
UNIVERSITY OF CALGARY 

In-vivo Quantification of Patellofemoral Joint Contact Force 

Using a Mathematical Model 

by 

Sharon Nicole Baker 

A THESIS 

SUBMITTED TO THE FACULTY OF GRADUATE STUDIES 

IN PARTIAL FULFILMENT OF THE REQUIREMENTS FOR THE 

D E G R E E OF MASTER OF SCIENCE 

DEPARTMENT OF MECHANICAL AND MANUFACTURING ENGINEERING 

CALGARY, ALBERTA 

JANUARY, 2002 

© Sharon Nicole Baker 2002 



 
 
 
The author of this thesis has granted the University of Calgary a non-exclusive 
license to reproduce and distribute copies of this thesis to users of the University 
of Calgary Archives.  
 
Copyright remains with the author.  
 
Theses and dissertations available in the University of Calgary Institutional 
Repository are solely for the purpose of private study and research. They may 
not be copied or reproduced, except as permitted by copyright laws, without 
written authority of the copyright owner. Any commercial use or re-publication is 
strictly prohibited. 
 
The original Partial Copyright License attesting to these terms and signed by the 
author of this thesis may be found in the original print version of the thesis, held 
by the University of Calgary Archives.  
 
Please contact the University of Calgary Archives for further information: 
E-mail: uarc@ucalgary.ca
Telephone: (403) 220-7271  
Website: http://archives.ucalgary.ca  
 

http://www.ucalgary.ca


ABSTRACT 

Abnormal patellofemoral joint contact mechanics are speculated to play a role in 

cartilage degeneration. A two-dimensional joint contact model of the human patel

lofemoral joint was presented to quantify joint contact force and stress. Internal 

joint geometry was determined non-invasively using magnetic resonance imaging 

of the knee under physiologic loading conditions. Knee joint moment arms were 

determined from magnetic resonance images, measured from a functional joint 

centre calculated from individual knee kinematics. Hamstrings muscle forces were 

quantified for inclusion in the 2D patellofemoral joint model using a technique to 

estimate muscular force distribution non-invasively. Inclusion of these parameters 

in the patellofemoral joint contact model is expected to yield contact force and 

stress estimates that account for joint adaptations that may accompany knee injury 

or pathology. The methodology presented in this study was tested on healthy hu

man knee joints to provide a basis for future comparison with injured subject 

groups. 
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1.0 INTRODUCTION AND OVERVIEW 

1.1 INTRODUCTION 

The knee is an integral part of lower extremity function and is essential for accom

plishing everyday activities. Movements such as walking, stair climbing, sitting in 

and rising from a chair require varying degrees of knee mobility. The knee also 

supports the weight of the upper body. When body weight is coupled with dynamic 

activities, the knee may be subjected to loads that are several times greater than 

body weight alone. High repetitive loading makes the knee joint very susceptible to 

injury, which is often the initiating factor for a more serious degenerative joint con

dition. The relationship between knee joint injury and the development of chronic 

degenerative joint disease is a complex one that is not well understood. One 

speculation is that altered joint mechanics may play a role in the initiation of joint 

degeneration. The study of knee biomechanics has the potential to provide infor

mation about joint mechanics in both the normal and the injured knee joint. 

The knee appears to function as a simple hinge joint, but in fact the articulation of 

the knee joint is much more complex. There are three distinct articulations within 

the knee: two between the tibia and femur (at the medial and lateral femoral and 

tibial condyles) and one between the patella and femur (Figure 1-1). 

The patellofemoral (PF) joint is susceptible to overuse injuries, chronic pain and 

degeneration. As a result, P F joint anatomy and biomechanics have been fre

quently studied in order to gain an understanding of the conditions that plague this 

joint. The overall motivation for this thesis research is to learn more about the role 

that joint mechanics play in the relationship between joint injury and degenerative 

joint disease. Biomechanics of the PF joint will be explored in this thesis with goal 

of accurately quantifying joint contact force and stress. The following sections de-
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scribe the anatomy and function of this joint, as well as the rationale specific aims 

for this study. 

Figure 1-1. Knee joint anatomy. The quadriceps tendon has been transected 
above the patella to show the retropatellar surface and internal knee struc
tures. (Adapted from Ahmed et al., 1983.) 

The patella is a large sesamoid bone whose primary function is to facilitate knee 

extension performed by the quadriceps muscles. The articular cartilage of the pa

tella is the thickest in the human body and can be up to 5 mm thick (Fulkerson and 

Hungerford, 1990). The articular surface is divided into lateral and medial facets 

separated by a ridge. The lateral facet usually predominates in size. Some patellae 

also have a third odd facet on the medial side. The specific configuration of the ar

ticular surface is determined by the underlying bone and by variations in thickness 

of the patellar cartilage. Roughly 25% of the posterior surface of the patella does 

not articulate with the femur. The quadriceps tendon inserts at the superior anterior 
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third of the patella. The inferior third of the patella is a V-shaped point that is envel

oped by patellar tendon or patellar ligament. The medial and lateral borders of the 

patella serve as attachment sites for the joint capsule, patellofemoral retinaculum, 

and the vastus lateralis and medialis muscles of the quadriceps group. 

At the distal end of the femur is the trochlear surface, which is divided into medial 

and lateral facets connected by a shallow groove that conforms to the shape of the 

patellar articular surface. This groove deepens into the intercondylar notch be

tween the medial and lateral femoral condyles. The cartilage is thinner on the fe

mur than on the patella (only 2-3 mm thick) and is typically thinner on the medial 

facet than on the lateral facet. In full extension with the quadriceps tightened the 

patella articulates with a fat pad located superior to the trochlear surface of the fe

mur. In full flexion the patella articulates with the medial and lateral condyles of the 

femur. The femoral condyles contact the tibial plateau in full extension. 

The patellofemoral joint owes much of its stability to the soft tissues that surround 

the joint. The four quadriceps muscles converge to the quadriceps tendon and at

tach superiorly onto the patella. The patellar tendon (ligament) joins the apex of the 

patella with the tibial tubercle. Additional medial and lateral retinacula, along with 

the joint capsule, illiotibial band, and patellar tendon passively stabilize the patel

lofemoral joint. These passive stabilizers, the bony confines of trochlea and active 

muscle stabilizers limit patellar movement (Fulkerson and Hungerford, 1990). 

The primary function of the patella is to facilitate knee extension. Knee extension 

torque or moment is the product of the quadriceps force and the length of the joint 

moment arm through which it acts. The moment arm is defined as the perpendicu

lar distance between the knee joint centre of rotation and the line of action of the 

patellar tendon. The patella increases the moment arm of the muscle attachment 

as the knee is extended. The maximum effect of this increase occurs at a knee 
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flexion angle of roughly 20 degrees, where the height of the patella accounts for 

nearly one-third of the extension moment arm. 

The patella also acts as a site of convergence for the four quadriceps muscles and 

through its articular congruity with the femoral groove produces stability of these 

four muscles under load. The articular cartilage of the patella provides an ideal en

vironment for bearing high compressive loads. The viscoelastic properties of carti

lage allow it to deform to distribute the contact load over a large area. The resultant 

patellofemoral compression force is due to the component of the force in the quad

riceps tendon and patellar tendon perpendicular to the articular surface of the pa

tellofemoral joint (Figure 1-2). 

Figure 1-2. Two-dimensional forces acting on the patellofemoral joint. 
(Adapted from Fu et al., 1993). 

The magnitude of the compression force depends primarily on the knee flexion an

gle and the force in the two tendons. The relative force in the quadriceps and patel-
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lar tendons varies with knee flexion angle; at small angles the patellar tendon force 

is higher while at large flexion angles the quadriceps tendon force is higher. 

The patellofemoral joint is primarily stabilized by surrounding soft tissues. Conse

quently, this joint is susceptible to a variety of injuries. Injury to the knee may be 

chronic, continuing for a long period of time, or acute, having a short onset and se

vere course. In either case the biomechanics of the joint are frequently altered as a 

result of structural or functional changes. 

Some structural problems of the patellofemoral joint of the knee are related to indi

vidual anatomy. These conditions are generally referred to as patellar dysplasias 

(Fulkerson and Hungerford, 1990), which includes abnormalities in shape or posi

tion of the patella or trochlear groove of the femur with which the patella articulates. 

For example, the patellar may rest abnormally high or low in the trochlear groove of 

the femur. In most cases, patellar dysplasias alone do not cause pain or symptoms 

in the joint. Dysplasias can alter tracking patterns of the patella during a range of 

motion and can lead to frequent patellar subluxation or dislocation. 

Anterior knee pain (AKP) is another common chronic condition of the patel

lofemoral joint. AKP is a general term that may be used to describe any condition 

or combination of conditions that afflict the patella, trochlea of the femur, or sur

rounding soft tissue. Some of these conditions are patellofemoral pain syndrome 

(PFPS), retinacular pain, patellar tilt/compression syndrome, peripatellar tendonitis 

or bursitis (e.g. Fulkerson and Hungerford, 1990, Thomeé et al., 1999). The most 

common condition of this group is P F P S . Factors that increase the risk of develop

ing P F P S are malalignment of the lower extremity, muscular imbalance around the 

knee and overactivity (Thomeé et al., 1999). P F P S is most often treated conserva

tively through physiotherapy, bracing, taping, orthotic treatment or strength training 

(Brody and Thein, 1998). Surgical interventions such as a retinacular release or 

tendon transfer are generally not recommended but may be required in some 
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cases to restore normal function when conservative treatments are not successful 

(Davidson, 1993). 

Other structural problems of the knee are related to acute injury, such as a liga

ment rupture. Anterior cruciate ligament (ACL) rupture is a common and frequently 

occurring knee injury (Noyes et al., 1980, Learmonth, 1991). Tears or strains to 

other supporting ligaments in the knee (posterior cruciate ligament, medial and lat

eral collateral ligaments), may also occur alone or in combination with ACL injury 

and are detrimental to normal knee function. An ACL tear that occurs in a young, 

active individual is typically repaired through surgical reconstruction using a tendi

nous graft from the hamstrings or patellar tendon. Many individuals, however, are 

able to treat an ACL tear conservatively and return to activity, remaining ACL-

deficient. Conservative treatment involves compensating for reduced knee stability 

both internally, by strengthening muscles surrounding the knee, and externally, 

with the use of bracing techniques. 

Both chronic and acute conditions of the knee can produce pain and limit function 

of the joint. These conditions are usually treated either operatively or conserva

tively and managed over time. More serious problems of the knee that have fewer 

treatment options are chondromalacia and osteoarthritis. Chondromalacia is the 

progressive softening of articular cartilage. As this disease progresses the cartilage 

becomes fibrillateci and eventually begins to thin and erode (Fulkerson and Hun

gerford, 1990). Osteoarthritis (OA) is the painful end-stage condition where the ar

ticular cartilage has completely eroded and contact occurs on the underlying bone 

surface. Early OA may be treated conservatively through drug therapy, weight loss, 

muscle strengthening and non-weight-bearing exercise. Cartilage transplantation to 

repair defects in the articular surface is a promising treatment, but has yet to be

come widely available and feasible alternative. Currently, the most effective treat

ment to relieve the pain of end-stage OA is a total joint replacement. 
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There are many factors that are speculated to create a predisposition to os

teoarthritis. Some of these factors are obesity, previous knee injury or trauma, age, 

gender, ethnic origin and genetics (Cooper et al., 1994, Felson et al., 2000). While 

the etiology of OA is unknown, one commonly speculated cause is abnormal joint 

loading leading to joint degeneration. An increase in joint contact stress may occur 

from a single traumatic overload, repetitive micro-traumatic episodes, continuous 

pressure from chronic patellar malalignment, or a high load acting over a reduced 

contact area as in a dysplasia (Fulkerson and Hungerford, 1990). Increased com

pressive loading or loading rate has also been shown in an in-vitro experimental 

setting to produce cartilage breakdown that is similar in appearance to early de

generative changes characteristic of OA (Radin and Paul, 1971, Weightman et al., 

1973, Repo and Finlay, 1977). 

From a mechanical perspective, increasing the load on a material past the thresh

old that it is designed to withstand is a sure way to induce failure. What is interest

ing about cartilage is not only its response to increased loads but also the fact that 

degenerative changes are produced when cartilage is not loaded. Cartilage has 

been shown to soften in immobilized knee joints of animals (Jurvelin et al., 1986). 

Palmoski et al., 1980 examined knee joints of dogs that had undergone a unilateral 

paw amputation. Joint motion, but not joint loading occurred at these knee joints for 

a period of six weeks. Thinning of cartilage and changes in cartilage matrix proper

ties were observed in the amputated limbs. These changes were identical to those 

found after joint immobilization. Therefore it seems that loading specifically, not 

merely joint motion, is required to maintain healthy cartilage. 

Certain injuries or conditions of the knee that produce abnormal loading on the pa

tella seem to predispose individuals to cartilage degeneration at the PF joint. A 

very common acute injury that may cause this predisposition is ACL rupture. In 

animal joints, surgical ACL-transection is a standard experimental protocol for in

ducing joint degeneration and osteoarthritic changes in the knee joint (Pond and 
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Nuki, 1973, Sah et al., 1997, Herzog et al., 1998). Longitudinal studies in humans 

have also shown radiographic evidence of early degenerative changes in the knee 

joint after an ACL rupture, with or without surgical ligament reconstruction (Pattee 

et al., 1989, Conteduca et al., 1991, Jomha et al., 1999). 

Other chronic conditions of the PF joint may also produce abnormal loading that 

can contribute to cartilage degeneration. Anterior knee pain or patellofemoral pain 

syndrome, while not directly linked to the development of chondromalacia or OA 

(Davidson, 1993), may indicate a malalignment or soft tissue imbalance that could 

lead to future problems. A stiff or shortened lateral retinaculum by itself or in com

bination with a weakened vastus medialis obliquus muscle may cause excessive 

lateral facet pressure on the patella (Fulkerson and Hungerford, 1990). In-vitro ex

perimentation has also demonstrated that an increase in Q-angle of the knee (the 

angle between the lines of action of the quadriceps and patellar tendons), which is 

characteristic of valgus malalignment, resulted in a shift in PF contact area to the 

lateral patellar facet (Huberti and Hayes, 1984). In cases of patellofemoral OA, the 

lateral patellar facet is more often affected than the medial facet (Iwano et al., 

1990, Elahi et al., 2000). Elahi et al. (2000) also found that the majority (57%) of 

lateral PF OA cases occurred in knees exhibiting valgus malalignment. There is 

evidence to suggest that joint malalignment and soft tissue imbalance may be 

causes of both PF pain and cartilage degeneration. While there may be no direct 

clinical relationship between PF pain and cartilage degeneration, significant evi

dence exists to link the two conditions. 

Experimental findings indicate that cartilage matrix requires a certain amount of 

mechanical load to maintain its composition (Urban, 1994) and that excessive or 

insufficient load results in cartilage degradation (Weightman et al., 1973, Palmoski 

et al., 1980). The optimal range of load required has yet to be quantified in the hu

man knee joint. It is also unclear what loading magnitude cartilage in the P F joint 

experiences in healthy, clinically normal knee joints and how the loading changes 
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with chronic or acute knee injury. If the range of optimal joint stress in the normal 

knee could be determined, then it could be possible to monitor injured joints to see 

if abnormal loading is present and if cartilage degenerates under those conditions. 

To investigate how joint loading is related to degenerative changes in articular car

tilage and how the onset and progression of joint degeneration affect that relation

ship, it is necessary to monitor joint contact force and cartilage health over time. 

This strategy could also be used to investigate the effects of various treatments or 

therapies for joint injuries on the resulting contact force distribution. 

To determine how joint contact force changes with knee joint injury and to under

stand how joint injury and joint loading may be related to degenerative disease, it is 

necessary to study joint contact forces in normal and injured knees. Anterior cruci

ate ligament deficiency is a condition that is frequently studied. The relationship 

between ACL deficiency and OA has been demonstrated in the dog (Pond and 

Nuki, 1973, Brandt et al., 1991), the rabbit (Sah et al., 1997) and the cat (Herzog et 

al., 1998). In animal studies it is possible to perform invasive procedures, such as 

ACL transection, and to follow the progression of the resulting cartilage degenera

tion. In humans, long term studies can be designed to monitor ACL deficient sub

jects over a period of years to see whether knee pain or degeneration develops 

(e.g. Jomha et al., 1999). Cadaver studies are also useful for looking at joint con

tact pressures (Huberti and Hayes, 1984) and joint tracking patterns (Powers, 

1999). The next step in understanding how joint contact force and stress change 

with injury such as ACL rupture and may contribute to joint degeneration is to 

quantify contact forces and stresses in-vivo, and to compare between populations 

of normal and pathological joints. 

Joint contact force can be determined through direct or indirect experimental 

measurements. PF contact force has been measured directly through the use of a 

load cell surgically implanted in the patellae of cadaver joints (Singerman et al., 

1995). Contact force has also been measured indirectly by measuring contact 
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stress and dividing by the contact area (Huberti and Hayes, 1984). Contact pres

sure has been measured in-vitro using piezoresistive pressure transducers (Fergu

son et al., 1979, Ahmed et al., 1983) or pressure sensitive film (Huberti and Hayes, 

1984, Ronsky et al., 1995). A limitation of these experimental methods is that each 

involves inserting a measuring device into the joint and therefore potentially alter

ing contact forces and areas with the invasive procedure. These techniques are 

also not suitable for in-vivo study in human knee joints. Measurement techniques 

such as pressure film allow single measurements at one joint angle and informa

tion for a whole range of motion must be assembled from measurements at dis

crete knee angles. 

Joint modelling has become useful in biomechanics for predicting contact forces 

and stresses based on external forces that can be measured more easily and often 

less invasively. Some studies have calculated contact force or stress from a theo

retical model, but still rely on input values that were obtained invasively. Matthews 

et al. (1977) measured PF contact areas using a staining technique and combined 

these measurements with known applied quadriceps tendon force and joint geo

metric parameters determined radiographically. Ahmed et al. (1987), Ronsky et al. 

(1995) and Hasler and Herzog (1998) measured patellar tendon forces using an 

implantable force transducer for input to a PF joint model. These types of studies 

that combine contact force or stress calculations with internal measurements are 

limited to in-vitro studies in human cadavers or in-situ/in-vivo studies with animal 

models. These techniques are not suitable for in-vivo applications in humans. They 

do provide subject-specific model inputs, which can be applied to a model to study 

differences between injured and uninjured subject groups or within one subject 

group before and after surgery or experimentally induced joint injury (e.g. Hasler 

and Herzog, 1998). 

Other biomechanical models of the knee have been constructed using model in

puts obtained in-vivo. Smidt (1973) and Macdonald et al. (1989) used knee exten-
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sor force generated by individual subjects and measured muscle moment arms 

from radiographs for input to a simple 2D model of the PF joint. Ronsky (1994) 

used magnetic resonance (MR) imaging to determine internal knee joint parame

ters non-invasively and measured rearfoot force generated by each subject as in

put to calculate PF contact force. These studies are non-invasive and use subject-

specific values to account for individual subject differences. A limitation of these 

studies to date is the simplified 2D representation of a three-dimensional joint and 

the calculation of average contact force with no information regarding force distri

bution over the patellar surface. 

Other joint models do not rely on subject-specific input values but either utilize av

erage input values obtained from previous experiments reported in the literature or 

optimize for unknown model parameters. A number of such models have been 

created to study the patellofemoral joint in both two dimensions (van Eijden et al., 

1986, Yamaguchi and Zajac, 1989, Gill and O'Connor, 1996) and three dimensions 

(Hirokawa, 1991, Hefzy and Yang, 1993, Heegaard et al., 1995). Mathematical 

models allow non-invasive prediction of joint contact forces. Models of this type are 

also useful for simulating a variety of knee pathologies or for evaluating surgical or 

therapeutic procedures. 

All models that have been developed for the patellofemoral joint rely on simplifying 

assumptions. Two-dimensional models typically make the assumption of contact 

occurring at a single point between the patella and femur. Joint contact force is de

scribed as a two-dimensional vector. Articular surface geometry is simplified to a 

cross-sectional view, usually in the sagittal plane. Joint contact stress, if calculated 

from a two-dimensional model, is an average contact stress determined by dividing 

the 2D-force vector by the total contact area. Three-dimensional models have the 

potential to provide more information about the distribution of contact force and 

stress at the PF joint, but also require more complex input values. To date, 3D 

models of the PF joint have been directionally appropriate, but adequately vali-
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dated and investigated model inputs are lacking, making it difficult to interpret and 

compare the model results. 

The ultimate goal of our research of joint contact mechanics is to be able to accu

rately model the PF joint to predict a 3D contact force distribution non-invasively. A 

model of this complexity requires all of the necessary 3D input values, a numerical 

iterative procedure to optimize and solve for unknown parameters and a method of 

validation. The model of the PF joint used for this thesis currently lacks sufficient 

inputs to justify the use of a 3D model to study joint mechanics. However, pro

gress toward a 3D model continues with new research into 3D model inputs that 

reflect subject-specific joint function. 

