2-6). 

               (2-6) 

 

 LifeMOD™ contains a database of pCSA values for each muscle and is scaled 

accordingly based on the input body parameters (height, weight, gender and age).      was 

17.88 N/mm
2
 for all muscles. The force generating capacity of each muscle was considered 

based on the proportional–integral–derivative feedback controller (PID). The PID controller 

algorithm uses the recorded muscle contraction as a target to generate the muscle activation. 

The governing equations of muscle forces are derived and given by:  

  

                                            (2-7) 

 

Where: 
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The proportional gain was set to 1e5, Integral gain to 1e5, and derivative gain was 

set to 1e4. The maximum force generated by the PID controller was limited by the muscle 

maximum strength (Eq 2-6).  

Proportional-derivative (PD) controllers were used to produce desired torques to 

recreate the motion history for each joint placed in left leg. The proportional gain was set to 

1e+6 and the derivative gain was set to 1e+4.     

Also a tracker agent was installed in order to guide the model and account for any 

dynamic instability. The tracker agent is a motion agent which is driven using the recorded 

inverse dynamic simulation [LifeModeler tutorial]. The passive translational spring stiffness 

and damping coefficient were selected 100 N/mm and 10 N.sec/mm while the torsional 

spring stiffness and damping coefficient were 1e+5 N.mm/deg and 1e+4 N.mm.sec/deg (Fig 

2.10). In order to create the proper ground reaction force the tracker agent was specified free 

to move in the Superior-Inferior direction.    

 

 
 

Figure 2.10: Tracker agent properties 

Tracker Agent  
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Finally muscle driven forward dynamic simulations of the stance phase were run on 

two versions of the model (Fig 2.11). One version included representation of the menisci 

while in the second version the menisci were removed. Predicted ground reaction forces, 

muscle forces, tibio-femoral contact, ligament forces and hip/ankle joints orientations were 

recorded during the simulated walk cycle.    

 

 
 

Figure 2.11: Forward dynamic simulation 
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CHAPTER 3  

RESULTS 

 

3.1. Meniscus Stiffness Matrix Parameters 

As described in section 2.2.1, force–displacement relationships from Finite element 

simulations of a lateral and medial meniscus provided solution sets for optimization of 

spring matrix parameters connecting elements of lateral and medial multibody menisci 

models. Table 3.1 shows the stiffness matrix parameters of Eq. (2-1) prior to screening, after 

screening, and the final values after optimization. Also shown are the RMS errors between 

the Finite element displacement and Multibody displacement under 100N tensional load. 

The final RMS error was 0.017mm for the lateral meniscus and 0.051mm for the medial 

meniscus. Normalized RMS error was also calculated by dividing the RMS error by the 

finite element model range [Mishra M. 2010] and expressed as a percentage in Table 3.1. 

Lower percentage values show less residual variance and provide better fit.  
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Table 3.1 

Spring matrix parameters , RMS errors and normalized RMS errors for the multibody 

meniscus models before screening, after screening, and final optimized values. 

 

Parameter Initial After screening Optimal 

 Lateral Medial Lateral Medial Lateral Medial 

Kθ (N/mm) 200 200 300 300 360 320 

Kr (N/mm) 200 200 300 300 294 270 

Kz (N/mm) 200 200 300 300 330 330 

Kθr (N/mm) 50 50 25 75 22.5 82.5 

Kθz (N/mm) 50 50 25 75 27.5 82.5 

Krz (N/mm) 50 50 75 25 75.5 25 

Tθ (Nmm/rad) 50 50 75 25 67.5 25 

Tr (Nmm/rad) 50 50 25 25 27.5 25 

Tz (Nmm/rad) 50 50 75 25 71 22.5 

RMS error (mm) 0.809 0.343 0.130 0.054 0.017 0.051 

NRMS error % 42.6 17.6 6.93 2.78 0.90 2.62 

 

3.2. Compliant Contact Parameters 

A compressive axial load that linearly increased from 0 to 800N in 1 sec was applied 

to the distal tibia of the tibio-femoral finite element, and multibody models as well as tibio-

menisco-femoral models. The resulting displacements at the load application point for the 

finite element and final multibody models are shown in Figure 3.1. The cartilage–cartilage 

contact parameters were determined by matching the three axes of translation (medial–

lateral, anterior–posterior, and proximal–distal). 