For the current project, a two-dimensional model of the patellofemoral joint has 

been developed (Ronsky, 1994). This model this will form the basis for in-vivo pre

diction of joint contact force. As an intermediate step toward the goal of developing 

a three-dimensional model, the assumptions made for the existing model can be 

evaluated for their applicability to the 3D situation. The model inputs can also be 

modified to account for changes to the knee joint that may accompany a knee in

jury. In this way the current model will become more versatile and applicable to 

many situations. By focusing on one or two specific model inputs, new techniques 

can be developed to make these inputs suitable for a 3D model that may be devel

oped in the future. Firstly the assumptions made in the current 2D model should be 

evaluated. 

Some assumptions made for a two-dimensional model of the PF joint do not reflect 

the actual three-dimensional nature of the joint structures. Similarly, the assump

tions made for models of the healthy PF joint may not adequately describe the in

jured or diseased joint. For example, one very common assumption made in PF 

joint models is frictionless contact between the patellar and femoral cartilage sur-
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faces. In the osteoarthritic knee joint, the cartilage is fibrillateci and eroded and fric-

tionless contact may not be a valid assumption (Obara et al., 1997). 

Knee joint geometry must be measured, calculated or assumed for a P F joint 

model. Joint geometry is characterized by numerous factors including articular sur

face shape and muscle and ligament lines of action, moment arms and attachment 

points. Many knee joint models use muscle lines of action and moment arms de

termined from cadavers, which may not represent a young, active subject group. 

Often the geometry used for models of the knee is based on only one joint, or av

eraged from a small sample. In these cases individual differences related to sub

ject-specific joint geometry are not represented. Models that use these simplifica

tions should be limited to predicting contact forces from joints of individuals that 

have the same age, gender, weight and joint injury characteristics as the sample 

from which the joint geometry was obtained. Patellofemoral joint kinematics and 

tracking patterns have been shown to vary considerably between individual knee 

joints (Hefzy et al., 1992, Powers, 1999). One explanation for the variation in patel

lar tracking is that the underlying joint geometry, both articular shape and soft tis

sue structure, influences dynamic motion of the PF joint. In order for the PF joint 

model to be useful it should be developed using subject-specific model inputs to 

reflect the variability between individuals. 

Muscle moment arms are required in mathematical PF joint force models for per

forming a moment summation to solve for unknown forces. The joint moment arm 

represents the ability of a particular muscle to generate torque about the knee joint 

centre. The knee joint centre is often simplified as a fixed anatomical location 

within the joint, but in fact the position of the joint centre or axis of rotation changes 

with knee flexion angle throughout a range of motion (Smidt, 1973, Blankevoort et 

al., 1990). The position of the joint centre of rotation depends upon the kinematics 

of the knee joint. Knee kinematics change with joint injury (Berchuck et al., 1990, 

Noyes et al., 1992) and therefore it may be speculated that the knee joint centre 
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changes as well. Muscle moment arms measured from a fixed joint centre of a 

healthy knee joint may not be the same as for an injured joint. When moment arms 

from healthy knee joints are assumed to represent those of an injured joint, the re

sult may be an incorrect estimate of joint contact force in the injured joint. 

Two-dimensional PF joint models assume that the quadriceps tendon force pulls 

on the patella in the sagittal plane. Force contributions from individual quadriceps 

and hamstring muscles and their lines of action around the knee joint are often not 

included in knee joint models. Models that make these assumptions to calculate PF 

contact force are often used for in-vitro studies in which quadriceps tendon force is 

applied axially by a mechanical actuator. This is not likely representative of the ac

tual function of the four muscles that make up the quadriceps. In the case of 

chronic anterior knee pain, a muscle imbalance may be present that causes the net 

quadriceps tendon force to be directed medially or laterally. Hamstring muscle 

forces are often assumed to be negligible. This assumption may be valid for the 

healthy knee joint, but evidence suggests that in the anterior cruciate ligament de

ficient knee the hamstring muscles are more active to provide knee joint stability in 

the absence of ACL integrity (Solomonow et al., 1987, Kàlund et al., 1990). Knowl

edge of subject-specific muscle forces and directions would be useful for providing 

information about how a muscular imbalance may affect joint contact pressures, or 

how muscles may compensate in the case of joint injury to minimize the change in 

joint function. 

The assumptions discussed above must be investigated before a two-dimensional 

PF joint model can be applied with confidence to both healthy and injured individu

als for the purpose of comparing joint contact force. Also many of the model inputs 

used for a two-dimensional model are not suitable for future development of a 

three-dimensional model. Some of the assumptions described above, such as fric-

tionless contact between the articular surfaces, are beyond the scope of this re

search and will not be investigated at this time. Two of the assumptions described 
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above will be evaluated in this thesis. The change in knee joint centre that may ac

company knee injury and altered joint kinematics is important to quantify for the 

purpose of measuring muscle moment arms. Quantification of quadriceps and 

hamstring muscle forces would be useful for application to the injured knee, to bet

ter understand how joint contact mechanics may be affected if hamstring activity is 

increased or a muscle imbalance is present. 

Clearly, to determine PF joint contact force in-vivo, a theoretical modelling ap

proach is required. It is quite likely that within healthy individuals the level of load

ing at the PF joint is different depending on age and body weight. Studies of patel

lofemoral kinematics also indicate a high level of individual variability, possibly as a 

result of the underlying articular geometry or soft tissue structure. There have been 

no previous studies reported in the literature involving joint contact force calcula

tions from a subject-specific knee joint model that accounts for individual differ

ences in joint geometry and muscular loading. Hamstring muscle forces and knee 

joint moment arms that change with knee kinematics may provide the necessary 

information to understand how knee joint function changes with injury compared to 

normal healthy knees. This information must then be included in a model of the pa

tellofemoral joint so that joint contact force and stress can be accurately deter

mined. 

1.1.1 Thesis Objectives and Specific Aims 

The overall objective of this current research is to understand the relationship be

tween joint contact mechanics, joint injury and the development of degenerative 

joint disease. A method will be developed whereby PF joint contact area and force 

can be estimated in-vivo. This method will be applied to determine a range of joint 

contact area and force for a group of individuals with healthy knees. The method 

will also be applied to a group of individuals with a knee injury, such as ACL defi

ciency. ACL injuries are known to result in higher incidences of degenerative 
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changes in the knee, making it more likely that a relationship will be observed be

tween PF joint contact stress and cartilage degeneration. 

A non-invasive method for quantifying in-vivo joint contact area and force under 

physiological loading conditions has been previously developed by our research 

group (Ronsky 1994). This approach is unique because it uses magnetic reso

nance (MR) imaging of the isometrically loaded joint to obtain subject-specific ge

ometry of the articular surfaces, muscle tendons and ligaments at specific knee 

flexion angles. Individual subjects generate load at the knee joint by pushing on a 

rearfoot pedal with the heel of the foot. Quantification of joint contact force was lim

ited to a 2D modelling approach with several simplifying assumptions relating to 

muscular force distribution and joint moment arms. Hamstrings forces were ne

glected in the existing model, though there is evidence in the literature to suggest 

that the hamstring muscles become more active as stabilizers in the ACL-deficient 

knee. Muscle moment arms were measured in two-dimensions from a fixed joint 

centre in the knee. Knee joint centre is functionally not a fixed point in the knee but 

changes as a function of knee flexion angle. Therefore knee moment arms also 

change with knee flexion angle and this information should be included in the 

model. The influence of inclusion of subject- and joint angle-specific moment arms 

on the resulting joint contact force should also be investigated. 

Using magnetic resonance images of PF articular surfaces, three-dimensional car

tilage surfaces can be reconstructed from the two-dimensional series of image 

slices. PF contact area can be calculated where the two surfaces are in contact. 

Average contact stress can then be computed by dividing the contact force esti

mate by the contact area value. In order to compare contact stress between differ

ent knee flexion angles of different individuals and between different time points for 

the same individual, a standard unit of comparison is desirable. By adjusting the 

rearfoot pedal input force generated by each subject so that the estimated P F con-
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tact force acting at the joint is the same, joint contact area may be compared as an 

indicator of the level of stress on the articular cartilage. 

The objective of this thesis is to modify the existing two-dimensional model of the 

patellofemoral joint to incorporate individual differences in muscular force distribu

tion and muscle moment arms about the knee joint. The model will then become 

suitable for future study of contact mechanics of both healthy and injured knee 

joints, where knee joint alignment or muscle force distribution may be different for 

different subject groups. Some of the model inputs will also be suitable to use in 

either a two- or three-dimensional model of the PF joint. This will benefit future ef

forts to construct a model to predict 3D joint contact force distribution. 

These study objectives will be accomplished through three specific aims: 

1. Quantify muscle moment arms using a functional knee joint centre that is deter

mined from joint kinematics and compare to moment arms determined from ana

tomical locations within the joint. 

2. Quantify muscle forces in the quadriceps and hamstring muscle groups during 

the loading task of interest. 

3. Determine how variations in muscle forces or muscle moment arms affect the 

estimation of patellofemoral joint contact force and stress. 

4. Predict the rearfoot loading during the MR scan that should be applied by the 

subject to result in a constant PF joint contact force at specific knee angles. 

The thesis is organized into five chapters, which each represent a component of 

the main thesis objective. Chapter two outlines a method for measuring in-vivo 

subject-specific joint moment arms using three different measurement reference 

points on the MR images of the knee. Chapter three addresses approaches for 

quantifying subject-specific muscular force magnitudes for input to the knee joint 

model. Chapter four introduces the 2D theoretical model used to calculate joint 

contact force. Model inputs calculated from chapters two and three are used to in-
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vestigate sensitivity of joint contact forces to changes in hamstrings forces and joint 

moment arms. Chapter five provides a final discussion and summary of the thesis, 

as well as recommendations for future directions for this research. Figure 1-3 illus

trates the relationship between data collection and analysis procedures proposed 

to meet the objective and specific aims of this study. 

EMG 

muscle forces 

muscle forces 
at knee joint 

Kinematics MRI scan 

experimental 
joint centre 

cartilage 
surfaces 

TPS 

tendon lines 
of action 

contact area 
and centroid 

7 
image joint 

centre location 

Patellar and hamstrings 
tendon moment arms 

externally applied 
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PF contact 
force 

PF contact 
area 

average PF 
contact stress 

Figure 1-3. Schematic of experimental acquisition of force model inputs. 
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2.0 USE OF A FUNCTIONAL JOINT CENTRE TO CALCULATE 

MUSCLE MOMENT ARMS 

2.1 INTRODUCTION 

The overall objective of this research is to understand the relationship between pa

tellofemoral joint contact mechanics, changes in contact mechanics with joint in

jury, and the development of degenerative joint disease. One speculation about the 

cause of joint degeneration is that abnormal joint loading above or below a certain 

threshold value is detrimental to the health of articular cartilage. The optimal range 

of loading for a healthy joint is not known, nor is it known how joint loading changes 

with knee injury or the onset of disease. It would be useful to quantify joint loading 

for clinically normal knees and also to be able to monitor joint contact forces in a 

group of individuals who may be more likely to develop joint degeneration, such as 

an ACL-deficient subject group. To accomplish this task a non-invasive method is 

required for quantifying joint contact force. 

Mathematical modelling has been described in the previous chapter as a method of 

non-invasively determining patellofemoral joint contact force. The challenge in de

veloping a model that accurately predicts joint contact force is to choose a level of 

complexity that is justified based on the model inputs that are available. The model 

that will be used for this study is a two-dimensional, sagittal plane model of the PF 

joint and lower leg that was previously developed by Ronsky (1994). The model 

represents the forces acting on the lower leg and PF joint during acquisition of a 

magnetic resonance (MR) image of the PF joint. The subject generates external 

isometric loading on a rearfoot loading device during the scan. This unique meth

odology provides a non-invasive technique to determine internal knee joint geome

try of the PF joint under loaded conditions. 
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The output of the model is an average, two-dimensional PF joint contact force. The 

model inputs that are required are applied rearfoot isometric force, lower leg 

length, knee flexion angle, hamstrings muscle forces and moment arm distances 

from the joint centre of the knee to the patellar and hamstrings tendons. The esti

mation of hamstrings muscle forces during the rearfoot isometric loading exercise 

is the subject of a separate component of this overall study that is presented in 

Chapter 3.0. Rearfoot isometric force was measured during the MR scan using an 

axial force transducer. Lower leg length and knee flexion angles of each subject 

were measured using a metre stick and goniometer, respectively. Moment arm dis

tances from the knee joint centre to the lines of action of the patellar and ham

strings tendons could be determined from sagittal plane MR images that were ac

quired for each subject. This chapter describes the methods used to calculate 

muscle moment arm values. 

A muscle moment arm represents the ability of a load-bearing structure to generate 

or resist angulation of the joint about its flexion axis (Lu and O'Connor, 1996). For 

biomechanics applications, the muscle moment arm has been mathematically de

fined as the distance from the joint rotation centre or axis to the muscle line of pull 

(Spoor and van Leeuwen, 1992). Muscle moment arms have been previously de

termined using a variety of techniques (e.g. An et al., 1984), some of which are in

vasive to the joint and not suitable for in-vivo analysis. Tendon travel and direct 

load measurement are invasive techniques that have been used to calculate mo

ment arm distances in the knee joint (Spoor and van Leeuwen, 1992, An et al., 

1984). These methods require joint dissection and are not suitable for determining 

moment arms non-invasively. 

Moment arms have been measured in-vivo using imaging techniques involving ra

diography (Smidt, 1973), videofluoroscopy (Kellis and Baltzopoulos, 1999(b)) or 

MR imaging (Wretenberg et al., 1996). These methods calculate moment arms as 

the perpendicular distance between the knee joint centre or axis of rotation and the 
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tendon line of action, which is identified in the images. The disadvantages of using 

radiography and videofluoroscopy are that they provide two-dimensional projection 

images of three-dimensional structures and they do not allow visualization of soft 

tissues. Videofluoroscopy may be used during a dynamic range of motion, while 

radiographs and MR images must be acquired statically. MR image acquisition 

time is high and therefore joint loading, if applied, must be very low to avoid muscle 

fatigue resulting in bony segment movement during the scan. However, MR imag

ing to date is the only non-invasive method that provides images of soft tissue 

structures in three dimensions. 

Geometric measurement techniques using non-invasive imaging all require muscle 

moment arms to be determined with respect to the joint centre or axis of rotation. In 

the physiologic knee joint, the joint centre is not a fixed anatomical location that is 

simple to identify. The joint centre or axis of rotation is a kinematic entity that 

changes based on the motion of the knee joint. Numerous techniques for defining 

the knee joint centre have been reported in the scientific literature, including defini

tions based on fixed anatomical landmarks and knee kinematics. 

Many studies have assumed that anatomical landmarks within the joint are repre

sentative of the joint centre. The tibiofemoral (TF) contact point is commonly cho

sen (Nisell et al., 1986, Wretenberg et al., 1996). This point is defined by bony ge

ometry and is therefore easy to identify using all types of non-invasive imaging. 

The cruciate ligament intersection point is another anatomical location that has 

been used to represent the flexion axis of the knee (Lu and O'Connor, 1996). This 

point is not visible using either radiographs or videofluoroscopy and therefore is not 

commonly used for experimental studies. The cruciate ligaments are clearly visible 

in sagittal MR images and the intersection of the two ligaments is easy to identify. 

However, a very common knee injury is rupture of the anterior cruciate ligament. 

The cruciate ligament intersection point can not be identified for an ACL-deficient 

subject. 
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Some studies have accounted for the movement of the joint centre with changing 

knee flexion angle. Smidt (1973), Rugg et al. (1990) and Spoor and van Leeuwen 

(1992) used a series of static images acquired at incremental joint flexion angles, 

superimposed the series of images and graphically determined a two-dimensional 

instant centre of rotation (ICR) at each knee flexion angle. The graphical method 

involves matching tracings of bony shapes in the joint. The manual nature of this 

method likely produces inaccuracy in the resulting joint centre approximation. 

These studies have also calculated two-dimensional joint centres that do not nec

essarily account for three-dimensional joint motion. 

Boyd and Ronsky (1998) used 3D kinematics of the cat knee to determine an in

stantaneous helical axis (IHA) that describes the movement of the tibia with re

spect to the femur. The patellar tendon moment arm was then calculated in three 

dimensions as the mutual perpendicular between the IHA and the patellar tendon 

line of action. Using this method the patellar tendon moment arm was calculated at 

flexion angles over a whole range of motion and was not limited to discrete flexion 

angles. The moment arm also changes as knee kinematics change with flexion an

gle. The position of the IHA relative to the knee joint is affected by any event that 

alters knee kinematics. In this way the IHA is a functional joint centre of the knee 

that can change over time. Anatomical landmarks do not have the ability to change 

over time to reflect changes in knee function. The particular methodology used by 

Boyd and Ronsky (1998) was invasive to the joint as it identified the line of action 

of the patellar tendon from kinematic markers placed directly on the exposed ten

don. In order to use this methodology for an in-vivo human study, knee joint kine

matics must be related to a non-invasive image of the knee joint where the tendon 

lines of action may be identified. 

A potential approach for non-invasive determination of muscle moment arms has 

been identified. In order to measure moment arms on MR images from a functional 

joint centre defined by kinematics, the location of the rotation axis or centre of the 
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joint must be located on the images. Currently there is no way to understand how 

anatomical landmarks, which are clearly visible in the MR images, relate to the 

functional joint centre. Therefore it is necessary to relate each subject's kinematic 

data to the image coordinates. By using appropriately placed markers on the skin 

surface, coordinate systems can be constructed from both kinematic and MRI data 

(e.g. McLean and van den Bogert, 2000). A coordinate transformation can then be 

used to register the two coordinate systems. Using this method, the knee joint cen

tre that is determined in kinematic coordinates for one subject could be located on 

a corresponding MR image of the internal knee geometry for the same subject. 

Moment arms could then be calculated directly from the tendon lines of action in 

image coordinates. 

This study is one component of the overall research project to determine joint con

tact force non-invasively. The purpose of this component study is to determine pa

tellar tendon and hamstrings moment arms using a non-invasive method that can 

be applied to study the knee joints of both normal and injured subject groups. Mo

ment arms that are calculated using a method based on subject-specific knee 

kinematics may include important information about the function of the joint. By in

cluding this information in the model of patellofemoral joint contact, it is more likely 

that, in future studies, differences between normal and injured joints will be possi

ble to detect. 

2.1.1 Specific Aims 

There are four specific aims for this component study: 

1. Use an instantaneous helical axis (IHA) to describe in-vivo knee joint kinematics 

non-invasively in human subjects. 

2. Relate the position of the IHA to MR images for the purpose of identifying a knee 

joint centre in image coordinates. 

3. Compare the kinematic joint centre with two anatomical joint centres - the cruci

ate ligament intersection point and the tibiofemoral contact point. 
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4. Calculate patellar and hamstrings tendon moment arms from MR images using 

the three different joint centres. 

2.2 LITERATURE REVIEW 

Muscle moment arms will be defined and described in the following section. A re

view of methods used for measuring muscle moment arms will be presented. Re

ported values of patellar tendon and hamstring tendon moment arms have been 

summarized from the literature. The concept of knee joint centre is discussed as it 

relates to measuring muscle moment arms non-invasively. Previously reported 

methods are presented for determination of a knee joint centre from anatomical 

landmarks and from kinematic data. 

2.2.1 Muscle Moment Arms 

Muscular moments, which generate joint motion and loading, are created by the 

force produced from the muscle and the moment arm of the muscle (Wretenberg et 

al., 1996). Muscle moment arm is defined as the distance from the rotation centre 

or axis to the muscle line of pull (Spoor and Van Leeuwen, 1992). Moment arm dis

tances to the patellar tendon and hamstrings tendons are required as input to the 

mathematical model that will be used for this study. 

Several techniques can be used to experimentally determine muscle moment arms 

(An et al., 1984). Some are invasive and require dissection of animal or cadaver 

joints, while others are non-invasive and suitable for this research which requires 

joint moment arm determination in-vivo. A summary of values from the literature for 

patellar tendon and hamstrings tendon moment arms is provided in Table 2-1 and 

Table 2-2, respectively. 

2.2.1.1 Invasive Techniques 

Geometric measurement using a direct digitizing approach is one method of meas

uring moment arms. Using a three-dimensional mechanical digitizer, Herzog and 

Read (1993) manually digitized muscle and ligament origins and insertions of five 
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cadaver limbs. To assess the sensitivity of selecting a knee joint centre from which 

to calculate muscle moment arms, three different joint centres were digitized in the 

joint: the lateral tibiofemoral contact point, midpoint of the lateral tibial plateau and 

the lateral femoral condyle. 

Table 2-1. Summary of reported patellar tendon moment arm distances. 

Authors Measurement Technique Joint Centre Reported Values(mm) 
Smidt, 1973 • Digitization from sagittal 

plane X-rays 
• 26 males 

2D instant 
centre of rota
tion 

15°-47.2 
30° - 48.7 
45° - 48.9 

Nisell et al., 
1986 

• Digitization from sagittal 
plane X-rays 
• 10 males, 10 females 

TF contact 
point 

30°-46.1 (male) 
30° - 36.3 (female) 

Lu & O'Connor, 
1996 

• Anatomy-based geomet
ric knee joint model in the 
sagittal plane 

TF contact 
point 

15° -47.4 
30° - 47.6 
45° - 47.5 

Lu & O'Connor, 
1996 

• Anatomy-based geomet
ric knee joint model in the 
sagittal plane 

Cruciate liga
ment intersec
tion 

15° -60.0 
30° - 58.8 
45° - 56.5 

Herzog & Read, 
1993 

Direct digitization of PT 
origin and insertion on 5 ca
daver limbs (3 females, 2 
males) 

3 joint centres used 
Quasi-static motion in 

-10 degree increments 

Lateral TF 
contact point 

15°-51.6 
30° - 52.3 
45° - 52.3 

Herzog & Read, 
1993 

Direct digitization of PT 
origin and insertion on 5 ca
daver limbs (3 females, 2 
males) 

3 joint centres used 
Quasi-static motion in 

-10 degree increments 

Midpoint of 
lateral tibial 
plateau 

15°-52.5 
30° - 50.0 
45° - 48.2 

Herzog & Read, 
1993 

Direct digitization of PT 
origin and insertion on 5 ca
daver limbs (3 females, 2 
males) 

3 joint centres used 
Quasi-static motion in 

-10 degree increments Lateral femo
ral condyle 

15°-39.4 
30°-36.1 
45° - 37.1 

Wretenberg et 
al., 1996 

MR image digitization 
• 10 males, 7 females 

TF contact 
point 

30° - 50.6 (male) 
30° - 47.1 (female) 

Kellis & 
Baltzopoulos, 
1999(b) 

• Digitized from sagittal 
plane videofluoroscopy im
ages during dynamic knee 
flexion-extension 
• 10 males 

TF contact 
point 

11-20° -39.3 
21-30°-40.9 
31-40° - 42.5 
41-50°-42.6 

The advantage of direct digitizing is that actual origins and insertions of ligaments 

and tendons are visible, as opposed to radiographic imaging where the positions of 

soft tissues are estimated based on bony geometry. The lines of action of tendons 

and ligaments were also determined in three dimensions, eliminating any out-of-

plane effects typically caused by sagittal plane imaging. The limitation of direct dig

itization is its invasiveness and suitability only for cadaveric or animal studies. In 



Table 2-2. Summary of reported hamstring tendon moment arm distances. 

Authors Measurement Technique Joint Centre Reported Values (mm) 
Smidt, 1973 Digitization from sagittal 

plane X-rays 
• 26 males 

2D instant 
centre of rota
tion 

15°-33.8 
30° - 38.7 
45° - 40.8 

Herzog & 
Read, 1993 

Direct digitization of tendon 
origins and insertions on 5 ca
daver limbs (3 female, 2 male) 
• 3 joint centres used 
• Quasi-static motion i n -10 
degree increments 
• All hamstrings muscles av
eraged 

Lateral TF 
contact point 

15°- 16.3 
30°-21.6 
45° - 27.3 

Herzog & 
Read, 1993 

Direct digitization of tendon 
origins and insertions on 5 ca
daver limbs (3 female, 2 male) 
• 3 joint centres used 
• Quasi-static motion i n -10 
degree increments 
• All hamstrings muscles av
eraged 

Midpoint of 
lateral tibial 
plateau 

15°- 15.2 
30° - 23.3 
45° - 29.4 

Herzog & 
Read, 1993 

Direct digitization of tendon 
origins and insertions on 5 ca
daver limbs (3 female, 2 male) 
• 3 joint centres used 
• Quasi-static motion i n -10 
degree increments 
• All hamstrings muscles av
eraged Lateral femo

ral condyle 
15°-46.8 
30° - 54.9 
45° - 59.8 

Kellis & Balt-
zopoulos 
1999(b) 

• Digitized from sagittal plane 
videofluoroscopy images during 
dynamic knee flexion-extension 

10 males 

TF contact 
point 

11-20° -25.4 
21-30° -26.6 
31-40° -28.2 
41-50°-27.9 

Lu & 
O'Connor, 
1996 

Anatomy-based sagittal-
plane geometric knee joint 
model 
• All hamstrings muscles av
eraged 

TF contact 
point 

15°-22.1 
30° - 27.6 
45° - 32.6 

Lu & 
O'Connor, 
1996 

Anatomy-based sagittal-
plane geometric knee joint 
model 
• All hamstrings muscles av
eraged 

Cruciate liga
ment intersec
tion 

15° -26.5 
30° - 36.9 
45° - 47.4 

Wretenberg et 
al., 1996 

Digitized from MR images 
• 10 males, 7 females 

TF contact 
point 

Lateral Hamstrings 
30°-21.6 (male) 
30° - 29.7 (female) 
Medial Hamstrings 
30° - 26.0 (male) 
30° - 32.0 (female) 

Spoor and van 
Leeuwen, 
1992 

• Tendon travel during MRI 
scan 

Not required Lateral Hamstrings 
15°-18.0 
30°- 17.3 
45°- 18.0 
Medial Hamstrings 
15°-38.8 
30° - 42.1 
45° - 42.8 

Spoor and van 
Leeuwen, 
1992 

• MRI - direct measurement 
from images 

2D instant 
centre of rota
tion 

Lateral Hamstrings 
15°-16.5 
30°-16.4 
45°-16.7 
Medial Hamstrings 
15°-36.9 
30° - 38.0 
45° - 39.1 
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addition, moment arms and muscle lines of action from embalmed, elderly cadav

ers may not represent the geometry of active, living subjects. 

Tendon and joint displacement is a technique used to calculate moment arm dis

tances as the derivative of tendon travel with respect to joint angulation (Spoor et 

al., 1990). In this method the muscle tendons of interest are dissected and at

tached to an inextensible wire used for measuring tendon excursion during move

ment of the joint. The joint is moved slowly through a range of motion and the ex

cursion of the tendon is simultaneously measured. Moment arms are then derived 

from the slope of the tendon and joint displacement curve at any knee angle of in

terest. 

Direct load measurement is a technique that involves measuring the forces trans

mitted through the joint and applied to the distal segment. A known load is then 

applied to an individual muscle and the change in force at the distal segment is 

measured. Force and moment equilibrium equations using the applied and meas

ured forces are used to calculate moment arms about the joint (An et al., 1984). 

The disadvantage of both the tendon travel and the direct load methods is that they 

require extensive joint dissection and are not suitable for determining moment 

arms non-invasively. The advantage of these techniques is that moment arms are 

calculated without the knowledge of a specific joint centre or axis of rotation in the 

joint. They are therefore useful for validating another geometric method in which a 

joint centre has been assumed (e.g. Spoor and van Leeuwen, 1992). 

2.2.1.2 Non-Invasive Techniques 

Several geometric measurement techniques have been used to determine muscle 

moment arms in-vivo. These methods involve the use of radiographs (Smidt, 

1973), videofluoroscopy (Kellis & Baltzopoulos, 1999(b)) or magnetic resonance 

imaging (Wretenberg et al., 1996). For geometric measurement it is necessary to 

know the location of the axis or joint centre of rotation from which to measure the 
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muscle or tendon moment arm. MRI and radiographs yield moment arms only at 

discrete joint angles while videofluoroscopy may be used to determine moment 

arms over a continuous range of joint angles. 

Radiographs 

Smidt (1973) and Nisell et al. (1986) measured knee moment arms using X-ray 

analysis. Sagittal plane radiographs of the knee were taken at incremental knee 

flexion angles while subjects were lying on their sides. Nisell et al. (1986) used the 

tibiofemoral contact point as the joint centre location for measuring moment arms. 

Smidt (1973) determined instant centres of rotation (ICR) for the knee in the sagit

tal plane at 15° intervals from full extension to 90° of flexion. The ICR was deter

mined at each knee flexion angle using a graphical method of overlaying traces of 

the femoral condyle and proximal tibia and fibula at successive flexion angles. Ac

tive knee extensor and flexor moment arms were then determined from tracings of 

the radiographs, by measuring the perpendicular distance from the ICR to the line 

of action of the patellar ligament and hamstrings tendons. 

The method used by Smidt (1973) identifies a two-dimensional instant centre of 

rotation for the knee for the sagittal plane only. The ICR was determined at discrete 

knee angles where the knee was resting in a static position. It is possible that mus

cle contraction during a dynamic range of motion may produce different joint kine

matics and therefore result in a different estimate of position of the ICR. Disadvan

tages of using radiographs for measuring muscle moment arms are: (1) radiation 

exposure, particularly if a range of joint flexion angles is used; (2) out-of-plane ef

fects caused by projecting three-dimensional structures onto a two-dimensional 

sagittal image plane; (3) the limitation of collecting only static images at discrete 

joint flexion angles; (4) lack of ability to visualize soft tissue structures. In the radio

graphic studies by Smidt (1973) and Nisell et al. (1986), the position of the patellar 

and hamstrings tendons were assumed based on the locations of bony geometry. 

The patellar tendon is constrained to lie between the patellar apex and the tibial 
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tubercle, so a straight line between these two points is a reasonable representation 

its line of action. Smidt (1973) assumed that the line of action for the knee flexors 

originated at the fibular head and was parallel to the long axis of the femoral shaft. 

The assumption may not be valid, particularly at small knee flexion angles where 

the tendon may make contact with the femoral condyles and may not lie in a 

straight line. 

Videofluoroscopy 

Videofluoroscopy is a technique that uses an X-ray image intensifier for the analy

sis of skeletal movements. The intensifier receives from the X-ray beam continuous 

rays, which are then recorded by an interfaced video system thus allowing continu

ous X-ray images of the movement. Kellis and Baltzopoulos (1999(b)) used vide

ofluoroscopy to determine patellar tendon and hamstring moment arms during slow 

knee extension-flexion movements. Subjects performed a knee flexion-extension 

movement at a very slow angular velocity while lying on their sides. The knee 

movement was performed with manual resistance so that active muscle contraction 

was required. The knee was imaged from the lateral aspect during this movement. 

Moment arms to the patellar and hamstring tendons were calculated as the per

pendicular distance from the tibiofemoral contact point to the line of action of these 

tendons. 

This technique provides an improvement over moment arm determination from 

standard radiographs in that moment arm lengths can be measured during a con

tinuous movement with simultaneous muscle contraction. The limitations of vide

ofluoroscopy are otherwise the same as with radiographic analysis: radiation dos

age, two-dimensional representation of three-dimensional structures, and lack of 

soft tissue visualization. 
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Magnetic Resonance Imaging 
Rugg et al. (1990) used MRI of the ankle to calculate in-vivo moment arms of the 

Achilles tendon and the tibialis anterior tendon about the ankle joint during isomet

ric plantarflexion and dorsiflexion. One sagittal image was recorded at each ankle 

flexion angle at the optimal location so as to include both tendons in the image. 

Two-dimensional moment arms were determined from tracings of the important 

joint structures from each image in the series. Two-dimensional instant centres of 

rotation for the ankle were determined between successive images and moment 

arms were measured from these instant centres to the tendon lines of action. 

Spoor and Van Leeuwen (1992) used a similar approach for the knee joint. They 

measured two-dimensional sagittal plane moment arms from an instant centre of 

rotation that was determined graphically by superimposing image tracings from 

successive flexion angles. 

Wretenberg et al. (1996) also used MRI to measure passive moment arms of major 

muscles crossing the knee joint. Lengthy image acquisition protocols eliminated 

the possibility of active muscle contraction during scanning. Coordinates for rele

vant points were manually digitized from frontal, sagittal, and transverse images. 

The centre of the knee joint was taken as the mean contact point between medial 

and lateral tibiofemoral contact points identified on the images. From the digitized 

3D coordinates, muscular lines of action were determined in both the frontal and 

sagittal planes. Moment arms were calculated as the perpendicular distances be

tween the muscle line of action and the knee joint centre. 

MRI provides the ability to visualize soft tissue structures in three dimensions and 

offers great improvement over radiographic and videofluoroscopic imaging for de

termining muscle moment arms. A disadvantage of MR imaging is the lengthy im

age acquisition process restricts the amount of active muscle contraction that sub

jects can generate during the scan. While dynamic MRI exists for imaging internal 
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joint structures during a range of motion, static imaging at discrete knee angles 

currently provides the best quality of images for measuring muscle moment arms. 

2.2.2 Knee Joint Centre 

All of the geometric measurement techniques for determining muscle moment 

arms in-vivo require that the moment arm be measured from the joint centre or axis 

of rotation of the knee joint. The joint centre is not a fixed anatomical point in the 

knee but rather a kinematic entity that changes with knee flexion angle. Many stud

ies have assumed for simplicity that the joint centre is an anatomical location in the 

joint. The most commonly chosen anatomical landmark is the tibiofemoral joint 

contact point (Nisell et al., 1986, Kellis and Baltzopoulos, 1999(b), Wretenberg et 

al., 1996). This point is easily identifiable on images from any imaging modality 

(radiography, videofluoroscopy or MRI) because it is defined by bony landmarks. 

However, the TF contact point may not be representative of the actual knee joint 

centre of rotation. Lu and O'Connor (1996) utilized a four-bar linkage mathematical 

model of the knee joint for studying knee kinematics. In their model, the centre of 

rotation for the TF joint was the intersection of the anterior and posterior cruciate 

ligaments. The cruciate intersection point changes with flexion angle as different 

fibres in the ACL and PCL become slack and taut depending upon the position of 

the joint. The cruciate ligament intersection is an anatomical point that is easily 

identifiable on sagittal MR images, however it is not visible on images obtained 

from radiography or videofluoroscopy. 

Moment arms have also been measured from a two-dimensional instant centre of 

rotation (ICR) in the knee joint (Smidt, 1973, Spoor and van Leeuwen, 1992). The 

ICR was determined graphically from sagittal plane radiographs by superimposing 

images at regular flexion angle intervals. At each flexion angle the ICR locations 

were located on the images and moment arm distances could be measured di

rectly. Boyd and Ronsky (1998) used 3D kinematic data of the cat knee to identify 

an instantaneous helical axis (IHA) that describes the 3D rotation and translation of 
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the distal joint segment with respect to the proximal joint segment. Markers also 

defined two points along the patellar tendon so that a three-dimensional line of ac

tion was obtained. The direction vectors describing the IHA and the patellar tendon 

line of action were expressed in the same coordinate system and patellar tendon 

moment arm was calculated as the length of the mutual perpendicular vector be

tween the IHA and the patellar tendon line of action. 

Using a joint centre that is defined by kinematics is advantageous because the lo

cation of the joint centre and the resulting muscle moment arms change as knee 

joint kinematics change. Individual differences in joint function can be accounted 

for, including the change in knee kinematics that may accompany knee injury. If the 

knee joint centre and moment arms were different between injured and healthy 

knees, resulting contact forces estimated with the mathematical model may also 

reflect these differences. Since the overall goal of this research is to determine how 

joint injury and disease affect joint loading, it is important to understand and ac

count for differences between the healthy knee and the injured knee. 

The difficulty in using a joint centre determined from kinematics is locating the 

ICR/I HA with respect to the muscle tendon lines of action for the purpose of meas

uring moment arms. There is currently no known way to relate anatomical land

marks, which are visible on MR images, to the location of an instant centre or axis 

of rotation in the knee joint. The study by Boyd and Ronsky (1998) was invasive to 

the cat knee as kinematic markers were applied to the exposed ends of the patellar 

tendon. Using this method the IHA vector and tendon line of action were expressed 

in the same coordinate system and moment arms were easily calculated. This 

method has not been previously used to determine moment arms in-vivo since it is 

more difficult to apply this method in a non-invasive situation. A method of registra

tion is required to relate the IHA coordinates from the kinematic data to the internal 

joint geometry in image coordinates. McLean and van den Bogert (2000) used oil-

filled spheres ('bath balls') as skin-mounted markers for kinematic measurements 
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and subsequent MR scans to relate internal knee geometry to knee kinematics. It 

is proposed that this technique be used for the current study to describe knee 

kinematics using an IHA and to subsequently locate the IHA position on MR im

ages to non-invasively measure knee joint moment arms. 

The following sections describe the implementation of the instantaneous helical 

axis for describing joint kinematics and determining a joint centre location on mag

netic resonance images. 

2.2.3 Knee Joint Kinematics 

The movement of one body with respect to another can be expressed in several 

ways. One method uses three translational components and three Euler or Cardan 

rotation angles. The rotation angles are ordered in a particular sequence and are 

dependent upon the direction of the coordinate system axes relative to the joint 

anatomy (e.g. Blankevoort et al., 1988). If the rotations are defined in a joint coor

dinate system then each of the three rotations in the sequence is related directly to 

the axes of joint motion: flexion-extension, adduction-abduction, and internal-

external rotation (e.g. Cole et al., 1993). The advantage of using a joint coordinate 

system is that the joint rotation angles are clinically meaningful. 

The finite helical axis (FHA) and instantaneous helical axis (IHA) describe joint 

kinematics as a single rotation and translation about and along an axis (Woltring et 

al., 1994). This axis will change position and direction over time, as a function of 

joint flexion angle. The axis may be determined for motion over a discrete range of 

flexion angles (FHA) or at each instant during the motion (IHA). Joint motion de

scribed using a helical axis is not easily visualized; the axis of rotation and transla

tion does not relate to an actual anatomical axis within the joint. The advantage of 

using the helical axis representation is that the description of motion is independent 

of the chosen segment coordinate systems. Helical axis representation has been 

used to describe joint motion in other studies. Blankevoort et al. (1990) used the 



34 

FHA to describe passive knee joint motions in cadaver limbs. Boyd and Ronsky 

(1998) used the IHA to represent joint kinematics in the cat knee joint and also 

used the direction vector of the IHA to measure patellar tendon moment arm. Wol-

tring et al. (1994) used the IHA technique to distinguish between neck kinematics 

of a healthy subject compared to a whiplash patient. Woltring et al. (1994) also dis

cuss the concept of a mid-sagittal piercing point of the IHA vector, which is useful 

for comparing in two dimensions the relative movement of the helical axis vector 

with changes in joint flexion angle. 

For the healthy intact knee joint, the helical axis vector is nearly aligned with the 

flexion-extension axis of the joint, since most of the knee joint rotation occurs about 

this axis and the other rotational components are small. The use of the IHA ap

pears to be a feasible approach to determine a reference point for measuring joint 

moment arms, either in three dimensions by calculating the mutual perpendicular 

between the IHA direction and the tendon lines of action, or in two dimensions us

ing the mid-sagittal IHA piercing point. The IHA has the advantage over anatomical 

landmarks in the joint in that it describes knee kinematics and therefore can be ex

pected to change between healthy and injured knee joints. The location of the IHA 

is also independent of internal joint structures, unlike a joint centre based on joint 

structures such as the cruciate ligament intersection point, which relies on both 

cruciate ligaments being intact. The theory for determining the IHA has been de

scribed by Berme et al. (1990) and Woltring et al. (1994) and is presented in the 

following sections. General concepts of rigid body motion and coordinate system 

transformations are described first, followed by methods to calculate the parame

ters describing the instantaneous helical axis position and orientation. 

2.2.3.1 Rigid Body Transformation 

In order to describe joint motion, the position of each segment comprising the joint 

must be defined. To define the position of a rigid body in three-dimensional space, 

the coordinates of three non-collinear points on the body must be known (Berme et 
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al., 1990). The position of these three points may be used to construct an orthogo

nal body-fixed coordinate system (Figure 2-1). The body-fixed coordinate system 

{B}, defined by axes x, y and z may be described in the global coordinate system 

{G}, which is defined by axes X, Y and Z. Each unit vector comprising {B} can be 

expressed in global coordinates using the direction cosines that each body-fixed 

axis makes with each global axis: 

x G y x Zx 

Y G 
• = x Y y Y y B 

*z y z 
Z B . 

y B 
(2.1) 

where Xx, Xy and Xz are the direction cosines of the x-axis in the body-fixed system 

{B} with respect to the global axes X, Y and Z. 

Figure 2-1. Construction of an orthogonal coordinate system using three 
known points in a body (P1, P2, P3). Vectors R2 and R3 define a plane within 
the body. R4 is a vector normal to this plane. The cross product of R3 and R4 

defines R5. The three orthogonal vectors (R3, R4 and R5) may each be divided 
by its own length to obtain a mutually orthogonal coordinate system. 
(Adapted from: Berme et al., 1990.) 