In order to facilitate the optimization procedure and concentrate on menisci primary 

function, the ability to dissipate compressive loads, only the proximal–distal displacement 

was used to fit the meniscus–cartilage contact parameters. Table 3.2 shows the final contact 

parameters for Eqs (2-2) and (2-3) along with values before and after screening. The RMS 

displacement errors and normalized RMS errors between the finite element and multibody 

models also are shown in table 3.2. 
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Figure 3.1: Displacement versus applied load for the finite element and multibody tibio-

femoral models (TF) in the x (medial–lateral), y (anterior–posterior), and z (inferior–

superior) directions and displacement versus applied load for the finite element and 

multibody tibio-menisco-femoral models  (TFM) in the z (inferior–superior) direction. 
 

 

 

Table 3.2 

Parameters for the multibody compliant contact models and the resulting RMS error and 

calculated normalized RMS error between finite element and multibody displacement. 
 

Parameter 

Cartilage-Cartilage Meniscus-Cartilage 

Initial After 

screening 

Optimal Initial After 

screening 

Optimal 

Kc,Km (N/mm) 500 250 327 37 18.5 19 

Bc,Bm (Ns/mm) 5 7.5 5 1 0.1 0.1 

expc,expm 1.5 2.25 2.07 1.5 2.25 3.37 

RMS error (mm) 

 medial–lateral  
0.15 0.49 0.25 n/a n/a n/a 

NRMS error % 3.94 12.9 6.57 n/a n/a n/a 

RMS error (mm) 

anterior–posterior  
0.32 0.23 0.12 n/a n/a n/a 

NRMS error % 11.8 8.51 4.45 n/a n/a n/a 

RMS error (mm) 

superior–inferior  
0.27 0.08 0.13 0.27 0.08 0.04 

NRMS error % 18.2 5.40 8.78 23.4 6.95 3.47 
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3.3. Multibody Knee Model Simulation 

A subject specific Multibody model of the knee was placed in a Multibody model of 

a dynamic knee simulator and predicted tibio-femoral and patello-femoral kinematics were 

compared to measured kinematics from the cadaver knee exercised in the machine. Table 

3.3 shows the RMS error and calculated normalized RMS error between simulated and 

experimental kinematics over one walk cycle in the knee simulator, for a model that 

included the multibody menisci and one that did not. A two sample t-test showed that there 

was no statistically significant difference in RMS error between the model with menisci and 

without menisci (P > 0.05). The position and orientation of the femoral, tibial, and patellar 

coordinates are defined by the attachment of the Optotrak system markers to the respective 

bones (Fig. 2.3). Figure 3.3 shows the position and orientation of the tibia marker relative to 

the femur for one walk cycle in the knee simulator, and Figure 3.4 shows the position and 

orientation of the patella. RMS errors between predicted and measured kinematics were 

generally low. The highest translational error occurred for the tibia in the femoral x-axis and 

was less than 11 mm (maximum range of motion was ~ 180 mm)  and the highest 

orientation error occurred in the 3rd Euler angle sequence and was around 7° (maximum 

range of rotation was ~ 60°). . 

 

Figure 3.2: Simulation screen shots of the multibody knee model during a 10 s walk cycle in 

the knee simulator (KKS). Shown is the tibial plateau at 0% of gait cycle (a), 20% of gait 

cycle (b), and 82% of gait cycle (c). The red arrows represent the resultant load on each 

spring matrix connecting the menisci elements.  
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Table 3.3 

Calculated RMS errors and normalized RMS errors between prediction and measured 

kinematics for knee models with and without inclusion of the menisci. 
 

 Tibia Patella 

 Translation 

 (mm) 

Orientation 

(deg) 

Translation 

 (mm) 

Orientation 

(deg) 

 x y z 1 2 3 x y z 1 2 3 

With 

meniscus 

RMS 

error 

10.3 5.00 2.80 1.40 1.60 6.80 1.90 4.60 6.50 3.80 2.60 6.30 

NRMS 

error 

% 

20.6 6.25 1.60 2.26 8.88 68.0 9.50 11.5 18.6 16.5 21.6 57.3 

Without 

meniscus 

RMS 

error 

10.6 6.60 2.90 2.10 2.20 6.30 2.10 4.60 7.30 3.70 2.60 6.40 

NRMS 

error 

% 

21.2 8.25 1.65 3.39 12.2 63.0 10.5 11.5 20.8 16.1 21.6 58.2 

 

 

 

 

Figure 3.3: Position (x,y,z) and orientation (body 1,2,3 Euler sequence) of the tibia 

coordinate system relative to the femoral coordinate system for one walk cycle (KKS). 
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Figure 3.4: Position (x,y,z) and orientation (body 1,2,3 Euler sequence) of the patella 

coordinate system relative to the femoral coordinate system for one walk cycle (KKS). 

 

3.4. Contact forces 

The RMS error (normalized percentage RMS error) between predicted quadriceps 

force and measured quadriceps force was 130N (9.84%) for the model with the menisci and 

121N (9.16%) for simulations without the menisci (Fig. 3.5). The small difference observed 

in calculated RMS errors may be explained as a result of computational errors and 

complexity in the model with menisci. Table 3.4 gives the maximum predicted tibio-femoral 

contact force for the medial and lateral condyles for models with and without the menisci. 

Contact forces over the entire modified walk cycle are shown in Figure 3.6. The addition of 

the menisci to the model significantly reduces contact between the tibia cartilage and femur 

cartilage for the lateral side (two sample t-test P < 0.05). On the medial side, the addition of 

the menisci was not statistically significant. Figure 3.7 provides the contact force between 

each meniscus element (28 lateral and 32 medial) and the tibial plateau. The highest contact 

force for a single element is 43N on the lateral side and 23N on the medial side. 
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Figure 3.5: Predicted (with menisci (- - -) and without menisci (· · ·)) and measured (—) 

quadriceps force over one walk cycle (KKS). 

 

Table 3.4 

Contact force predicted by the tibio-femoral compliant contact model for models with and 

without the menisci. 
 

 
With menisci Without menisci 

 Lateral 

condyle 

Medial 

condyle 

Lateral 

condyle 

Medial 

condyle 

MAX contact force 632 N 1755 N 937 N 1735 N 

% gait cycle at max 

contact 
81% 48% 82% 50% 

 

 
    

 

Figure 3.6: Predicted tibio-femoral contact forces for a model with menisci (- - - - ) and 

without  menisci (….) over one walk cycle (KKS). 
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Figure 3.7: Force predicted by the compliant contact model between each meniscus element 

and the tibia during a walk cycle (KKS). Element 1 connects at the anterior horn and 

element 31 (lateral) and 29 (medial) connect at the posterior horn. 

 

3.5 Musculoskeletal Model Simulation Results 

The comparison between the predicted ground reactions forces with experimental 

data reported in reference [Vaughan CL. et al. 1999] are illustrated in Figure 3.8. The 

simulated ground reaction forces were passed through a 3
rd

 order butterworth low pass filter 

with a cutoff frequency of 6Hz, the same as experimental. As illustrated in the Figure 3.8, 

the predicted forces show a good agreement with the experimental values during the stance 

phase of the walk cycle. 
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 The calculated root mean square errors (normalized percentage RMS error) were 

72.6 N (10.2%), 22.6N (44%), and 31N (11%) for the Z (Superior-Inferior), Y (Lateral-

Medial) and X (Anterior-Posterior) directions respectively.    
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Figure 3.8: Predicted ground reaction forces compared to the experimental data 
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Figure 3.9: Model predicted muscle forces and experimental filtered surface EMG 

 

 

Figure 3.9 provides force predictions for the major muscles of the lower extremity as 

well as their measured filtered electromyography (EMG) data. EMG signals were full-wave 

rectified, and smoothed using a low-pass 2
nd

 order Butterworth filter with a cut-off 

frequency of 3Hz [Olree K. and Vaughan CL. 1995]. Illustrated in Figure 3.10, gluteus 

medius, gluteus maximus, rectus femoris, hamstrings, tibialis anterior, and gastrocnemius 

were selected for the surface EMG analysis [Olree K. and Vaughan CL. 1995]. 
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Figure 3.10: Major muscle groups were  selected for comparison 

 

In general, the predicted muscle forces followed measured muscle activation 

patterns. During the initial loading response (heel strike), the gluteus medius, gluteus 

maximus , quadriceps (rectus femoris and vastus group) and hamstrings supplied the 

majority of muscle forces to oppose the hip flexion and provide stability at the knee joint 

(Fig. 3.11). This assumption is valid since the measured EMGs have shown that these 

muscles are activated at the beginning of the stance phase.  Directly after contralateral toe-

off (when the left leg leaves the ground) the quadriceps group acts to extend the knee 

therefore these muscles are activated during mid-stance. In contrast, the gastrocnemius acts 

during the late-stance to flex the knee while creating an ankle plantar flexion (Fig. 3.11).   