Similarly y x , >v and y¿ and zx, zy and zz are the direction cosines of the y- and z-

axes of {B} with respect to {G}. The direction cosine matrix is also referred to as a 
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rotation matrix, R | . Expressing the global axes in the body-fixed coordinate sys

tem yields a direction cosine or rotation matrix that is equal to the transpose of the 

matrix in Equation 2.1. Therefore, Rq =R%T where superscript T indicates trans

pose. 

Any set of coordinates in the body may be transformed into the global coordinate 

system by multiplying by the rotation matrix R | and adding a translation vector that 

represents the origin of the body-fixed coordinate system written in global coordi

nates. This transformation is often written in a 4x4 matrix that includes the rotation 

and translation: 

0 0 0 1 

where R is the 3x3 rotation matrix, d is the 3x1 translation vector, T is the 4x4 

transformation matrix and G and B indicate global and body-fixed coordinates, re

spectively. 

(2.2) 

When rigid body mechanics are applied to study joint kinematics in biomechanics 

applications, there are typically two segments whose coordinates are measured 

relative to a known laboratory coordinate system. For example, consider coordi

nates of markers from a proximal joint segment {P} and from a distal joint segment 

{D} that have been measured in a laboratory reference frame {L}. Three non-

collinear markers on the proximal and distal joint segments may be used to con

struct body-fixed coordinate systems in each segment. Transformation matrices of 

the proximal and distal segment coordinates with respect to the laboratory coordi

nate system may be determined as Tp and T¿, respectively. To describe kinemat

ics of the joint that lies between the proximal and distal joint segments, typically the 

rotation and translation of the distal segment coordinates with respect to the proxi

mal segment are required. This is accomplished through matrix multiplication of the 

known transforms: 
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[TD1 = [TL

P][TD

L] = [ T P f [ T ¿ ] (2.3) 

2.2.3.2 Instantaneous Helical Axis Parameters 

One method to describe relative motion of a distal joint segment with respect to a 

proximal joint segment is to use an instantaneous helical axis representation of the 

distal joint segment with respect to the proximal segment (Woltring et al., 1994). 

The first step in the calculation of the IHA is to express the motion of the distal 

segment in the proximal segment's coordinate system (Equation 2.3). Required in

puts to the calculation include the segmental translational velocity ILL and the rota

tional, or angular, velocity co of the distal segment about the helical axis. The angu

lar velocity can be extracted from the following skew-symmetric matrix (Berme et 

al., 1990): 

0 - (Da (Oc 

co3 0 -co. 
0 

« 1 

=> CO = co2 

C0 3 

(2.4) 

where [RD] T¡S the transpose of the matrix describing the rotation of the distal joint 

segment with respect to the proximal segment, [R5] is the derivative of this rotation 

matrix, (»1,2,3 are the angular velocity components about the x, y and 2 axes of the 

proximal coordinate system, co is the angular velocity vector of the distal segment 

with respect to the proximal segment. 

The translational velocity vector |j. is the velocity of the point in the moving body 

that is instantaneously coincident with the origin of the fixed frame: 

(i = v - co x r (2.5) 

For this calculation v is the time derivative of the relative translation vector of the 

distal segment with respect to the proximal segment, or á£. The time derivative of 

the relative rotation matrix and translation vector can be determined using a finite 
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difference algorithm. The position p of the IHA in the reference coordinate system 

and the orientation vector of the axis n are given by: 

(cOXLl) 

|co I 

n = p r (2.7) 
|co| 

2.2.3.3 IHA Piercing Point 

Once the position and orientation of the helical axis are known, muscle moment 

arms can be determined in three dimensions as the common perpendicular dis

tance between the instantaneous helical axis and the tendon line of action (Boyd 

and Ronsky, 1998). It is possible to calculate a three dimensional line of action of 

the patellar and hamstrings tendons from each series of sagittal MR images. The 

moment arms in three dimensions can also be calculated. However, the current 

mathematical model of the PF joint that will be used to calculate contact force is a 

two-dimensional sagittal-plane model. Therefore it would be necessary to take a 

sagittal plane projection of the three-dimensional moment arm to use in the model. 

Alternatively, an average tendon line of action in the sagittal plane could be com

puted for each tendon of interest and a two-dimensional moment arm could be cal

culated. This method would require a joint centre point, rather than a rotation axis 

vector, as a reference point for measuring the moment arms. Woltring et al. (1994) 

have suggested that the IHA may also be used to determine a mean axis or pivot 

of rotation that can be used to define a reference point from which moment arms 

may be measured. They calculated this point as the mid-sagittal piercing point, 

where the IHA vector intersects a specified sagittal plane. This point may be de

termined as: 

m ' (q 0 -p ) 
q = p+——rz—  n' ( 2- 8) 

m n 
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where p is the position of the IHA vector, n is the orientation of the IHA vector, q 0 is 

a known reference point in the piercing plane, m is the unit normal on the plane 

and q is the piercing point in the selected plane. The concept of the piercing point 

is particularly useful for the application to MR images, since each image comprises 

a series of sagittal slices that may be used as the piercing planes. 

2.2.4 Summary 

A mathematical model of the knee joint will be used to calculate joint contact force. 

This chapter deals with the calculation of patellar tendon and hamstrings moment 

arms, which are required as input to the mathematical force model. The previous 

sections presented a definition of muscle moment arm and a summary of moment 

arm values reported in the literature for the patellar and hamstrings tendons. Sev

eral methods for determining moment arms, both invasive and non-invasive, were 

discussed. The concept of a joint centre as the reference point for non-invasively 

measuring moment arms was introduced. The knee joint centre has typically been 

simplified to an anatomical location in the joint that is easy to identify using imaging 

techniques. Some researchers have used an instantaneous centre or axis of rota

tion that better reflects the physiological situation in which the joint centre changes 

with knee flexion angle and knee kinematics. This joint centre based on knee 

kinematics is preferred for this study since the method developed here will subse

quently be applied to determine joint contact force for both healthy and injured 

knees. Knee joint kinematics change with joint injury and it is therefore possible 

that muscle moment arms and resultant joint contact forces are also altered with 

knee injury. Although anatomical landmarks are easier to identify than an instant 

centre of rotation, there is no evidence that anatomical landmarks accurately rep

resent the functional joint centre of the knee. This study will present a technique for 

determining a knee joint centre from kinematic data, which will be defined as the 

functional joint centre. This functional joint centre will be compared to joint centres 

based on anatomical landmarks to determine how representative an anatomically 

based joint centre system is of the functional joint centre. 
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2.3 METHODS 

The data collection procedures for both the kinematic data collection and the MR 

image acquisition will be described in the following sections. The methods for com

paring joint centres based on anatomical landmarks and knee kinematics will be 

presented. Muscle moment arms will also be calculated based on three different 

joint centre approaches and compared. 

2.3.1 Subjects 

Five healthy female subjects (age = 25.4 ± 4.3 years, height = 164.4 ± 4.3 cm, 

weight = 56.6 ± 10.9 kg) volunteered to participate in this study and each signed a 

participant consent form. Since this is an exploratory study to establish techniques 

for future studies using a small subject group, no statistical sample size calcula

tions were performed. Inclusion/exclusion criteria for participants in this study were: 

(1) Age 18 to 45 years. 

(2) No prior history of primary or secondary knee joint injury or disease in either 

limb. 

(3) Free of pain and no evidence of secondary tissue damage at time of assess

ment. 

(4) No metallic implants with magnetic properties. 

(5) No prior history of welding, metallic dust contact, or knee joint swelling. 

(6) Positively identified normal knee joints in both lower limbs through clinical as

sessment. 

Subjects underwent a clinical examination performed by an orthopaedic surgeon to 

ensure that all knee structures were intact and that the joint was clinically normal 

and pain-free. All experimental procedures were approved by the University of 

Calgary Conjoint Faculties Research Ethics Board. 
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2.3.2 Marker Construction and Positioning 

Reference markers defining each subject's thigh and shank were used for kine

matic data collection and maintained in position for subsequent MR scanning. The 

requirements of the markers used for data collection were: (1) secure mounting to 

skin surface; (2) able to remain in position while subject travels from laboratory to 

MRI clinic; (3) visible in the infrared light generated by the motion analysis camera 

system; (4) constructed of MR-opaque material to be visible in the MR images; (5) 

uniform shape and cross-section for determination of marker centroid in both imag

ing modalities. Pilot studies indicated that oil-filled spheres were most suitable for 

MR scanning. 2D MR slices of each sphere could be used to reconstruct the 

sphere and determine its centroid. The markers were also covered with reflective 

Scotchlite™ tape (3M Canada, London ON) to provide visibility in infrared light. 

Application of reflective tape segments was done carefully to maintain sphericity of 

the markers. The markers were constructed in two pieces, allowing the delicate 

spheres to be removed and protected during travel between the two data collection 

sites. The spheres were glued onto small Velcro strips before being positioned on 

the subjects' legs. Velcro was also chosen so that the markers could be separated 

into two pieces: the bottom piece remained adhered to the subject between kine

matic data collection and MR image acquisition, while the top piece with the at

tached reflective sphere could be removed (Figure 2-2). This removable marker 

system also allowed the same markers to be re-used for both left and right legs, 

since data was collected for one leg at a time. Matching dots were placed on cor

responding top and bottom Velcro pieces so that separated pieces could be re

attached in the same relative position. The estimated error in repositioning a 

marker on the Velcro strip is ± 2 mm in the horizontal or vertical direction. 

The criteria for positioning the surface markers on the thigh and shank segments 

were: (1) a minimum of three markers per segment visible in the MR images and 

the same markers visible for kinematic data collection (Meirovitch, 1970); (2) mark

ers distributed as far apart as possible for better rigid body definition (Sòderkvist 
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and Wedin, 1993); (3) markers placed over bony landmarks, when possible (Rein-

schmidt et al., 1997); (4) markers arranged in non-collinear pattern (Sòderkvist and 

Wedin, 1993). 

Figure 2-2. Assembled skin-mounted markers (a). Adhesive is used to fix the 
bottom Velcro strip to the skin for the duration of data collection. The reflec
tive sphere and top Velcro strip may be removed as a unit from the bottom 
Velcro strip between kinematic data collection and MR image acquisition (b). 
A pattern of dots was used to match top and bottom Velcro strips. 

Optimal marker positions that achieved the above criteria (Figure 2-3) were the: 

proximal lateral thigh (a), anterior distal thigh (b), lateral femoral condyle (c), medial 

femoral condyle (d), tibial tubercle (e), head of fibula (f), proximal tibial crest (g), 

and distal medial tibial crest (h). The anterior distal thigh marker (b) and the tibial 

tubercle marker (e) were placed so that they were not directly over the quadriceps 

and patellar tendons, respectively. The proximal lateral thigh marker (a) and the 

distal medial tibial crest marker (h) were added for kinematic data collection so that 

the markers better represented the entire thigh and shank segments, rather than a 

small region surrounding the knee. The addition of these markers was expected to 

increase the accuracy of determining the helical axis parameters (Challis, 1995). 

These extra markers were outside of the range of the MR images so were removed 

during the MR scans. 

(a) Reflective, oil-filled sphere (b) 

Top Velcro strip 

Bottom Velcro strip 

Dot pattern ^ 
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Figure 2-3. Marker placements for left and right legs. All markers were used 
for kinematic data collection. Markers 'a' and 'h' were not used during MR 
image acquisition. 

2.3.3 Kinematic Data Collection 

The positions of the reflective surface markers on the thigh and shank were re

corded using four high-resolution infrared cameras (Falcon HiRES Camera, Motion 

Analysis Corporation, Santa Rosa CA). Cameras were placed at different heights 

(0.5 m, 0.9 m, 1.3 m, 1.8 m) in an 'umbrella' configuration that spanned approxi

mately 120 degrees. The region of interest was calibrated using a calibration frame 

(0.8 m x 0.4 m x 0.4 m) with eight control points placed at the corners of the frame. 

The global coordinate system was defined using the relative positions of control 

points on the frame. A direct linear transformation with lens correction was used to 

calibrate the region within the calibration frame. A second calibration trial (120 sec-
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onds at 20 Hz) was acquired with a 0.5-metre 3-point calibration wand to improve 

the calibration accuracy. 

Subjects were seated on a table with their knees hanging off the edge, such that 

they could swing each leg through a range of motion and neither foot would contact 

the ground. Full leg extension was defined as zero degrees of flexion. Subjects 

were asked to perform repetitive, continuous knee flexion/extension throughout 

their range of motion. The movement was performed actively, with no mechanized 

devices to passively guide the subject's leg through the range of motion. Practice 

trials were conducted that enabled subjects to learn to perform the exercise at a 

consistent speed and range of motion. A metronome was used to help subjects 

maintain the movement at a frequency of approximately 0.5 Hz. It was important 

that all flexion/extension cycles were performed at a consistent speed because ki

nematic data from each repetition would later be averaged at the knee flexion an

gles of interest. In order to extract the frames from the dynamic trials where the 

knee flexion angle was 15, 30 or 45 degrees, a neutral trial (two seconds at 120 

Hz) was collected at each flexion angle to serve as a reference frame. A goniome

ter was used to position the knee at the desired angle and the subject was asked 

to hold the position while the trial was collected. Dynamic trials were then recorded 

for the right leg at 120 Hz. Five trials of ten seconds each were recorded while the 

subject continuously cycled through the knee flexion/extension motion. Each trial 

yielded approximately five full flexion/extension cycles, for a total of 25 full cycles. 

The time required to collect the five dynamic trials was less than 90 seconds. The 

data collection procedure was then repeated for the left leg. The markers on the 

top Velcro strips were removed from the right leg and attached to matching Velcro 

strips on the left leg. The total time for kinematic data collection, including marker 

attachment and practice trials, was approximately 30 minutes. When the kinematic 

data collection procedure was complete, the top half of each marker was removed 

so that the spheres would not become damaged during travel to the MRI clinic. 
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2.3.4 Magnetic Resonance Imaging 

MR images were collected at Western Canada MRI Centre, Calgary Alberta. Im

ages were acquired the same day as kinematic data collection, with approximately 

a 1.5-hour interval between the two testing sessions. Subjects were positioned on 

a custom-built polyethylene base board that fit into the bore of the MR scanner 

(Figure 2-4). Plexiglas supports that fit into machined slots on the board were used 

to position the knee at the desired knee flexion angle, either 15, 30 or 45 degrees 

(where 0° is full leg extension). Scans were also acquired at 0° flexion, in which 

case the Plexiglas supports were not required. To minimize subject movement dur

ing the scan, flexible fabric straps were used to secure the thigh and shank to the 

Plexiglas supports. 

A subset of images was acquired with the knee joint under load from surrounding 

musculature. Knee joint loading is important to seat the patella in the femoral 

groove, especially at small flexion angles where contact between the patella and 

femur may not occur without muscle contraction. To achieve this loaded condition, 

subjects applied force through their heel onto a rearfoot loading pedal for the dura

tion of the MR scan. The custom-built wooden rearfoot pedal was attached to the 

end of the base board. The pedal extended only to the heel segment of the foot so 

that plantarflexion of the foot was not possible. A pole of aluminum square tubing 

connected the rearfoot pedal to the wall of the imaging room. An aluminum uniaxial 

load cell (Interface, Scottsdale AZ) was attached to the pole to measure rearfoot 

force generated by the subject. Visual feedback using a digital multimeter (John 

Fluke Mfg. Co. Inc., Everett WA) was provided to the subject so that a consistent 

pedal force could be maintained for the duration of the scan. The amount of force 

that each subject could generate and hold for the duration of the MR scan (ap

proximately three minutes) was determined in the laboratory during a mock set-up 

of the MR loading device (Chapter 3.0, Section 3.3.3.2). The force magnitude was 

approximately 7% of each subject's maximal voluntary effort. 
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force feedback 
device 

Figure 2-4. Schematic of MR image acquisition set-up. 

When the subject was positioned correctly, the oil-filled markers were re-attached 

to the Velcro strips and were accurately positioned using the matching dot pat

terns. An anterior neck radio-frequency surface coil (Medrad Inc., Indianola, PA) 

was placed over the knee joint to intensify the field and brighten the image in the 

region of the patellofemoral joint. The MRI clinic did not have a specific flexible 

knee coil that was suitable for this purpose so the surface coil for the anterior neck 

was used. The coil was fabricated of a foam-like material that could be stretched to 

fit over knees of different size. The coil was placed over the knee so that it did not 

press on the oil-filled markers. In some cases the coil did touch the markers, but 

this did not interfere with the resulting images of the spheres. 

Two localizer scans were acquired in order to locate the six oil-filled markers and 

the PF joint structures of interest. The image slices were chosen so that the quad-
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riceps and patellar tendons were visible in the proximal-distal direction and the 

markers on the femoral condyles were visible in the medial-lateral direction. In or

der to include all of these structures, the field of view (FOV) required was 20 cm. 

A 1.5 Tesla Genesis Signa magnetic resonance scanner (General Electric Medical 

Systems Corporation, Milwaukee Wl) was used to acquire multiple, contiguous, 

sagittal knee images. Trained MR technologists acquired all images. 

The selection criteria for pulse sequence determination were defined by require

ments of the patellofemoral images including: (1) sufficient contrast between the 

surrounding tissue and synovial fluid and cartilage, ligaments, tendons and bone 

so that these structures could later be easily identified from the images; (2) scan 

time less than four minutes for loaded images, which was the pre-determined 

maximum time that subjects could push on the foot pedal without fatigue and mus

cle tremor; (3) sufficient FOV dimensions to enable visualization of all markers and 

PF joint structures within the image set. The imaging parameters that best met 

these criteria (Table 2-3) were determined during pilot studies for determination of 

optimal pulse sequence. Since muscle fatigue was not a concern during the un

loaded images, a longer imaging time was permitted. However, it was still desirable 

to keep imaging time low to reduce overall experiment time and cost. In order to 

reduce the scan time below four minutes for the loaded images, it was necessary 

to reduce the FOV and it was not possible to capture all of the oil-filled markers 

within the image set. Therefore, the joint centre based on kinematic data could be 

calculated only for the images of the unloaded joint. 

For each leg, two scans were collected at each knee flexion angle, one with rear

foot loading and one without. Images were collected first for the right leg at 30°, 

15° and 45°. Unloaded scans were collected first at each knee angle, followed by 

scans with knee loading. The procedure was then repeated for the left leg. The 

time period between each loaded scan was approximately 20 minutes, so no addi

tional rest period was necessary. To assess the repeatability of applied loading and 
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subject positioning, one subject (S4) was chosen to repeat the 30° flexion loading 

trial three times. Between the repeat scans, the subject was not removed from the 

bore of the magnet, but was allowed to rest and move around slightly while main

taining the same position. 

Table 2-3. Magnetic resonance imaging scan parameters for scans without 
and with rearfoot loading. 

Parameter No Rearfoot Loading With Loading 
Type of Scan 2D sagittal fast-spin-echo (FSE) T2-weighted 
Slice Thickness 2 mm 2 mm 
Scan Spacing 0 mm 0 mm 
Field of View 20 cm 14 cm 
Acquisition Time 5 min. 42 sec. 2 min. 52 sec. 
Repetition Time (TR) 5400 ms 5400 ms 
Echo Time (TE) 76.2 ms 79.7 ms 
Flip Angle 90° 90° 
Number of Excitations (NEX) 1 1 
Echo Train Length 10 9 

2.3.5 Data Processing - Kinematic Data 

The following sections discuss the methods used to process the kinematic data to 

extract the subject-specific helical axis information. 

2.3.5.1 Smoothing 

Kinematic trials were tracked to determine the three-dimensional position of each 

reflective marker using the two-dimensional data recorded from each camera. This 

was done using software accompanying the Motion Analysis camera system (Ex

pert Vision, EVa version 6.0). To determine that best data smoothing parameters 

for the kinematic data, a preliminary analysis was performed. Combinations of cu

bic and quintic splines with 3 different cutoff frequencies (3 Hz, 5 Hz and 10 Hz) 

were tested with one set of data. When compared to the original unsmoothed data, 

the quintic spline with 3 Hz cutoff minimized oscillation in the data without over-

smoothing and cutting off peaks. This procedure was also recommended by Boyd 



49 

and Ronsky (1998) to avoid over-smoothing when calculating helical axis parame

ters from kinematic data. For all dynamic and neutral trials, the raw 3-D data were 

smoothed using quintic splines and a cutoff frequency of 3 Hz (GCVSPL package, 

Woltring, 1986). 