 

 

 

Gluteus medius 

Gluteus maximus 

Hamstrings 

Gastrocnemius 

Rectus femoris 

Tibialis anterior 
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Early-stance 

 

 

 

 

 

Mid-stance 

 

 

 

 

 

 

Late-stance 

 

Figure 3.11: Hip and Ankle joint rotations during heal strike, mid-stance, and late-stance 

of the walk cycle  

 

 
 

Figure 3.12: Predicted lateral and medial contact forces on femoral condyles 
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Predicted lateral and medial contact forces are presented in Figure 3.12. The 

predicted results show that the total distributed force was concentrated on the medial 

component of the femoral cartilage. Furthermore, the total tibio-femoral contact force shows 

the familiar “double-bump pattern”, with first bump occurring after opposite toe-off and the 

second bump occurring  prior to opposite heel-strike (Fig. 3.13). The average and maximum 

total contact force across the knee joint were predicted 2.7 BW and 5.3 BW (person body 

weight was 510 N) respectively.  

 

 
 

Figure 3.13: Total contact force on tibio plateau during the stance phase of gait 
 

 

 

Figure 3.14 provides pictures of the tibia plateau and menisci looking through the 

femur, at three different time steps during the simulation. As it has been illustrated(Fig. 

3.14), at the beginning of stance phase, while the knee flexes, the menisci geometries move 

posteriorly and then immediately after opposite toe-off they start to move anteriorly. This 

observation is in agreement with the study by Vedi et al. (1999) on menisci movements.  
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Figure 3.14: Load distribution in the medial and lateral meniscus with their deformation  

during the gait  

 
Figure 3.15: Total circumferential tension force for each meniscus 
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The difference in the circumferential tension within menisci was also compared 

between the lateral and medial meniscus (Fig. 3.15). During the early stance, both menisci 

were experiencing their maximum tension. The maximum tension force was approximately 

2 times greater in the lateral side than medial side. The difference might be explained by a 

defected structure observed in the medial meniscus (Fig. 3.16). This degeneration caused 

uncontrolled movements and loss of menisci functionalities in the medial side. As a result, 

during the simulation the medial meniscus did not conform well to its respective tibial and 

femoral articulation surfaces therefore provided minimal load distribution.    

    

 

Figure 3.16: Picture of the menisci and tibial plateau for the cadaver knee and model 

 

Ligament forces during the stance phase of gait were also calculated (Fig 3.17). As 

discussed in section 2.2.4, the origin and insertion sites of different ligaments were 

determined from MRI and point clouds obtained by physically probing the cadaver knee. 

The net forces in respective ligaments were the result of adding up all individual bundles.   

Defected Area 
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Figure 3.17: Ligament forces during the stance phase of the gait 

 

 

 

  

Figure 3.18 : Comparison of predicted magnitude of medial and lateral contact forces in 

the model with menisci and without menisci 
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Total contact forces on the medial and lateral tibia plateau for simulation with and 

without menisci are shown in figure 3.18. As it can be seen, inclusion of menisci provides a 

significant reduction in peak contact force on the lateral tibia articular cartilage. At the early-

stance, the lateral peak contact force is 1021 N for a simulation without menisci and 655 N 

with menisci. In contrast, removing the menisci did not change the force significantly on 

medial side. Figure 3.18 also shows the knee joint during the simulation for the model with 

and without menisci.  

Figure 3.19 and 3.20 show a comparison of the hip and ankle joint orientations 

during the inverse and forward dynamics simulations, for the case with and without menisci. 

Results indicated that the addition of the menisci improved the forward dynamics prediction 

on tracking desired trajectories of anatomical joint angles. Table 3.5 shows the calculated 

root mean square (RMS) error of the predicted hip/ankle orientations between the forward 

dynamics predictions and inverse dynamics one. The normalized root mean square error was 

also calculated as a ratio of RMS error to the range of motion for the model with menisci 

and without menisci.   