2.3.5.2 Segment Coordinate Systems 

Segment coordinate systems of the thigh and shank were constructed from marker 

positions in accordance with recommendations for standardization in the reporting 

of kinematic data (Wu and Cavanagh, 1995). With the leg at full extension, the ori

gin of the thigh coordinate system (TCS) was taken as the medial femoral condyle 

marker for the right leg and the lateral femoral condyle marker for the left leg. A 

vector, V-i, from the origin through the opposite femoral condyle marker of the 

same leg represented the positive Z-axis of the TCS. To define the Z-Y plane for 

this segment a second vector, V 2 , was drawn from the origin through the anterior 

distal thigh marker (Figure 2-5). The direction of the Y-axis (positive proximal) of 

the TCS was computed as the cross product: 

V 3 = V i x V 2 (2.9) 

Finally the direction of the X-axis (positive anterior) was determined as: 

V 4 = V 3 x V 1 (2.10) 

The three coordinate axis vectors were then determined by obtaining three unit 

vectors: 

x t = V 4 / I V 4 l (2.11) 

y t = V 3 / I V 3 l (2.12) 

z t = V i / I V i l (2.13) 

The three unit vectors could be arranged in matrix form and used to express the 

global position of each thigh marker in the segment coordinate system: 

P t=[x t y t z t ] T . (P -P 0 ) , (2.14) 

where xt, yt and z t are each 3x1 column vectors, P is a thigh segment marker in 

laboratory coordinates, P 0 is the origin of the thigh coordinate system in laboratory 

coordinates and P t is the thigh marker in segment coordinates. 
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Figure 2-5. Construction of the thigh coordinate system (TCS) for the right 
and left legs. The coordinate axes are obtained from the unit vector of V 4 (X-
axis), V 3 (Y-axis) and V i (Z-axis). 

In a similar way the shank coordinate system (SCS) was constructed (Figure 2-6). 

With the leg in full extension, the marker on the tibial tubercle was used as the ori

gin of the S C S . The positive Y-axis, directed proximally, was determined by vector 

V i from the proximal tibial crest marker through the tibial tubercle marker. The Z-X 

plane was defined using vector V 2 from the origin to the fibular head marker. The 

positive X-axis was calculated from the cross product: 

V 3 = V 2 x (right leg) (2.15) 

V 3 = V! x V 2 (left leg) (2.16) 
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For the left leg the order of vectors in the cross product was reversed so that the 

resulting X-axis direction would be oriented with the correct sense, positive anteri

orly. Finally the direction of the Z-axis was computed as the cross product of the X-

and Y-axes: 

V 4 = V i x V 3 (2.17) 

Vi 

V 4 = V 3 x Vi V 4 = V 3 x Vi 
-m  

v 3 = Vi x v 2 

lateral medial 

V 3 = V 2 x Vi 

lateral 

Figure 2-6. Construction of the shank coordinate system (SCS) for the right 
and left legs. The coordinate axes are obtained from the unit vectors of V 3 (X-
axis), Vi (Y-axis) and V 4 (Z-axis). 

Each coordinate axis vector was divided by its magnitude to give three unit vectors 

describing the S C S : 

x s = V 3 / IV 3 l (2.18) 

y . -V , / IV i l (2.19) 

z s = V 4 / IV 4 l (2.20) 
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Using the same method as with the thigh coordinate system (Equation 2.14), the 

shank segment markers in laboratory coordinates could each be expressed in the 

segment coordinate system. 

2.3.5.3 Relative Dynamic Motion 

In order to calculate helical axis parameters for the knee joint, relative motion of the 

thigh and shank segments must be described in one segment's coordinate system. 

From each frame of kinematic data, the segment marker positions could be de

scribed in laboratory coordinates and also in their respective segment coordinate 

systems. Using the singular value decomposition (SVD) method described by 

Sòderkvist and Wedin (1993), transformation matrices that relate laboratory to seg

ment coordinates were computed for each video frame: 

[T¿} = soder(MLMt) (2.21) 

[TL

S] = soder(ML,Ms) (2.22) 

where soder is a MATLAB algorithm (Appendix F) written to implement the SVD 

method described by Sòderkvist and Wedin (1993), M is a 4x3 coordinate matrix of 

the four thigh or shank markers in either laboratory coordinates (L) or segment co

ordinates (t = thigh, s = shank). Each transformation matrix T comprises a (3x3) 

rotation matrix R and 3x1 translation vector d. For example, the transformation ma

trix of the thigh segment coordinates into laboratory coordinates is given by: 

[Tí]- 0 0 0 1 
(2.23) 

In order to determine the movement of the shank relative to the thigh during a dy

namic trial, both the thigh and the shank segment markers must be expressed in 

the same coordinate system. Matrix multiplication of the two known transforms 

(Equations 2.21 and 2.22) was used to compute the transformation of shank seg

ment coordinates into thigh segment coordinates: 

[TS*] = [T¿][T;] T = [T«][Ts

l] (2.24) 
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From the transformation matrix [T*] , the rotation matrix [Rg] and translation vector 

dj.of the shank segment with respect to the thigh segment were extracted. These 

quantities were computed at each time frame of the dynamic trial. 

2.3.5.4 Helical Axis Parameters 

In order to use an instantaneous helical axis to describe the kinematics of the knee 

joint, the position and direction of the helical axis must be calculated at each time 

step of the dynamic trial. The position p and unit direction vector n of the helical 

axis were calculated as follows: 

co x u 

> = W < 2 - 2 5 ) 

" = R <2-26) 

In these two equations, co is the angular velocity vector of the shank segment with 

respect to the thigh segment and is calculated using Equation 2.4 and the rotation 

matrix extracted from Equation 2.24. The vector \i in Equation 2.25 is the transla

tional velocity of a point in the shank segment that is instantaneously coincident 

with the origin of the thigh coordinate system. It is calculated using the following 

equation: 

H = # s - c o x d s , (2.27) 

where co is the angular velocity as described above, dj. is the relative translation 

between the shank and thigh segments (extracted from the transformation matrix 

of Equation 2.24) and á | is the time derivative of the translation vector. Derivatives 

of the rotation matrix and translation vector, which are required to calculate co and 

¡i, were determined using a finite difference approximation for each time step of the 

dynamic trial: 

fe = ^+ 1 " * 1 for i =1 (2.28) 
At 
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Xi+1 Xi-1 

2At 
for i = 2 (2.29) 

^ = 12 X,-2 ^ • 1 + 3 ^ 1 ; 2 X i + 2 . = 3 t Q n 2 ( 2 

fe = X i + 1 ~ X i - 1 fori = n-1 (2.31) 
^ 2At v ' 

% = X i ~ * i 1 fori = n (2.32) 

where i is the frame number, n is the total number of frames, At is the time differ

ence between frames, x¡ is the data value at frame i and )fy is the time derivative of 

x at frame i. 

2.3.5.5 Average Helical Axis 

Although it is possible to calculate the helical axis position and orientation at each 

instant throughout the range of motion, only the knee flexion angles of 15°, 30° and 

45° were of interest for this study as these knee angles correspond to the position 

of the knee during the quasi-static MR scans. At each of these knee flexion angles, 

kinematics of the knee could be described by the position and orientation of the in

stantaneous helical axis. The procedure for using the IHA vector to calculate a 

knee joint centre was described earlier in Section 2.2.3.3. Before determining knee 

joint centres at 15°, 30° and 45°, it was necessary to calculate an average IHA vec

tor at each of these knee angles. From the set of five dynamic trials for each knee 

joint, the IHA position and orientation data were extracted at each frame where the 

knee flexion angle was 15°, 30° or 45°. Since the segment coordinate systems for 

the thigh and shank were not aligned with anatomical axes, it was not possible to 

decompose the relative segment rotation matrices into clinically meaningful joint 

rotations to determine the knee flexion angle. Instead, the static neutral trials at 

each knee angle were used as kinematic reference frames to match with the dy

namic trials. During the kinematic trials, approximately twenty-five knee flexion-

extension cycles were performed in the fifty-second period. Therefore each of the 
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desired knee flexion angles are reached about fifty times during data collection (25 

during flexion and 25 during extension). The helical axis parameters (position, 

p and direction, n) were averaged over all instances for each angle where the knee 

angle reached 15, 30 or 45 degrees. 

Helical axis parameters were excluded from the averaging calculation if the angular 

velocity of the shank with respect to the thigh was below a minimum threshold. 

This prevents the axis from becoming undefined as angular velocity approaches 

zero. Parameters were not included in the average if the angular velocity was less 

than one-tenth the maximum angular velocity (co< 0.1 C0m a x , Woltring et al., 1994). 

2.3.5.6 IHA Piercing Point 

A two-dimensional joint centre was determined for each of the three knee flexion 

angles (15°, 30° and 45°) using the concept of the helical axis piercing point (Wol

tring et al., 1994). This is the point where the IHA vector intersects an anatomical 

plane, such as the mid-sagittal plane. For the two-dimensional model, joint geome

try is determined from the magnetic resonance image slice that is closest to the 

centroid of patellofemoral joint contact area. It was therefore appropriate to choose 

this MR slice as the plane for determining the piercing point (Figure 2-7). The cal

culation of the centroid of PF contact area is described in detail in the following 

section (Section 2.3.8). 

The piercing point q may be determined as: 

q = P+ „ ° ; * n , (2.33) m n 

where p is the position of the IHA vector, n is the orientation of the IHA vector, q 0 is 

a known reference point in the piercing plane and m is the unit normal on the pierc

ing plane. 
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Figure 2-7. Schematic of the patella and femur illustrating the IHA piercing 
plane and piercing point. The piercing plane passes through the centroid of 
patellofemoral joint contact area for the given knee flexion angle. 

For this study the piercing plane was a sagittal (X-Y) plane. Therefore the unit 

normal vector m is the Z-axis [0, 0, 1]. To determine a known point in the piercing 

plane q 0 ) the origin of the thigh coordinate system ([0,0,0]) could be offset in the Z-

direction by the distance to the piercing plane. The MR slices were spaced 2 mm 

apart, so the distance in the Z-direction to any MR slice is 2 mm multiplied by the 

slice number. The piercing plane was defined as the MR slice closest to the cen

troid of PF contact area, so a known point on the piercing plane is: 

q 0 = [0 0 (2 x Sp)], (2.34) 

where S p is the slice number of the piercing plane. 

2.3.6 Data Processing - Magnetic Resonance Imaging 

For calculation of the piercing point and subsequent location on the corresponding 

MR image, the helical axis position and direction vectors from the kinematic data 

must be transformed into the same coordinate system as the piercing plane, which 

is given in MR image coordinates. This was accomplished by constructing a body-

fixed thigh coordinate system in MR image coordinates. A coordinate transforma

tion was used to relate the kinematic and image coordinates. This is described in 
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the following sections. Also described is the method for calculating PF joint contact 

area and contact area centroid. 

2.3.6.1 Image Digitization 

Magnetic resonance images were displayed on an SGI Indigo workstation (Silicon 

Graphics Inc., Mountain View CA). All image processing was performed using 

MATLAB version 5.1 (The MathWorks Inc., Natick MA). On each image slice from 

each series, the following structures were digitized when they were visible: outline 

of oil-filled spherical markers (Figure 2-8), cartilage surfaces of patella and femur 

(Figure 2-9), tibiofemoral contact point, origin and insertion points of anterior and 

posterior cruciate ligaments and patellar tendon and two points defining the line of 

action of the quadriceps and hamstrings tendons (Figure 2-10). 

Figure 2-8. Digitized surface points on three of the six oil-filled spheres. 

Manual digitization was used to identify the tibiofemoral contact point, origins and 

insertions of the ACL, PCL and patellar tendon and points defining lines of action of 

the quadriceps and hamstrings tendons. Oil-filled marker surfaces and cartilage 
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surfaces were identified using the Non-Maxima Suppression (NMS) semi-

automated edge-detection algorithm. The use of this edge-detection algorithm has 

been previously compared to manual digitization and the Sobel edge-detection al

gorithm for surface digitization on similar MR images (Moss, 2001). Moss (2001) 

found that the use of NMS was able to provide more repeatable results than man

ual digitization and a smoother representation of the edge than the Sobel method, 

since NMS calculates sub-pixel coordinates for the edge points. 

(d) 

\ 

Figure 2-9. Digitized patella and femur surfaces from Subject T1 at 30° of 
knee flexion. Images are from an unloaded series (a, b) and a loaded series 
(c, d). Images (b) and (d) are close-ups of (a) and (c) respectively. 

Some manual digitization of the surfaces was required after edge-detection to re

move erroneous points or add additional points. Manual digitization is extremely 

dependent upon the experience of the operator who performs the digitization. To 

assess the inter- and intra-operator digitization repeatability, one image (Subject 



59 

S4 at 30° of knee flexion) was chosen for repeat digitization. This image was digi

tized three times by one experienced operator and one time by a second experi

enced operator. The repeat digitized surfaces were subsequently used to calculate 

PF joint contact area (Section 2.3.8) and the resulting contact areas were com

pared. 

Figure 2-10. Magnetic resonance images showing manually digitized points: 
quadriceps tendon, patellar tendon, anterior cruciate ligament (a); tibio
femoral contact point, medial hamstrings tendon (b); quadriceps tendon, pa
tellar tendon, posterior cruciate ligament (c); lateral hamstrings tendon (d). 

To determine the repeatability of individual subject positioning and load application, 

the three repeat trials that were collected from Subject S4 at 30°of knee flexion 
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were digitized by the same operator to eliminate any intra-operator differences. 

Contact areas were also used to compare the subject repeatability trials. 

2.3.6.2 Image Coordinate Systems 

To enable registration of the skin-mounted reference markers between kinematic 

and MR image data, thigh and shank segment-embedded coordinate systems 

were constructed in image coordinates from the MR scans. Segment coordinate 

systems were constructed in the same manner as described for the kinematic data 

(Section 2.3.5.2). In order to construct these coordinate systems, it was necessary 

to first calculate the centroid of each spherical reference marker from the digitized 

surface points. The three-dimensional surface points for each sphere were ob

tained by sequentially compiling all MR slices containing digitized marker surface 

points. The surface points were used to calculate the centroid of each sphere using 

a least-squares calculation (MATLAB v5.1), which minimized Ar, the distance be

tween each point and the sphere surface: 

Ar ={(x-xc)2 + (y-y c) 2 + (z-zc)2} - r2 (2.35) 

In this equation Xc, y c, Zc and r are estimates of the 3D centroid coordinates and 

sphere radius and x, y and z are the coordinates of one edge point. With the 

spherical marker centroids calculated, a thigh segment coordinate system was 

constructed in image coordinates. The locations of the thigh markers in the MR im

ages were described in the segment coordinate system using an identical method 

to that described for the kinematic data (Equation 2.14, Section 2.3.5.2). 

2.3.6.3 Transformation from Kinematic Data to Image Coordinates 

In order to locate the instantaneous helical axis piercing point, which was calcu

lated in kinematic coordinates, on the MR images for the purposes of determining a 

knee joint centre, the thigh segment kinematic coordinate system must be related 

to the thigh segment MR image coordinate system. Using the singular value de

composition method (Soderkvist and Wedin, 1993) described for kinematic data in 

Section 2.3.5.3, a transformation matrix was computed to relate the thigh marker 
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coordinates from the kinematic trials to the same marker coordinates in the MR im

ages: 

In this equation, subscripts 'kin' and 'img' indicate kinematic and image coordinate 

systems, respectively, soder is the automated MATLAB SVD algorithm and M is a 

3x3 matrix of the thigh marker coordinates. Using this transformation matrix, the 

location of the IHA piercing point based on kinematics, q k ¡ n , was determined in im

age coordinates: 

where T is a 4x4 matrix and qkin is a 3x1 column vector with 1 added in the 4 row 

for matrix multiplication. 

2.3.6.4 Piercing Point Sensitivity Analysis 

The sensitivity of the IHA piercing point location was assessed by perturbing or ap

plying a different calculation technique for the various parameters used in deter

mining the piercing point, and subsequently measuring the resulting changes in the 

piercing point. The segment coordinate systems for the kinematic data during the 

flexion/extension trials were calculated using two different configurations of the 

axes (Table 2-4). The first method was recommended as a standard protocol for 

reporting kinematic data (Wu and Cavanagh, 1995). The second method defined 

segment coordinate axes in the same directions as the corresponding MR images. 

The kinematic analysis and coordinate transformations were performed using both 

coordinate systems and the resulting IHA piercing point coordinates were com

pared. This sensitivity analysis was performed for data from three knees: Subject 

U1 (left and right) and Subject S4 (left). 

(2.36) 

(2.37) 

The sensitivity of the IHA piercing point to choice of piercing plane was also ana

lyzed. A series of adjacent MR slices were chosen as piercing planes and the 

change in piercing point in the x- and y-directions was determined. This analysis 
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was performed on three sets of IHA data: Subject U1 (left and right) and Subject 

S4 (left). These sets of data were chosen because the IHA vectors for these par

ticular subjects formed the largest angles in the X-Z and Y-Z planes and therefore 

these piercing points would be most sensitive to the piercing plane location. 

Table 2-4. Segment coordinate system construction using two methods to 
assess sensitivity of IHA piercing point. 

1. Recommended standard 
(Wu & Cavanagh, 1995) 

2. Corresponding to MR 
Image Coordinates 

x-axis + anterior + distal 
y-axis + proximal + anterior 
z-axis + lateral (right knee) 

+ medial (left knee) 
+ lateral (right knee) 
+ medial (left knee) 

When performing coordinate transformations to relate the IHA vector based on 

kinematics to the joint anatomy in the MR images, a potential source of error is 

marker movement between the imaging modalities. This may have occurred since 

the top halves of the markers were removed after kinematic data collection and 

may not have been re-positioned exactly prior to MR image acquisition. The ante

rior neck surface coil may have interfered with the marker positions during the MR 

scans. When possible, the surface coil was placed so that it did not touch the 

markers. However in some instances the coil did touch the markers and may have 

caused them to shift slightly. To simulate this type of error, marker coordinates 

from the MR images were perturbed by ± 5 mm and the resulting piercing point co

ordinates were compared to those calculated without the added error. The root 

mean square (RMS) error between the two sets of coordinates may also be exam

ined as an indication of relative marker movement between kinematic and MR data 

collection. The RMS error is an output of the soder SVD algorithm used to calcu

late the transformation matrix between the kinematic coordinates and the MR co

ordinates. 
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2.3.7 Moment Arm Calculation 

To determine muscle moment arms from MR images, the required input values are 

the line of action of each tendon and the corresponding MR image coordinates of 

the knee joint centre. The lines of action of each tendon were constructed in two-

dimensional image coordinates from the average digitized endpoints of each struc

ture (Figure 2-10). To assess differences in measured moment arms by using an 

anatomical joint centre compared to a functional kinematic joint centre, three differ

ent joint centres were used for comparison: the IHA piercing point, the cruciate 

ligament intersection point and the tibiofemoral contact point. The IHA piercing 

point was calculated based on each subject's knee kinematics and was trans

formed into image coordinates as described in Section 2.3.6.3. 

The intersection of the anterior and posterior cruciate ligaments was calculated 

from the 2D average digitized endpoints of these two ligaments. Using the coordi

nates of the endpoints, equations of the two ligaments were first constructed: 

where m is the slope of each line, b is the line intercept and subscripts a and p in

dicate anterior and posterior cruciate ligament, respectively. In order to find the in

tersection of the lines, the two equations were set equal and the intersection coor

dinates (x¡nt and y¡nt) were solved: 

The TF contact point was digitized in every MR slice where the medial or lateral 

femoral condyle contacted the tibial plateau. Mean x and y coordinates of all the 

digitized points were calculated to obtain the average TF contact point to use as a 

third joint centre estimate. 

y = iria-x + b a  

y = n y x + b p 

(2.40) 

(2.41) 

(2.42) 

Vint = nVXjnt + b a = nyx in t + bp (2.43) 
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Moment arms from the knee joint centre to the patellar tendon, medial hamstrings 

tendon and lateral hamstrings tendon were calculated as the perpendicular dis

tance from the joint centre to the 2D line of action of each tendon: 

f :. 

y = cos" J c - P i , P2-P1 

JC - P 1 P 2 - P i 
(2.38) 

MA = |( jc-p 1 )*sin7| (2.39) 

where MA is the moment arm, pi and p 2 are the tendon endpoints, jc is the joint 

centre point, y is the angle between the tendon line of action and a vector joining 

the joint centre with one of the tendon endpoints (Figure 2-11). The spatial coordi

nates for each of these points are defined in two dimensions. 

Pi 

Figure 2-11. Schematic depicting the calculation of the moment arm distance 
(MA) from the tendon endpoints (pi and p2) and the joint centre location (jc). 

Moment arms were computed from each joint centre point to the three tendons of 

interest for each subject at knee angles of 15°, 30° and 45°. A two-level multiple 

analysis of variance (MANOVA) was used to assess the effect of knee angle and 

joint centre location on the moment arm values. A power calculation was also per

formed for these variables. 
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2.3.8 Patellofemoral Contact Area 

The piercing plane that was for determining a knee joint centre based on the IHA 

was chosen as the MR slice closest to the centroid of PF contact area. To calculate 

contact area, the digitized patellar and femoral surfaces must first be recon

structed. The contact condition between the two surfaces must be defined to de

termine mathematically when the surfaces are in contact. Finally the contact area 

and centroid may be calculated. These steps are described in the following sec

tions. 

2.3.8.1 Joint Surface Modelling 

The first step in calculating PF contact area is to reconstruct the PF cartilage sur

faces from the raw digitized surface points. The digitization of the cartilage sur

faces (Figure 2-9) produced a three-dimensional cloud of data points for each sur

face when all adjacent MR slices were compiled. A surface modelling technique 

based on the thin-plate spline (TPS) was used to fit a surface to the digitized 

points. The TPS has been previously presented and evaluated for the biomechani-

cal application of modelling joint surfaces (Boyd et al., 1999). The TPS is useful for 

creating a single mathematical surface function from unordered, noisy and scat

tered experimental data points. Using a single function to represent each surface 

also allows the surface data to be resampled at regularly spaced coordinates. The 

TPS uses a radial basis function: ¢(/-)=/- 2 ln(r) to interpolate the difference be

tween a low degree polynomial surface and the actual data points. A thin plate 

passes through a number of specified data points and is deformed with small de

flections such that the bending energy of the plate is minimized. The bending en

ergy E is given by: 

where R 2 is the surface area and z = f(x, y) where /describes the height zo f each 

data point as a function of x and y, the planar position of each data point. A unique 

(2.44) 
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function exists such that the bending energy is minimized. This equation has the 

form z, = S(x¡, y¡), i = 1 , . . . , n, for n data points. 

The solution to determine the surface function S(x, y) has been implemented in 

MATLAB by Boyd (1997). The required input parameters are the original 3D sur

face data points and the resampled grid of new (x¡, y¡) data sites. The TPS surface 

equation may be written as: 
n 

cn+i + cn+2x + cn+3y, (2.45) 

/=1 

where the c, are constants and the f¡ are translates of the radial basis function to 

the data sites (x¡, y¡), i= 1 n, for n data points. The translates were calculated 

as follows: 

fi(x, y) = tf In (r,), (2.46) 

where tf = (x - x¡f + (y - y¡f (2.47) 

In the MATLAB program, Equation 2.45 was written in matrix notation: 

S(x, y) = fc T, (2.48) 

where f = [tyx, y),..., fn(x, y), 'i.Xfi (2.49) 

and c = [a,.. ., cn+3] (2.50) 

The constants in vector c were determined from interpolation and polynomial pre

cision conditions. The formation and solution of a linear system of equations to de

termine vector c was presented in detail by Boyd et al. (1999). 

Vector f in Equation 2.49 was determined as the translates of the radial basis func

tion from the original data sites to the new resampled data sites. A regularly 

spaced grid of resampled points was created for each cloud of surface points. The 

maximum and minimum x and y coordinates of the digitized points formed the 

bounds of the resampling grid. In order to determine the optimal resampling dis

tance to use for all surfaces, a range of resampling distances were tested on one 

image (Subject T1 at 30°). Eight resampling distances were tested, ranging from 

0.13 mm to 0.83 mm in increments of 0.1 mm. The pairs of reconstructed surfaces 
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were subsequently used to calculate PF contact area. The variation in contact area 

was compared for the different resampling distances. 

A least-squares criterion to the bending energy approximation can be included for 

instances where smoothing of the raw data is desired. The resulting surface equa

tion is related to the TPS but is a smoothing spline. A smoothing parameter con

trols how the minimization of the energy equation is performed. As the smoothing 

parameter increases toward infinity, the raw data is interpolated and little smooth

ing is performed. For a smoothing parameter near zero, the surface becomes 

oversmoothed and degenerates into a plane. A test image (Subject T1 at 30°) was 

used to fit a TPS surface using a range of smoothing parameters. The effect of in

cluding smoothing on the resulting contact area was examined. Since there was no 

observable difference in the resulting contact area calculation, the optional smooth

ing parameter was not included for surface reconstruction of the remaining images. 

2.3.8.2 Surface Normal Vectors and Proximity Calculations 

Contact area calculations require determination of contact regions between the pa

tellar and femoral cartilage surfaces. Contact between the surfaces may be deter

mined mathematically by a 3D distance directed along a normal vector originating 

from one surface and intersecting a second surface. If the surfaces are in contact, 

the distance between them should be zero. Surface normal vectors originating at 

each resampled point were determined as: 

n = 
as ds 
dx dy 

(2.51) 

dS dS 
where — and — are partial derivatives of the surface function Six, y) and n may 

dx dy 

be normalized through dividing by its magnitude. The calculation of the first partial 

derivatives of S(x, y) using matrix notation is described by Boyd et al. (1999). Sur

face normal vectors were calculated at each resampled point on the base surface. 

The patellar surface was chosen as the base surface to reduce computations since 
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there were fewer surface points on the patella. The choice of the patella as the 

base surface was also recommended by Moss (2001) to improve the accuracy and 

consistency of the resulting contact area estimation. 

To measure the proximity between the patellar and femoral surfaces, the distance 

along each surface normal originating from the base surface to its intersection with 

the destination surface must be calculated. The method for determining proximity 

between surfaces has been described by Boyd et al. (1999). If the point (xb, yb) zb) 
is a resampled point on the base surface and n is the surface normal vector at that 

point then the coordinates of a point (xt, yt, zt) located a distance t along the normal 

vector may be written as: 

xt = nxt + xb, yt = nyt + yb, zt = nzt + zb. (2.52) 

The intersection of the normal line n with the destination surface, Sd, occurs when 

the surface height, z, equals the zt value on the normal line: 

Sd(xt,y,)-zt=0. (2.53) 

Substituting the point coordinates of Equation 2.52 gives: 

Sd(nxt + xbl nyt + yb) - (nzt + zb) = 0. (2.54) 

The unknown distance, t, may be solved using a fixed-point iteration algorithm after 

rearranging Equation 2.54: 

Sd(t)-(nzt + zb) 

±(sd(t)-(n2t+zb)) 
t' = r- d

 q w w DJ—, (2.55) 

where 

off 

dSw (dSAidx^ (dSA(dy^ 
J_d_ 

dt ~{dx 
+ 

J 
(2.56) 

dt) {dy 

Proximity values were calculated at each resampled point on the patellar surface. 

In some cases the normal vector at a point on the patellar surface may not inter

sect the femoral surface. In this case, either the distance r would be unreasonably 

large or the specified maximum number of iterations would be reached and the so

lution algorithm would terminate for that particular surface point. 
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2.3.8.3 Proximity Threshold 

The proximity between the two surfaces ideally would be zero when the patellar 

and femoral cartilage surfaces were in contact with each other. However, there are 

potential sources of error in imaging and digitizing the surfaces which may result in 

contact occurring at proximity values higher or lower than zero. Chemical shift 

causes slight alterations in the appearance of the relative position of structures in 

MR images. In an experimental validation study, Ronsky (1994) showed that op

posing joint surfaces that were physically in contact appeared in MR images to be 

separated by approximately 0.5 mm. This value is specific to the coil, MR unit and 

pulse sequence used, but provides a reasonable estimate of the potential magni

tude of offset that may arise. The effect of chemical shift for the specific MRI ma

chine and imaging parameters used in this study is not known, but it is possible 

that a proximity value of zero would not necessarily represent all regions of the PF 

joint that were in contact. Digitization of the cartilage surfaces in the contact region 

was performed manually since automatic edge-detection could not identify edge 

points where the two surfaces were touching. Manual digitization was performed by 

estimating the surface edge points for each surface separately, so it is possible 

that the digitized points overlapped when displayed simultaneously. 

To account for chemical shift and potential overlap of surfaces, a range of proximity 

values must be used to identify the regions of contact. If the proximity value was 

positive, the digitized surfaces overlapped. Negative proximity values indicate a 

space between the surfaces. Therefore the range of proximity values used to de

fine joint contact should include both positive and negative values. The upper prox

imity limit was determined by the maximum overlap of digitized surfaces, as over

lap in surfaces was considered to be contact. In the absence of a method of ex

perimental validation to determine the effect of chemical shift, the lower threshold 

value was determined by sensitivity analysis. Contact area was calculated using 

four different lower proximity limits: -0.4, -0.6, -0.8 and -1.0 mm. The edges of the 

resulting contact region in a chosen sagittal plane were plotted on the correspond-
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ing sagittal MR slice (Figure 2-12). This technique was used to visually determine 

which proximity threshold gave the most accurate boundaries of contact area. 

Based on this preliminary analysis, the values chosen for all contact area calcula

tions were 0.8 and -0.6 mm for upper and lower thresholds, respectively. 

Figure 2-12. Comparison of lower proximity thresholds: -0.4 mm (+), -0.6 mm 
(o), -0.8 mm (x) and -1.0 mm (A). Upper proximity threshold was 0.8 mm. 
Edges of PF contact area calculated using the four different proximity 
thresholds are plotted on a sagittal MR slice, (b) is a close-up of the contact 
region depicted in (a). 

2.3.8.4 Contact Area Magnitude and Centroid 

The actual magnitude of contact area was determined using an approximating cal

culation based on the resampled grid size. Each grid point location on the patella 

and its corresponding surface normal vector were extracted if the proximity to the 

femoral surface was within the specified proximity threshold limits. The surface 

normal at each point was used to determine the angle formed between the horizon

tal and the grid element in the X-Z and Y-Z planes (Figure 2-13). The angle of a 

particular grid element in each plane was used to determine the projected dimen

sions of the grid element, which would yield the elemental area when multiplied to

gether. Therefore the area of each grid element is given by: 
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Ai = 

cos tan" 1 

V z y,y 
eos tan - 1 "y 

v n z y¡ 

(2.57) 

where n¡ = (nx, n y, n2)i is the surface normal vector at each grid point i that meets 

the surface proximity conditions, g is the grid spacing in mm and A¡ is the area of 

each grid section. The total PF contact area is the sum of all the A¡. 

Approximated 
Surface 

X = tan"1(n„/nz) 

(j> = tan" (ny/nz) 

Reference plane 

Figure 2-13. Schematic depicting the calculation of contact area for each grid 
element on the approximated patellar surface. Grid spacing 'g' on the refer
ence plane is 0.32 mm. Using the surface normal vector 'n' at a point on the 
surface, the angles X and ¢) may be calculated to describe the angulation of 
the grid element with respect to the horizontal plane. The length and width of 
the surface element are g/(cos X) and g/(cos <j>), respectively. 

The centroid of contact area was determined as a weighted sum of each grid ele

ment (product of area and coordinate location) divided by the total contact area: 
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X ( V A , ) 
CG„ = (2.58) 

¡=1 

where i is the grid element number, n is the total number of elements comprising 

the contact area, x¡ is the x-coordinate of the i t h grid element (substitute y and z for 

two other centroid components), A¡ is the area of the i t h grid element. The medial-

lateral centroid coordinate C G y for each contact area region was used to determine 

the closest MR slice that would be used as the piercing plane for the IHA joint cen

tre. 

PF contact area magnitude and centroid were determined for each MR image. 

Contact area was compared between images of the loaded and unloaded joint and 

between knee flexion angle. A two-level MANOVA was performed to test if contact 

area was significantly affected by knee angle or loading condition. Contact area 

centroid was compared between knee flexion angle and loading condition to de

termine if there were any consistent trends in contact area migration in the proxi

mal-distal or medial-lateral directions. 

Joint contact areas were compared between left and right limbs when data were 

available. A paired T-test and a Wilcoxon matched-pairs signed-ranks test were 

performed to test for significant differences in contact area between limbs of the 

same subject. The paired T-test assumes the data follow a Gaussian distribution, 

whereas the Wilcoxon test may be used when the data are not normally distrib

uted. With the small sample of data available from this study, the power for these 

tests was expected to be low. A p-value less than 0.05 was required for signifi

cance in both tests. Power calculations for the paired T-test were also conducted. 

A second analysis was performed where inter-subject left-right limb differences in 

contact area were compared to intra-subject differences for left or right limb. This 
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second analysis was designed as a qualitative comparison of left and right knees 

since statistical analysis was not expected to yield significant differences. 

2.4 RESULTS 

The results for this component study are presented in four categories: (1) PF joint 

contact area magnitude and centroid; (2) helical axis vector location and distribu

tion; (3) comparison of three joint centre locations; (4) comparison of patellar ten

don and hamstring moment arms calculated from the three different joint centres. 

MR images were collected from the left and right knees of four subjects (Table 

2-5). Subject T4 met all of the inclusion criteria for participation in this study but 

elected not to undergo MR scanning due to a change in medical condition. Time 

constraints prevented the collection of MR images for the left limb of Subject T1 

and the left limb at 15° flexion for Subject S4. Images at 45° for Subjects U1 and 

S7 were not acceptable for analysis because of image distortion. Therefore, the 

remaining images yielded a sample size of six, seven and three for 15°, 30° and 

45° respectively for both unloaded and loaded images. 

Table 2-5. Exam and series numbers of MR images acquired for each subject 
at the indicated knee flexion angles. Exam number is indicated by 'e#', image 
series number is indicated by 's#'. Series are listed is the order of unloaded 
and loaded images. For Subject S4 at 30°, the loaded scan was repeated 
three times. 

Subject Right Knee Left Knee 
T1 15°-e6279 s10, s11 

30°-e6279 s6, s7 
45°-e6279 s14, s15 

not collected 

U1 15°-e6772 s18, s20 
30°-e6772 s12, s14 

15°-e6773 s12, s13 
30°-e6773 s7, s8 

S7 15°-e6960 s11, s14 
30° - e6960 s7, s8 

15°-e6961 s10, s11 
30°-e6961 s6, s7 

S4 15°-e7479 s12, s13 
30° - e7479 s5, s7, s8, s9 
45°-e7479 s16, s17 

30° - e7480 s3, s4 
45° - e7480 s7, s8 

T4 not co lected 
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2.4.1 Patellofemoral Contact Area 

For the joint centre calculation based on the IHA piercing point, the centroid of PF 

contact area was required to determine the closest MR slice to use as the piercing 

plane. The magnitude of PF contact area was also required for the computation of 

PF joint contact stress, which is the subject of Chapter 4.0. The influence of nu

merous data processing variables on the resulting contact area is presented in the 

first portion of this section. Contact area for all subjects was subsequently calcu

lated based on the optimized variables determined from these results. 

The variation in contact area with increasing proximity limits and with grid resam

pling distance was assessed with eight different resampling distances for TPS sur

face reconstruction of one image series (e6279s7). Contact area increased with 

increasing proximity threshold, but contact area magnitude was not sensitive to re

sampling size (Figure 2-14). As resampling size increases, less computation time 

is required, but larger grid sizes represent the surface and some surface curvature 

information may be lost. Also as the surface grid size increases, contact area be

comes more sensitive to the chosen proximity limit. Based on the recommendation 

by Moss (2001) for PF joint reconstruction from MR images, 0.32 mm was chosen 

as the resampling distance. 

The influence of data smoothing on the contact area was investigated using 

smoothing values ranging from 0.45 to 1.25 for the TPS. Contact area, as a func

tion of proximity limit, did not change when smoothing was added, regardless of 

the smoothing parameter chosen (Figure 2-15). Therefore, to minimize the compu

tations involved in surface fitting using the TPS, smoothing was not included in the 

TPS equations. 



75 

Change in Contact Area with Resampling Distance 

loo -I ; ; ; ; 1 
0 0.2 0.4 0.6 0.8 1 

Lower Proximity Limit (mm) 

Figure 2-14. PF contact area plotted as a function of the lower proximity 
threshold for Subject T1, right knee loaded at 30°. Four representative re
sampling distances of the eight tested are compared. 

Change in Contact Area with Smoothing Parameter 
450 r • • 

100 -I 1 1 1 1 1 
0 0.2 0.4 0.6 0.8 1 

Lower Proximity Limit (mm) 

Figure 2-15. PF contact area plotted as a function of the lower proximity 
threshold for Subject T1, right knee loaded at 30°. The effect of excluding or 
including smoothing in the TPS surface fitting calculations is compared. 
Three representative smoothing parameters are compared for the case where 
smoothing was included. 

To assess the ability of one operator to repeatably digitize the patellofemoral carti

lage surfaces, one image (e7479s7) was digitized three times by the same experi

enced operator. To compare digitizing between two operators, a second operator 
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digitized the same image once (Figure 2-16). Surfaces were reconstructed and 

contact area was compared as a function of the lower proximity threshold. Compar

ing the results of the first operator, the maximum difference between the three trials 

over a range of lower proximity values from 0.0 to 1.0 was an average of 36 mm 2 . 

At a lower proximity limit of 0.6 mm (the value chosen for all subsequent contact 

area calculations) the average digitizing variability represents and error of 14%. 

The average contact area of the three trials by the first operator was compared to 

the contact area resulting from the second operator's digitization. The difference 

between the two operators was an average of 99 mm 2 , which is a 39% increase in 

contact area at a lower proximity of 0.6 mm. For consistency in image digitization, 

especially when comparing more than one image in a series, it is important to have 

the same operator digitize all images. 

Digitizing Repeatability 
450 -r-

400 -•-

ÍT~ 3 5 0 - -

I 300 ••-

Ï 250 - -
$ 200 -•-
o . 
5 1 5 0 - ^ 

O 1 0 0 - -

50 

0 + ! r r r f 
0 0.2 0.4 0.6 0.8 1 

Lower Proximity Limit (mm) 

Figure 2-16. Contact area as a function of proximity limit. The same image 
was digitized three times by one operator and once by a second operator. 

For intra-subject comparisons across series, it is necessary to know the repeatabil

ity of external load application, subject positioning in the MR scanner and the re

sponse of PF joint surfaces to isometric load. For example, to determine the sig

nificance of an observed change in contact area with knee flexion angle, applied 

load, or a joint injury, the variability between repeat trials by the same subject must 

Userl Day1 
Userl Day2 

-e— Userl Day3 
User2 



77 

be assessed. Subject S4 repeated a 30°-flexion knee loading trial three times. The 

same operator digitized the cartilage surfaces for all three images. Trial 1 was digi

tized three times on three different days as part of a digitizing operator repeatability 

assessment. The contact areas calculated from Trials 2 and 3 were found to be 

within the digitizing variability of one operator (Figure 2-17). This indicates that 

knee loading is repeatable between trials, provided that the same operator digitizes 

all images. 

Subject Repeatability 
350 

•Triall (Day1) 
-Triall (Day2) 
-Triall (Day3) 
•Trial2 
Trial3 

0 0.2 0.4 0.6 0.8 1 
Lower Proximity Limit (mm) 

Figure 2-17. Contact area for three repeat MR scans at 30° for Subject S4. 
Variability between trials (Trials 1-3) is within the digitizing variability of one 
operator (Triad, Days 1-3). 

Contact area was defined by upper and lower proximity limits of 0.8 mm and -0.6 

mm, respectively. Contact area maps were plotted in the X-Y plane over the patel

lar cartilage surface for each subject (Appendix A). Representative images from 

the right knee of Subject T1 are presented below (Figure 2-19). At each knee angle 

(15°, 30° and 45°) contact area was averaged for both left and right legs of all sub

jects (Figure 2-18). Contact area magnitude for individual subjects and left/right 

limbs is presented in Appendix A. 

Unloaded joint contact area ranged from 58 mm 2 to 324 mm 2. Loaded joint contact 

area ranged from 104 mm 2 to 351 mm 2 . Average contact area increases with knee 
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loading and with increasing knee flexion angle. Statistical analysis of these data is 

presented in the following section. 

Average Joint Contact Area 

• unloaded 

• loaded 

15(n=6) 30(n=7) 45 (n=3) 

Knee Flexion Angle 

Figure 2-18. Average patellofemoral joint contact area for trials with (white 
bars) and without (shaded bars) knee joint loading. For each knee angle, n is 
the number of knees included in the average. 

2.4.1.1 Contact Area Statistical Analysis 

A two-level MANOVA was performed on the contact area data for right knees only 

(n=4), as the sample size of left knees was insufficient for statistical analysis. The 

two dependent variables were knee angle (15° and 30°) and loading (loaded and 

unloaded). Data at 45° of knee flexion could not be included because there were 

only two samples at this knee angle. Results of the MANOVA showed that the in

crease in contact area with increasing knee angle was statistically significant 

(F(1,3) = 34.60, p = 0.01). There was no significant difference in contact area mag

nitude between trials with and without applied loading (F(1,3) = 2.37, p = 0.221). 

The statistical power of this test was calculated to be 96% for knee angle effect 

and 19% for loading effect. This indicates that if a significant difference between 

loaded and unloaded contact area exists, the probability of detecting this difference 

is 19% with the current sample size. A larger sample size is required to truly test 

for a loading effect. 
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Figure 2-19. Contact area plots on the patellar surface for the right leg of 
Subject T1. The grayscale color map indicates proximity of the patellar and 
femoral surfaces, with positive values being surface overlap. Knee angle in
creases from the top row (15°) to the bottom (45°). The left- and right-hand 
columns of plots show contact area without joint loading and with applied 
rearfoot loading, respectively. 
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Contact area values were also compared between left and right limbs of the same 

subjects for both loaded and unloaded trials. Data at 30° knee flexion were com

pared, resulting in a sample size of n = 3 for a paired T-test and a Wilcoxon 

matched-pairs signed-ranks test. Neither test found statistically significant differ

ences in the values for left and right limbs (Table 2-6). The power of the paired T-

test was calculated to be less than 30%. Therefore, if a left-right difference in con

tact area does exist, the probability of detecting this difference is less than 30%. 