 

 

Figure 3.19: Hip orientations over the stance phase of the gait cycle 
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Figure 3.20: Ankle orientations over the stance phase of the gait cycle 

 

Table 3.5 

Calculated root mean square error (RMS error) and the percentage of normalized root 

mean square error (NRMS error) for the hip and ankle joints orientations  
 

  Hip Ankle 

 
 

Flexion 

Extension 

Adduction 

Abduction 

Internal 

External 

Flexion 

Extension 

Adduction 

Abduction 

Internal 

External 

R
M

S
 

er
ro

r 

With 

Menisci 
0.74deg 0.59 deg 0.44 deg 0.57 deg 1.24 deg 0.95 deg 

Without 

Menisci 
1.05 deg 1.00 deg 0.70 deg 1.04 deg 1.78 deg 1.60 deg 

N
R

M
S

 

er
ro

r 

With 

Menisci 
1.56 % 9.38 % 2.7 % 3.34 % 46.00 % 14.40 % 

Without 

Menisci 
2.21% 15.89 % 4.33 % 6.00 % 67.00 % 24.26 % 

 

Ligament forces were recalculated for the simulation without menisci and compared 

to the model with menisci (Fig 3.19). Only anterior cruciate ligament (ACL) force increased 

significantly after removing the menisci. The predicted average forces during the stance 

phase for all ligaments are reported in table 3.6.  
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Figure 3.21: Comparison of ligament forces 

 

Table 3.6 

Average forces predicted in the knee ligaments during the stance phase of gait for the 

case with inclusion of the menisci and without of the menisci 

 

 ACL PCL MCL LCL 

With Menisci 29.8 N 88.0 N 496.0 N 58.5 N 

Without Menisci 48.0 N 90.1 N 491.7 N 52.2 N 

 

3.5. Simulation time 

The computational time for the multibody tibio-menisco-femoral model was 30 s of 

computation time for each second of simulation time (0.01 s step size, default ADAMS 

solver, desktop PC (Dual Core 5160 Xeon Processor (3 GHz) with 2GB of RAM)). And the 

computational time for the musculoskeletal model with 45 muscles with inclusion of a 

detailed model of the knee with menisci was 178 second (0.005 s step size, contacts 

optimized ADAMS solver, desktop PC (Intel® Xeon® Processor (3 GHz) with 9GB of 

RAM)).  
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CHAPTER 4 

DISCUSSIONS 

 

The motivation for this work was to develop dynamic 3D anatomical knee models 

that have a computational efficiency sufficient for incorporation in forward dynamics 

movement simulations. Presented here is a method to represent the menisci within a 

multibody framework and study their motions and functionalities in a musculoskeletal 

model. 

It has been shown that inclusion of the menisci provides a small improvement in 

kinematics and a significant difference in the distribution of tibio-femoral loading during 

activates. This may indeed suggest that the menisci should be included in investigations 

where cartilage loading is important.   

In order to measure the model accuracy, the root mean square error (RMS error) and 

the normalized root mean square error (NRMS error) were reported. Usually a model with 

small RMS and NRMS errors is considered to be “good”. Although, there is no absolute 

criterion for a “good” value of normalized RMS error, in this study predictions with 

normalized RMS error less than 20% were considered to have a good agreement with the 

values observed from experiments.  
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In the first step the knee model where loaded by placing it within a model of a 

dynamic knee simulator. This was an intermediary step in model development that facilitates 

model validation as the forces applied to the knee simulator were known and bone motion 

could be directly measured. This method demonstrated that during the simulated walk cycle 

in the knee simulator, the menisci provide only a secondary kinematic constraint. Although 

the simulated walk cycle was based on ISO specification 14243-1:2002, it was modified and 

slowed to 10 sec because of technical limitations. A typical walk cycle is approximately 1 

sec. The predicted peak contact force without the menisci was 937N at 82% gait for the 

lateral condyle and 1735N at 50% of gait for the medial condyle. The maximum contact 

force for the lateral condyle occurs during the swing phase of stance. This high compressive 

load during swing was due the high force from the quadriceps actuator required to extend 

the knee in the dynamic knee simulator (Fig. 3.5). The developed knee model had accurate 

prediction of the tibio-femoral motion, patello-femoral motion, and quadriceps force of the 

cadaver knee loaded in the dynamic knee simulator (normalized RMS error less than ~ 

20%). But, the accumulated orientation errors in the Euler sequence prevented accurate 

prediction of tibio-femoral and patella-femoral 3
rd

 rotations (normalized RMS error greater 

than 50%). 