Based on an inter-limb variance of 500 mm 4 , the sample size required to obtain 

statistical power of 80% is n=16 (Zar, 1999). 

Table 2-6. Results of left-right limb comparison for joint contact force and 
stress (n=3). A p-value less than 0.05 is required for significance for both 
tests. 

PF Joint Contact Area 
Knee Loading 

Condition 
Paired T-test Wilcoxon Signed-Ranks Test Knee Loading 

Condition t-statistic p-value z-statistic p-value 
Unloaded 2.39 0.139 -1.60 0.109 
Loaded 0.07 0.952 0.00 1.000 

A qualitative analysis was also performed to examine the average inter-subject left-

right differences compared to the average intra-subject differences between the left 

or right limb. For joint contact area determined with no joint loading, the average 

inter-subject left-right differences were smaller than intra-subject differences for ei

ther the left limb or right limb. With joint loading, average left-right differences were 

within left limb and right limb intra-subject differences. This result suggests that if 

joint loading is applied, contact patterns for left and right limbs of the same subject 

may be independent. 

2.4.1.2 Contact Area Centroid 

Contact area centroid was calculated in the medial-lateral and proximal-distal di

rections for each contact area plot. The MR sagittal slice closest to the medial-
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lateral centroid location was used as the piercing plane for calculating the joint cen

tre from instantaneous helical axis (IHA) parameters. 

The centroid locations were also compared across knee angles and between joint 

loading conditions. Since the loaded and unloaded knee images were acquired us

ing different imaging fields of view, the coordinate systems were different and cen

troid locations could not be directly compared. Therefore, it was necessary to relate 

the centroid coordinates from the loaded images to the unloaded image coordi

nates. Since the patellae in corresponding loaded and unloaded images are the 

same, the centroid coordinates could be expressed as a percentage of the total pa

tellar dimension in both medial-lateral and proximal-distal directions. Relative cen

troid locations were compared to determine the change in centroid coordinates with 

increasing knee angle and with applied isometric knee load (Table 2-7). The aver

age percentage distances could be multiplied by the patellar dimensions to deter

mine the actual distance of centroid migration. The centroid of contact area was 

found to migrate an average of 4.5% (1.6 mm) distally and 7.2% (2.6 mm) medially 

when rearfoot loading was applied. Contact area centroid migration with increasing 

knee flexion angle was also investigated. For all knee joints examined, the centroid 

of contact area moved proximally with increasing flexion angle. There was no con

sistent trend in medial-lateral movement with increasing flexion angle. 

2.4.2 Instantaneous Helical Axis Parameters 

Instantaneous helical axis position and direction vectors were calculated at each 

time frame of the dynamic trials using the kinematic data for left and right legs of 

each subject. Data were then extracted at each time point that corresponded to a 

knee flexion angle of 15°, 30° or 45°. This resulted in a distribution of IHA vectors 

at each flexion angle. Plots from two representative subjects are shown below. 

(Figure 2-20 and Figure 2-21). 
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Table 2-7. PF contact area centroid locations as percentages of total patellar 
dimensions for unloaded and loaded trials. %X is the proximal-distal dis
tance of the centroid from the distal border of the patella. %Y is the medial-
lateral centroid distance from the medial patellar border. Positive A%X indi
cates distal movement of the centroid with applied knee loading. Positive 
A%Y indicates medial centroid movement with loading. 

Subject Knee 
Angle 

Unloaded Loaded Difference (U-L) Subject Knee 
Angle %X %Y %X %Y A%X A%Y 

T1 15 R 30.3 70.7 23.1 60.2 7.3 10.5 T1 
30 R 36.1 65.7 30.4 53.1 5.7 12.6 

T1 

45 R 40.1 71.0 38.4 51.2 1.6 19.9 
U1 15 R 38.3 59.3 32.0 52.1 6.3 7.1 U1 

30 R 42.9 58.7 43.9 60.3 -1.0 -1.6 
U1 

15 L 39.5 55.7 29.5 51.2 10.1 4.5 

U1 

30 L 45.0 48.6 39.6 56.2 5.4 -7.6 
S7 15 R 39.2 66.2 30.1 58.7 9.1 7.5 S7 

30 R 44.0 72.6 38.2 53.7 5.8 18.9 
S7 

15 L 40.1 66.3 32.6 53.1 7.5 13.2 

S7 

30 L 44.8 50.6 49.8 46.2 -5.0 4.4 
S4 15 R 23.1 62.9 23.2 71.6 -0.1 -8.7 S4 

30 R 34.0 68.7 27.4 56.4 6.6 12.3 
S4 

45 R 38.2 59.7 35.1 51.3 3.1 8.4 

S4 

30 L 30.1 64.8 25.2 54.5 4.9 10.3 

S4 

45 L 37.8 59.0 32.7 54.8 5.1 4.2 
Avg. 4.5 7.2 

Each knee flexion angle was reached approximately 50 times during each dynamic 

flexion-extension trial. From the resulting distribution of IHA vectors at each knee 

angle, an average helical axis vector was computed. In general, it was observed 

that with increasing knee flexion angle the distribution of IHA vectors became less 

scattered. 

2.4.3 Knee Joint Centre 

Knee joint centre was determined using three different methods: the IHA piercing 

point, the cruciate ligament intersection point and the average medial-lateral tibio

femoral contact point (Figure 2-22). The IHA piercing point was determined by 

computing the location where the average helical axis vector at each knee flexion 
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angle intersected the MR sagittal plane closest to the centroid of PF contact area, 

which was determined in Section 2.3.8.4. 

Figure 2-20. Distribution of helical axis vectors for the right knee of Subject 
S7 at 15° and 30° knee flexion. The three circles on each image are the loca
tions of the femoral markers (clockwise from left): medial femoral condyle, 
anterior distal femur, and lateral femoral condyle. 

15 degrees flexion 
30 degrees flexion 45 degrees flexion 

100 x - A P x - A P 

Figure 2-21 Distribution of helical axis vectors for the right knee of Subject 
T1 at 15°, 30° and 45° knee flexion. The three circles on each plot are the lo
cations of the femoral markers (clockwise from left): medial femoral condyle, 
anterior distal femur, and lateral femoral condyle. 

Figure 2-22 is a representative plot of the relative position of the three joint centres. 

The IHA piercing point was located proximal to the other two anatomical joint cen

tres in nearly all instances. The anterior-posterior location of the IHA piercing point 

relative to the other two joint centres varied between subjects. To determine 

whether the IHA piercing point was consistently closer to one of the anatomical 
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Figure 2-22. Sagittal MR image at 30° knee flexion for Subject S4 showing 
joint centre locations calculated using three different methods: instantane
ous helical axis piercing point (A); intersection of anterior and posterior cru
ciate ligaments (B); average medial-lateral tibiofemoral contact point (C). 

joint centres, the 2D distances between the three joint centre points were com

pared (Table 2-8). The IHA piercing point was found to be closer on average to the 

cruciate ligament intersection point (average distance of 14.2 mm) than to the TF 

contact point (average distance of 23.9 mm). Standard deviations for the distance 

from the IHA piercing point to the cruciate ligament intersection were also lower 

than for the TF contact point, indicating less variability in the average distances. 

The change in location of the IHA piercing point with increasing flexion angle was 

also examined. There was no consistent trend in piercing point migration between 

subjects or between consecutive flexion angles within one subject (i.e. 15-30, 30-

45). 
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Table 2-8. Distance between the functional joint centre (IHA piercing point) 
and the two anatomical joint centres. 

Subject & 
Knee (L/R) 

IHA - Cruciate Intersection (mm) IHA - TF Contact Point (mm) Subject & 
Knee (L/R) 15° 30° 45° 15° 30° 45° 

T1 R 12.6 9.7 14.5 27.9 25.2 27.4 
U1 R 18.7 17.1 12.7 11.4 
U1 L 22.0 1.9 24.7 13.7 
S 7 R 9.3 4.5 9.3 17.1 
S 7 L 15.4 15.9 25.3 27.1 
S4 R 15.4 17.8 16.9 33.0 33.3 30.8 
S 4 L 20.9 13.9 34.9 28.3 

Average 15.6 12.5 15.1 22.1 23.2 28.8 
Std. Dev. 4.5 7.3 1.6 9.2 9.3 1.8 

n 6 7 3 6 7 3 

2.4.3.1 Piercing Point Sensitivity Analysis 

Three different factors were assessed in determining the sensitivity of the IHA 

piercing point location. These factors were coordinate system construction, location 

of the piercing plane and marker movement error. Firstly, the kinematic coordinate 

systems used to calculate the helical axis parameters were constructed using two 

different methods as described in Table 2-4. The resulting change in piercing point 

coordinates for three different knees is summarized in Table 2-9. For the three 

knees used in this analysis, the maximum change in piercing point location was 

0.81 mm. This result confirms that the IHA is not sensitive to the method of coordi

nate system construction. 

The location of the IHA joint centre was determined by the MR slice that is chosen 

as the sagittal piercing plane. With a different piercing plane selection, the resulting 

movement of the joint centre location depends on how the IHA vector is angled 

relative to the medial-lateral axis, which is perpendicular to the sagittal plane. If the 

IHA vector was directed along the medial-lateral axis of the femur, the joint centre 

would not change regardless of which piercing plane was chosen. For some sub

jects, the IHA vectors were angled in the proximal-distal or anterior-posterior direc

tions. The largest angle of the IHA vector in the X-Z (coronal) plane was 16°, di-
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rected proximally from the medial-lateral axis through the joint. With each succes

sive MR slice in 2-mm increments across the knee joint, the IHA piercing point 

shifted proximally by 0.57 mm and anteriorly by 0.25 mm. In the Y-Z (transverse) 

plane, the largest angle of IHA vector was 29° in the posterior direction from the 

medial-lateral axis. In this case with each successive MR slice the IHA piercing 

point shifted distally by 0.08 mm and posteriorly by 1.08 mm. 

Table 2-9. Change in IHA piercing point coordinates when two different coor
dinate systems are used to express kinematic data. 

Subject 
& Knee 

(L/R) 

Knee 
Angle 

1. Recommended 
standard (Wu & 
Cavanagh, 1995) 

2. Corresponding 
to MR Image Co

ordinates 
Difference (1-2) Subject 

& Knee 
(L/R) 

Knee 
Angle 

X (mm) Y (mm) X (mm) Y (mm) AX (mm) AY (mm) 
U1 L 15° 105.1 62.7 105.5 63.0 -0.4 -0.3 

30° 101.2 82.1 100.7 82.6 0.5 -0.5 
U1 R 15° 115.5 89.4 115.6 88.6 -0.1 0.8 

30° 110.3 99.2 110.8 98.8 -0.5 0.4 
S 4 L 30° 84.6 89.3 84.7 89.4 -0.1 -0.1 

45° 86.7 96.9 86.5 96.5 0.2 0.4 

To simulate relative marker movement between kinematic data collection and MR 

image acquisition, the locations of the spherical reference markers in MR coordi

nates were perturbed by 5 mm in one coordinate direction. This simulates the ef

fect of incorrect marker re-positioning prior to MR scanning and the effect of a 

marker location shifting if the anterior neck surface coil was resting on the marker 

during the MR scan. The change in IHA piercing point coordinates with marker per

turbation was examined for two subjects (Table 2-10) and the maximum change in 

piercing point coordinates was 8.5 mm (resultant distance). The RMS error of the 

coordinate transformation is also indicative of the change in relative marker loca

tion between kinematic data collection and MR imaging. The higher the RMS error, 

the greater discrepancy in relative marker positions from one coordinate system to 

another. As expected, perturbing the marker locations increases the RMS error. 

For all subjects included in this study, the RMS error for transformation from kine-
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matic to MR coordinates ranged from 1.03 (Subject S7, 15°, left limb) to 6.09 (Sub

ject U1, 15°, right limb). The average RMS error for all subjects was 2.58 (n=16). 

Table 2-10. Change in IHA piercing point location (X, Y) when MR marker co
ordinates are perturbed by ± 5 mm. RMS is indicative of relative marker posi
tioning error between kinematic and MR marker coordinate locations. 

Subject 
& Knee 

(L/R) 

1. Original Marker 2. Perturbed Marker Difference Subject 
& Knee 

(L/R) 

Knee Positions Positions (± 5 mm) (1-•2) 
Subject 
& Knee 

(L/R) 
Angle X Y RMS X Y RMS AX AY 

Subject 
& Knee 

(L/R) (mm) (mm) (mm) (mm) (mm) (mm) 
S7 R 15° 100.0 111.5 1.16 103.3 116.5 2.76 -3.3 -5.0 

30° 92.2 94.4 1.63 95.6 100.9 2.90 -3.4 -6.5 
S 4 L 30° 84.6 89.3 1.11 77.9 84.1 2.85 6.7 5.2 

45° 86.7 96.9 1.52 79.5 92.8 2.96 7.2 4.1 

2.4.4 Patellar and Hamstring Tendon Moment Arms 

Moment arms were calculated as the perpendicular distance between each of the 

three joint centre points and the average line of action of each tendon. Moment 

arm data for all subjects and knee angles is presented in Appendix B. Moment 

arms were averaged over all knees at each flexion angle for which MR images 

were available (Figure 2-23). Across all knee flexion angles, moment arms meas

ured from the TF contact point averaged 36.3 mm, 22.6 mm and 20.0 mm for the 

patellar, medial hamstrings and lateral hamstrings tendons, respectively. Com

pared to the moment arms measured from the TF contact point, moment arms from 

the cruciate intersection and IHA piercing point were larger by an average of 5.4 

mm (22%) and 7.4 mm (30%), respectively. The error bars on the graphs of Figure 

2-23 represent the standard deviation of all measurements at a particular knee an

gle. The standard deviations for moment arms measured using the IHA piercing 

point averaged 11.8 mm, 9.8 mm and 10.5 mm for the patellar, medial hamstrings 

and lateral hamstrings tendons, respectively. Compared to these values, the stan

dard deviations for moment arms measured from the cruciate intersection point 

and TF contact point were lower by an average of 7.4 mm (68%) and 7.6 mm 

(70%), respectively. 
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Figure 2-23. Average lateral hamstrings tendon moment arm calculated from 
three different joint centres: IHA piercing point ('ina' - black bar); cruciate 
ligament intersection ('acl' - white bar); tibiofemoral contact point ('tf' - grey 
bar). Error bars represent the standard deviation based on the sample size 
'n' for each knee angle. 
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2.4.4.1 Statistical Analysis of Knee Joint Moment Arms 

A two-level MANOVA was performed on the moment arm data for right limbs only 

(n=4). The sample size from left limbs was too small to determine if the left limbs 

could be considered independent from the right limbs. The two dependent vari

ables were joint centre (IHA, A C L and TF) and knee angle (15° and 30°). There 

was insufficient data at 45° of knee flexion to include this data in the statistical 

analysis. For the patellar tendon moment arm data, the difference in moment arm 

with increasing knee flexion angle was not statistically significant. Patellar tendon 

moment arm, when measured from the three different joint centres, was statistically 

significantly different (F(2,6) = 5.75, p = 0.04). The statistical power for this test 

was calculated to be 81% for the joint centre effect and 15% for the knee angle ef

fect. Similar results were observed for the medial hamstrings tendon moment arm. 

There was no statistically significant difference in moment arm values with increas

ing knee angle, but the joint centre method did produce statistically different mo

ment arms (F(2,6) = 6.09, p = 0.036). The power for this test was calculated as 

83% for the joint center effect and 7% for the knee angle effect. The lateral ham

strings tendon was not visible in all MR images and as a result the sample sizes for 

lateral hamstrings moment arm were not large enough to perform statistical analy

sis. The results of the power calculations suggest that if a knee angle effect exists 

in the moment arm data, the probability of detecting this difference is 15% for the 

patellar tendon moment arm and 7% for the medial hamstrings moment arm. A lar

ger sample size is required to adequately test for an angle effect. 

2.5 DISCUSSION 

This component study presented a unique method for determining human knee 

joint moment arms in-vivo using a knee joint centre based on subject-specific knee 

joint kinematics. Moment arms calculated from the functional joint centre based on 

knee kinematics were also compared to moment arms calculated from two ana

tomical joint centre points - the cruciate ligament intersection and the TF contact 

point. The difference in moment arms measured from the three joint centres was 
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found to be statistically significant, indicating that there is merit in investigating the 

new technique using knee kinematics. It was also observed that the standard de

viations of moment arms measured from the functional joint centre were higher 

than for moment arms measured from anatomical joint centres. It is possible that 

the higher variability is a result of increased error sources associated with deter

mining the IHA piercing point as the knee joint centre, compared with the simpler 

techniques of identifying anatomical landmarks from MR images. However, it is 

also possible that the functional joint centre is able to account for actual subject-

specific differences in knee joint kinematics. In this case the technique warrants 

further investigation in future studies of ACL-deficient subjects, where knee joint 

kinematics may be drastically different from normal knee joint kinematics. The re

sults of this component study will be further investigated in Chapter 4.0 as the mo

ment arm values will be used as input to a PF joint contact force model. The effect 

of using moment arm values measured from three different joint centres will be as

sessed with respect to contact force and stress calculations. 

2.5.1 Assumptions 

All of the tendon and ligament lines of action and resulting moment arm values 

were calculated in two dimensions as projections of the true three-dimensional 

structures. The analysis for this component study was completed in two dimen

sions because the PF contact force model in which the moment arm values will be 

subsequently used is currently limited to two dimensions. It is possible, however, to 

calculate muscle moment arms in three dimensions for future studies where a 3D 

PF joint contact model may be used. Instead of calculating the 2D IHA piercing 

point in the sagittal plane, the 3D IHA vector could be used with the 3D tendon line 

of action from digitized MR images. The mutual perpendicular vector between the 

tendon line of action and the IHA vector represents the moment arm in three di

mensions. Boyd and Ronsky (1998) utilized this method to calculate 3D patellar 

tendon moment arms in-situ for the cat knee joint. 
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It was assumed cartilage deformation at the PF joint did not change significantly 

during the time period of the MR scan. Contact area was determined from digitized 

cartilage surfaces from MR images that were acquired over a scan time of either 

172 seconds (with joint loading) or 342 seconds (without loading). Most joint load

ing that occurs physiologically (e.g. during walking) has a duration between 0.1 and 

0.5 seconds (Seedhom and Tsubuku, 1977). Since the deformation of cartilage is 

time-dependent (Kempson, 1973), when load is applied to the PF joint, the contact 

area between two cartilage surfaces will increase over time. In an attempt to quan

tify the change in contact area with constant applied load, Seedhom and Tsubuku 

(1977) applied constant load to a femoral condyle that was mounted against a flat 

glass plate. Photographs of the contact region through the glass, plate were re

corded over a thirty-minute interval. Contact area as a function of time was plotted 

on a log-log scale and produced a linear relationship. By utilizing this linear rela

tionship, it was determined that contact area may increase by fifty percent during a 

three-minute loading trial, as was performed in the present study. However, the 

load applied by Seedhom and Tsubuku (1977) was not reported in their experimen

tal methods so it is difficult to apply the results from an in-vitro experimental study 

to the conditions of the present in-vivo study. 

In contrast to the finding of Seedhom and Tsubuku (1977), Matthews et al. (1977) 

found that the time period of loading of the PF joint caused no significant increase 

in measured contact areas over a six-second to two-minute time span. The loading 

magnitude was also not reported in the study by Matthews et al. (1977). Thus, the 

error associated with cartilage deformation and increasing PF contact area over 

the duration of loading in this study is a factor to consider. However, conflicting re

sults presented in the literature make it difficult to quantify the actual magnitude of 

this error. 
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2.5.2 Significance of Results 

The following sections compare the results of the current study to results of other 

studies reported in the scientific literature. Possible explanations for sources of er

ror are suggested in cases where results are not in agreement. 