 Since the kinematics and quadriceps force were replicated accurately by the model, 

it is believed that the predicted contact forces were representative of the contact forces of the 

cadaver knee during the walk cycle in the knee simulator. However, this could be verified if 

the experimental measured force was available.  

Inclusion of the menisci significantly reduced tibio-femoral contact forces on the 

lateral side. But, meniscus inclusion did not show a significant reduction on the medial side, 
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even slightly increasing the maximum contact force. The cadaver knee was from a 78-year-

old female and the medial meniscus only covered the outer periphery of the tibial plateau 

(Fig. 3.16). During simulation, the medial meniscus did not conform to the medial femoral 

condyle and only provided minimal load transfer. It is possible that a decrease in the size of 

the menisci with age could be a significant factor in development of osteoarthritis.  

A macro was written to automatically divide the MRI derived geometries of the 

menisci, assign material properties, and define contacts with neighboring cartilage. 

Properties for 6×6 spring matrices connecting the menisci elements and deformable contact 

parameters for the cartilage–cartilage and cartilage–meniscus contacts were derived from a 

Finite Element solution [Mishra M. 2010]. However, this could be improved through 

designing an experiment to measure contact forces directly, for example through pressure 

paper placed between the meniscus and tibial plateau, or determine meniscus displacement 

under a semi-physiological loading condition [Paiva G. 2010].   

The final goal of this study was to incorporate the developed knee model within a 

lower extremity musculoskeletal model and simulate the knee kinematics during the stance 

phase of a gait cycle (approximate simulation time was 0.5 sec). The musculoskeletal model 

was capable of predicting ground reaction forces, muscle and ligament forces as well as 

tibio-menisco-femoral contact mechanics.   

As it can be seen in Figure 3.1, the predicted ground reaction forces during the stance 

phase followed the experimentally measured forces very well (normalized RMS error of ~ 

10%), with the exception of 2
nd

 peak seen in the vertical force. Traditionally a “double bump 

pattern” is presented for the vertical ground reaction force. The 1
st
 peak is associated with 
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deceleration during heel-strike and the 2
nd

 with acceleration during push-off [Nigg M. and 

Herzog W. 2007]. 

 As it is described in section 2.4.1, in the current study the foot model was consisted 

of eleven ellipsoidal surfaces to simplify the foot-floor contact model. This simplification 

might also explain the higher normalized RMS error observed in medial-lateral direction (~ 

40%). It is believed that replacing an anatomical model of foot or shoes with the simple 

ellipsoids would provide a better force prediction. Also the metatarsophalangeal joint was 

ignored in the current study. It has been shown that the metatarsophalangeal joints affect the 

foot motions specifically during push-off [Zatsiorsky VM. 1998].  

Predictions of the muscle activation timing from the feedback control approach had a 

good agreement with measured EMG. However the disadvantage of this method is that they 

do not adequately predict the co-contraction of antagonistic muscles during gait. The use of 

more sophisticated models of muscle such as Hill-models could recover this weakness.   

The predicted lateral and medial knee contact force (Fig. 3.12) indicated that the 

medial compartment of the knee joint is experiencing much larger forces compare with the 

lateral compartment. This observation may explain why osteoarthritis occurs more often in 

the medial compartment of the knee joint than lateral compartment.  

The predicted tibio-femoral contact force on an instrumented prosthetic knee during 

the gait was provided in several literatures [Zaho D. et al. 2007, Kim J. et al. 2009]. For 

example Zhao D. et al. (2007) reported a peak contact force of ∼670N at 20% gait cycle for 

the lateral contact and a peak contact force of ∼800N at 50% gait cycle on the medial side of 

a knee implant. In a similar study, Kim J. et al. (2009) predicted tibial contact forces for 

three different walking speeds from a single male patient (80 years old, and a body weight of 
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68 kg). The total maximum calculated knee load was about 2.7 BW and it occurred during 

the late-stance. 

Due to the fact that the subject for the musculoskeletal model was different than the 

cadaver based anatomical knee, the maximum total force in current study was much larger 

than those seen in previous studies. In addition, a large predicted gastrocnemius force at the 

end of mid-stance (~ 60% of stance phase) flexes the knee prior to the opposite heel-strike 

which the corresponding peak in the tibio-femoral force also occurs at this time.    

It is believed that the forces acting on knee joints are dependent on the muscle forces 

crossing the joint and developed ground reaction forces [Kim J. et al. 2007]. Therefore any 

improvement in estimation of these forces would provide a better prediction.  

Menisci movements were well described in Vedi V. et al. (1999) study. They used an 

“open” magnetic resonance scanner to scan an intact in vivo knee under load in all different 

positions. Using such a scanner, they observed that the menisci move posteriorly as the knee 

flexes and the lateral meniscus is more mobile than the medial meniscus. Figure 3.14 

indicates a good agreement with this experimental report. 

In order to prevent the meniscus from extruding out of the joint, under the 

compressive tibio-femoral force, internal forces act circumferentially inside the meniscus 

shown in Figure 3.14. This provides the menisci functionality to support the knee while the 

load is applied over the knee joint. The maximum circumferential forces were 2500 N for 

the lateral side at ~ 11% of the stance phase and about 1080 N for the medial side at ~ 20% 

of the stance phase. These results, however, have not been verified since there are no 

published studies investigating similar conditions  
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The magnitude of the ligament forces calculated in the current study is depicted in 

figure 3.17. The material properties of the ligaments were taken form cadaver based study, 

presented in section 2.2.4.  The largest forces occurred in the MCL and PCL. The maximum 

force in MCL was approximately 576 N at 96% of the stance phase. The maximum force of 

526 N occurred in the PCL, approximately at mid-stance, to provide resistance to the tibia 

rotation. Although the maximum forces were larger compared with other published studies 

[Morrison JB. 1970, Yang NH. et al. 2010], Morrison (1970) notes that the forces in knee 

ligaments can vary significantly between individuals due to subject specific gait 

characteristics and knee joint geometries. The limitation of using cadaveric knee geometry 

along with gait data from a similar size female may also contribute to the larger ligament 

forces. 

Finally exclusion of the menisci increased the average tibio-femoral contact forces 

by 67% and 9% on the lateral and medial side respectively. In addition, during the forward 

dynamics simulations, tracking the desired trajectories of anatomical joints was improved by 

preserving the menisci in the model.  Table 3.5 indicated that the calculated RMS errors and 

the normalized RMS errors were increased by removing the menisci. Therefore, in contrast 

to the early results from the knee simulator model, it has been shown that the menisci had a 

kinematics constraint function in the knee joint. A comparison between these two models 

may suggest that it is essential to have a realistic walking pattern and simulation to obtain a 

most realistic prediction of the soft tissues behaviors. However, not much change has been 

seen in ligament forces after removing the menisci, with the exception of ACL (the average 

force in ACL increased by 60%). These results clearly demonstrated menisci functionalities 

as a load distributor as well as kinematics constraint in the knee.  
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Almost all musculoskeletal models, whether based on inverse dynamics or forward 

dynamics, are implemented using a multibody framework. Generally the development time 

of the multibody models is much faster than development and meshing time of the finite 

element models. In presented study, the computational time to solve the inverse and forward 

dynamics problems were less than 10 minutes. Although no attempt was made to optimize 

computation time of the multibody model via meniscus element size, solver settings, parallel 

processing, or other means, it is believed that the computation time of the model could be 

significantly reduced. 

In summary, the limitations of this study include: (1) concentrating only on the 

stance phase of a walk cycle and ignoring the swing phase, (2) using a cadaveric knee 

geometry along with gait data from a subject with similar size, (3) accurate alignment of the 

knee joint with the hip and the ankle, (4) using feedback controls to predict muscle forces 

only based on a target length/time curve, and (5) parameter optimization for multibody soft 

tissue was performed only based on finite element solutions. Future work will include 

expanding the range and complexity of the activity to capture the entire walk cycle. 

Obviously, to improve prediction accuracy and reduce uncertainties, developing subject-

specific musculoskeletal models from their detailed MRI datasets is suggested. Also, using 

more sophisticated techniques, such as iterative feedback tuning approaches or applying hill-

models to predict muscle forces and muscle activations could improve prediction of joint 

forces. Finally driving multibody tissue parameters directly from experimental 

measurements may be help to ensure the validation step.  
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