2.5.2.1 Patellofemoral Contact Area 

Contact area magnitudes were consistent with other reported values in the litera

ture (e.g. Matthews et al., 1977, Huberti and Hayes, 1984, Hehne, 1990). The con

tact area magnitudes for the loaded PF joint in the present study ranged from 104 

mm 2 to 351 mm 2 and average values at 15°, 30° and 45° were 205 mm 2, 278 mm 2 

and 280 mm 2 , respectively. Huberti and Hayes (1984) reported contact area results 

measured from cadaveric specimens using pressure sensitive film. At 20° and 30° 

of knee flexion, average measured contact areas were 260 mm 2 and 310 mm 2 for 

externally applied compressive load of 340 N and 300 N, respectively. Using a 

similar method with pressure sensitive film, Hehne (1990) reported average contact 

area results from 22 cadaveric PF joints. At 30° of knee flexion the total contact 

area ranged from 80 mm 2 to 241 mm 2 for an applied quadriceps tendon force rang

ing from 500 N to 2500 N. Matthews et al. (1977) used a staining procedure and 

measured patellofemoral contact areas under compressive load applied directly to 

the PF joint. For loading magnitudes of 245 N and 893 N, average contact areas 

measured at 15°, 30° and 45° were 224 mm 2, 265 mm 2 and 332 mm 2. It is difficult 

to compare these studies directly with the current study because loading at the PF 

joint was applied in different ways. Huberti and Hayes (1984) used a loading jig to 

apply compressive load to the femur and tibia of each cadaver leg that resulted in a 

bending moment at the knee joint. Hehne (1990) applied a tensile force to the 

quadriceps tendon, which created a PF joint compressive force. Matthews et al. 

(1977) applied a direct compressive force on the patella. In the present study, sub

ject pushed on a rearfoot pedal and actively contracted muscles around the knee, 

which created a compressive force at the PF joint. Despite the differences in joint 
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loading methods, contact area magnitudes from the present study are similar to 

values reported by other researchers. 

The contact area values reported for this study are dependent upon the proximity 

threshold chosen. For this study a visual technique was used to identify the best 

proximity threshold to use for all of the images. This technique is not necessarily 

the best method to determine proximity threshold, since it relies on assessment of 

contact regions from MR images, which are subject to chemical shift and joint mo

tion artifact. A separate in-vitro experimental study was conducted to validate the 

use of MR imaging to measure PF contact areas (Moss, 2001). This study recom

mended using a lower proximity limit of 0.2 mm for determining contact area. How

ever, the choice of proximity threshold is dependent on the surface digitization, 

which in turn is operator-dependent. Therefore, proximity threshold must be deter

mined separately for images digitized by different operators. It was also recom

mended that, for maximum consistency, the same operator digitize images that are 

to be directly compared. The validation study by Moss (2001) compared contact 

area determined from the MRI technique to an invasive staining procedure. It was 

determined that the shape of the contact pattern is accurate within approximately 

2.5 mm and that only changes in contact area greater than 16% can be adequately 

identified with the MR imaging technique. For all subjects in this study, contact 

area magnitudes increased an average of 37% (52 mm2) with each 15°-increment 

in knee flexion angle. With applied joint load, average contact area increased 32% 

(41 mm2) compared to contact areas measured from the unloaded joint. Therefore, 

based on the experimental validation performed by Moss (2001), changes in con

tact area with flexion angle and joint loading, as observed in the healthy knee joint 

in this study, are large enough to be adequately identified using the non-invasive 

MR imaging method. Currently it is not known how contact area magnitudes may 

change with knee joint injury or degenerative disease. Further study is required to 

determine if changes in contact area with joint injury are large enough to detect us

ing the MR imaging method presented in this study. 
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With applied loading, the magnitude of contact area increased for 13 out of 16 

loaded/unloaded pairs of images. This result is consistent with findings of other 

studies (Matthews et al., 1977 and Hehne, 1990). In the present study, the in

crease in area with loading was not statistically significant. The lack of significance 

is likely due to the small sample size (n=4). Only data for right legs at 15° and 30° 

were included in the MANOVA analysis. Data from left and right legs of the same 

subject were considered dependent, given that there was insufficient sample size 

to determine statistically if left and right limbs could be treated as independent. The 

sample size of the left limbs alone was not sufficient for a separate statistical 

analysis. The sample size at 45° of flexion (n=2) was not large enough to include in 

the statistical analysis. The magnitude of contact area also increased with increas

ing flexion angle and this increase was statistically significant for the right legs be

tween 15° and 30°. This finding agrees with the results of Matthews et al. (1977), 

Huberti and Hayes (1984) and Hehne (1990). 

The location of the centroid of contact area was found to change when knee load

ing was applied and when knee flexion angle was changed. The centroid of contact 

area migrated distally and medially with load application. The change in location of 

contact area is consistent with quadriceps muscle activation during the rearfoot 

loading task, which would pull the patella slightly in the proximal direction and thus 

create a contact area pattern at a more distal location. The medial shift in contact 

area with increased loading may have occurred as the patella became seated in 

the femoral groove when loading was applied. The contact area patterns are pri

marily located near the lateral border of the patella in the unloaded images. Under 

a more physiologic condition when loading is applied, it is possible that the contact 

region shifts naturally to a region where the joint is more congruent. In this way as 

loading is increased, contact area may also increase and contact stress remains at 

a constant level. 
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The location of contact area centroid also changed with knee flexion angle, moving 

proximally with increased knee angle. This finding is in agreement with several 

other studies that have investigated contact area patterns of the patellofemoral 

joint (Goodfellow et al., 1976, Huberti and Hayes, 1984 and Hehne, 1990). 

2.5.2.2 Helical Axis Parameters 

The kinematic data used to determine IHA parameters are extremely sensitive to 

marker movement. In one randomly selected trial (Subject T1, right knee) the 

maximum marker movement during a dynamic trial was 25 mm between the 

proximal lateral thigh marker and the anterior distal thigh marker. It is difficult to ad

just the marker positioning to reduce or eliminate relative marker movement, since 

the constraints for marker positioning were quite strict. The limiting factor for the 

choice of marker positioning is the field of view of the MR images, in which three 

markers on the thigh and shank must be present. In order to relax this particular 

constraint, a different imaging protocol could be chosen that would allow a larger 

image FOV without drastically increasing the scan time. Alternatively, two sets of 

reference markers could be used for kinematic analysis: a dynamic set of markers 

to define segment positions during joint kinematic trials and a static set of markers 

that is removed during dynamic trials but is used to relate static MR image coordi

nates to joint kinematics. However, this approach requires further analysis to de

termine whether the error propagation associated with an additional coordinate 

transformation between static and dynamic marker sets would be less than with the 

current methodology of using the one marker set that is visible in both kinematic 

and MR imaging. 

The distribution of the IHA vectors at each knee angle became more scattered as 

the knee flexion angle decreased from 45° to 30° to 15°. At lower knee flexion an

gles, the angular velocity of the shank segment decreases nearing full extension at 

the end of the range of motion. As angular velocity approaches zero, the IHA direc

tion vector becomes undefined. It is for this reason that the kinematic data were 
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filtered and angular velocities less than ten percent of the maximum angular veloc

ity were removed. Therefore at lower knee flexion angles and lower angular veloci

ties, it is expected that the directions of the IHA vectors will exhibit greater variabil

ity for small changes in angular velocity. 

2.5.2.3 Knee Joint Centre 

Since the functional joint centre defined by the IHA piercing point is determined 

from subject-specific knee kinematics, it is desirable to use functional joint centre 

instead of anatomical locations. Ideally, the functional joint centre could be related 

to an anatomical location that is easy to identify repeatably on MR images. Such a 

landmark was not identified in this preliminary study. Of the two anatomical points 

chosen for comparison in this component study, the cruciate ligament intersection 

point is consistently closer to the functional joint centre than the TF contact point. 

Therefore, since it is computationally easier to choose an anatomical joint centre, 

the cruciate ligament intersection represents the best choice for the healthy knee 

joint since it is closer to the functional joint centre. This recommendation may not 

hold for the injured or osteoarthritic knee joint, when knee kinematics may place 

the IHA piercing point in a different location. Also, for knee joints with a torn ACL, 

the cruciate ligament intersection does not exist and cannot be used at all. In this 

situation the functional joint centre based on knee kinematics has the advantage 

over anatomical joint centres. 

The standard deviation of averaged moment arms was greater for moment arms 

calculated from the IHA piercing point compared to those calculated from the ana

tomical joint centres. The higher variability may be due to the complexity of the 

method used to calculate the IHA piercing point and the number of error sources 

that contribute to locating this joint centre. The piercing point was not sensitive to 

coordinate system construction. For the three data sets tested, the location of the 

IHA piercing point shifted by a maximum distance of 0.8 mm when the segment 

embedded coordinate systems were constructed using a different sequence of ro-
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tations. The sensitivity of the piercing point location to the selection of the piercing 

plane was dependent on the angle of the IHA vector in the coronal or transverse 

planes. The maximum shift in the piercing point location was 1.1 mm with each ad

jacent MR slice. This error only exists if the 2D joint centre is better represented by 

the IHA intersection with a sagittal plane other than the one closest to the PF con

tact area centroid. 

The location of the IHA piercing point is most sensitive to marker movement be

tween kinematic data collection and MR image acquisition. When the locations of 

the markers in the MR images were perturbed by 5 mm, 'the maximum shift in the 

piercing point location was 8.5 mm for the two data sets tested. An error of this 

magnitude in some cases was nearly one-third of a calculated moment arm dis

tance. This poses a problem for the rigid body assumption, which underlies the co

ordinate transformation calculations. An indicator of marker movement between 

kinematic and MR data collection sessions is the RMS error associated with the 

coordinate transformation algorithm. The RMS error was extremely high for Subject 

U1. Factors which may contribute to this type of error are incorrect marker position

ing prior to MR scanning, shifting of marker positions due to contact with the ante

rior neck imaging coil, joint motion during scanning resulting in incorrect image co

ordinates of marker locations, error in digitizing and reconstructing the spherical 

markers to determine the marker centroids, or a technical problem with the MR 

scanner resulting in image distortion. The most likely sources of error are marker 

contact with the anterior neck imaging coil and joint motion artifact during scanning. 

In order to eliminate marker contact with the surface coil, a smaller surface coil de

signed specifically for the PF joint should be used to eliminate interference be

tween the surface coil and the marker system. With an improved imaging protocol, 

it may be possible to completely automate the digitizing process using edge-

detection algorithms and eliminate the need for manual digitization. The ability to 

acquire both kinematic data and MR images in the same facility would eliminate 

the need to remove and replace the skin-mounted markers. 
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The high variability of moment arms that are calculated from the IHA piercing point 

might also be a reflection of individual subject differences in knee joint kinematics. 

The purpose of investigating the use of a functional joint centre was to account for 

changes in knee joint kinematics that are present within a normal range of motion 

for the healthy knee joint and that may occur with knee joint injury or joint degen

eration. It is highly likely that the IHA technique is able to identify subject differ

ences better than the use of anatomical coordinates for joint centre points. 

2.5.2.4 Muscle Moment Arms 

Knee joint moment arms of the patellar tendon and medial and lateral hamstrings 

tendons have been reported from many researchers using a variety of techniques 

(e.g. Table 2-1 and Table 2-2). Based on the moment arm data reported in the lit

erature, the findings of the current study were compared to previously published 

results (Figure 2-24, Figure 2-25 and Figure 2-26). These comparisons were made 

using moment arms calculated from the IHA piercing point joint centre. Moment 

arms calculated from the two anatomical joint centres were found to be within the 

range of published literature values and are not shown in the figures. Published 

values for hamstrings moment arms are often not specified as medial or lateral. As 

a result, the size of the published range of values for medial or lateral hamstrings 

may be exaggerated. 

In general, results from the moments arms derived using the IHA technique are in 

good agreement with the results published with different techniques. Patellar ten

don moment arms, as reported in the literature, did not consistently increase or de

crease with flexion angle. The maximum change in patellar tendon moment arm 

between 15° and 45° was a decrease of 4.3 mm (Herzog and Read, 1993). Results 

from the current study also indicate both increasing and decreasing patellar tendon 

moment arms with flexion angle. However, the magnitude change between flexion 

angles was much greater in the current study (as high as 23.8 mm) than for the lit-
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erature values. Hamstrings moment arms reported in the literature either increased 

or remained constant with increasing flexion angle. The maximum increase from 

15° to 45° was 21.2 mm (Lu and O'Connor, 1996). Hamstrings moment arms cal

culated in the current study increased with flexion angle for only 2 out of 4 subjects 

(3 joints total). The remaining joints exhibited decreasing moment arms with in

creasing flexion angle. The maximum change in hamstrings moment arm magni

tude with increasing flexion angle was a decrease of 22.3 mm. 

Patellar Tendon Moment Arm 
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Figure 2-24. Comparison of patellar tendon moment arm values calculated in 
the current study with a range of values published in the literature. Moment 
arms from the current study were calculated using the IHA piercing point as 
joint centre. 

The moment arm values for both left and right legs of one subject (Subject U1) lie 

either outside the range of previously published values or near the extreme limits of 

the reported literature values. One random trial from this subject's kinematic data 

set was analyzed for relative marker movement. Marker movement was high for 

the femoral markers, with a maximum movement of 33.5 mm between the medial 

femoral condyle marker and the proximal lateral thigh marker. The average marker 

movement between the six pairs of femoral markers was 18.5 mm. The average 

instantaneous helical axis vectors for this subject were angled most sharply in the 

10 
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Figure 2-25. Comparison of medial hamstrings tendon moment arm values 
calculated in the current study with a range of values published in the litera
ture. Moment arms from the current study were calculated using the IHA 
piercing point as joint centre. 
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Figure 2-26. Comparison of lateral hamstrings tendon moment arm values 
calculated in the current study with a range of values published in the litera
ture. Moment arms from the current study were calculated using the IHA 
piercing point as joint centre. 
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transverse (Y-Z) plane. This particular subject also had the highest RMS error val

ues from the coordinate transformation of kinematic to image coordinates. The high 

RMS error was most likely caused by a shift in marker position due to contact with 

the imaging surface coil. It is also possible that joint motion artifact was present or 

that a technical problem with the MR scanner caused slight image distortion in 

some images. In either of these situations, the digitized spherical marker coordi

nates may not be representative of the actual position of the markers on the sub

ject's knee. However, conclusive evidence of a potential technical problem with the 

scanner was not found. 

In order to reduce the time required for MR image acquisition during the trials with 

applied rearfoot loading, the image field of view was reduced (Section 2.3.4). The 

result of the FOV reduction was that reference markers were not visible for this 

subset of images and the IHA piercing point could not be located with respect to 

the knee joint geometry measured loaded images. Therefore the moment arms re

ported in this study have been determined from unloaded MR images. To investi

gate the possible discrepancy in moment arm values calculated from unloaded 

versus loaded joint geometry, the anatomical joint centres, which do not rely on the 

visibility of the reference markers, were used to calculate moment arms from MR 

images with and without applied joint loading. Average moment arms for the two 

joint loading conditions are presented in Appendix D. On average for all subjects 

and knee flexion angles, muscle moment arms decreased in length when meas

ured from loaded compared to unloaded images. When measured from loaded im

ages, patellar tendon moment arm lengths decreased by 3.6% (1.5 mm) from the 

cruciate ligament intersection and increased by 0.6% (0.2 mm) from the TF contact 

point. Medial hamstrings moment arms on average decreased by 0.6% (0.2 mm) 

and 2.4% (0.6 mm) from the cruciate ligament and TF contact joint centres, respec

tively. Lateral hamstrings moment arms exhibited the greatest change when calcu

lated from loaded images compared to unloaded images, decreasing by 12.7% 
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(3.5 mm) and 19.3% (4.4 mm) when measured from the cruciate intersection and 

TF contact point, respectively. Although moment arms measured from the 

IHA joint centre could not be quantified using loaded joint geometry, an indication 

of the expected variation with joint loading is provided from the anatomical joint 

centres. 

The ability to determine an average change in moment arm values for loaded joint 

geometry compared to unloaded geometry may enable more flexibility MR acquisi

tion time, which would allow the use of different MR imaging protocols. Longer ac

quisition times could be used for the unloaded images, which would likely provide 

clearer images and possibly improve the function of automated edge-detection al

gorithms. Moment arms measured from unloaded images may be decreased by a 

known percentage to account for loading of the knee joint. Field of view for loaded 

images may also be decreased since the lines of action of muscle tendons would 

not be required. Acquisition times for loaded MR scans would decrease, enabling 

an increase in the level of externally applied load. By imaging PF joint contact re

gions at various applied loading levels, it may be possible to non-invasively acquire 

information about the material properties of articular cartilage. 

2.5.3 Future Directions 

This chapter presents a non-invasive method for calculating knee joint moment 

arms in-vivo using MR imaging. Moment arm values were calculated in this pre

liminary study for seven healthy knees. The functional joint center based on the 

IHA technique provides excellent characterization of knee joint function throughout 

a dynamic task and range of motion. Further work to characterize differences be

tween joint centres based on passive versus active range of motion may be useful 

for providing insight into the role of muscular activation, coordination and relative 

force distributions in joint mechanics. The typical range of joint centres based on 

the IHA for a normal healthy population should be established. This will provide a 

foundation upon which to investigate the role of injury, muscle imbalance and ana-
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tomical alignment on the in-vivo joint dynamics. The functional joint center ap

proach may also provide a basis for evaluating rehabilitation treatments such as 

muscle strengthening and tibial tubercle elevations for subjects with patellar mala

lignment, patellar instabilities and patellofemoral pain syndrome. 

The moment arm values presented in this component study will subsequently be 

used as input to a mathematical model of the PF joint to determine joint contact 

force and stress. The influence of variations in moments arm values determined 

from the different techniques will be assessed relative to contact force and stress 

calculations in Chapter 4.0. This analysis may show that contact force and stress 

are insensitive to moment arm value, in which case the simplest technique should 

be used to determine moment arm values. It is also possible that contact force and 

stress will be very sensitive to the moment arms values that are used. In this case 

it would be worthwhile to use the method of moment arm calculation that best ac

counts for differences between subjects. This is particularly important if trying to 

quantify small differences in contact force or stress that may be contributing to joint 

degeneration. 

The ultimate goal of this research is to determine the relations between knee joint 

contact mechanics and degenerative joint disease of the knee. In order to deter

mine and quantify this relationship, it will be necessary to study knee joints that are 

more likely to experience cartilage degeneration. Future work will involve testing 

subjects who have certain knee conditions such as ACL-deficiency that may make 

them more susceptible to developing joint degeneration. Joint moment arms, con

tact area, force and stress may all be quite different when calculated from a dis

eased or injured joint. The use of the functional joint centre to measure moment 

arms as outlined in this chapter is a method that can be used to account for differ

ences in knee joint kinematics and does not rely on the presence of structures 

such as ligaments that may be absent with injury. 
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3.0 MUSCLE FORCE QUANTIFICATION BY PARTITIONING 

USING SURFACE EMG 

3.1 INTRODUCTION 

A method for quantifying patellofemoral joint contact stress under physiologie load, 

non-invasively and in-vivo has been developed. A custom-built foot pedal was de

signed to allow subjects to load their knee joint isometrically while a magnetic 

resonance scan of their knee is acquired. This unique methodology allows imaging 

of internal knee joint geometry and PF cartilage surfaces for the loaded knee joint. 

By reconstructing the three-dimensional shape of the patellar and femoral cartilage 

surfaces from the MR image slices, PF joint contact area can be calculated. Iso

metric loading at the rearfoot is important to simulate a ground reaction force, 

which makes the resulting knee images more representative of the joint contact 

condition during an everyday activity such as walking. Joint contact area between 

the patella and femur has also been shown to increase when external loading is 

applied to the knee joint (Matthews et al., 1977, Hehne, 1990). Loading helps to 

seat the patella properly in the femoral groove, especially at small flexion angles. It 

is therefore more likely that larger contact areas will be observed when the knee 

joint is loaded. 

Using a two-dimensional sagittal plane model of the lower leg and PF joint, the 

force measured at the rearfoot can be used as input to calculate patellar tendon 

force and subsequently PF joint contact force. Previous work by Ronsky (1994) us

ing this model made the assumption that hamstrings co-contraction during the rear

foot loading task was minimal, and therefore hamstrings forces were not included 

in the calculation of patellar tendon force. It is possible that this assumption is valid, 

given that the level of force applied to the rearfoot pedal during the MR scan is very 

low (5-10% of maximal voluntary effort), the contraction is isometric and the sub

ject's leg is secured with straps so the hamstrings are possibly not required as joint 
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stabilizers. However, it has been demonstrated that including hamstrings antago

nist forces in a model of knee joint contact results in higher estimates of joint con

tact force (Kellis and Baltzopoulos 1999(a), Lui and Maitland, 2000). The contribu

tion of the hamstrings activity to resultant joint moment is greater at knee angles 

closer to full knee extension (Kellis and Baltzopoulos, 1997). This is significant 

when the model is applied to study PF contact forces during loading within the MR 

scanner, because the bore diameter of the MR scanner limits knee flexion to small 

angles (0-45°). 

As part of the overall research objectives, the technique for non-invasively predict

ing joint contact force and stress at the PF joint will be applied to determine if cer

tain types of knee injuries result in altered joint contact force and stress. Longitudi

nally, the effects of altered joint contact force and stress on articular cartilage 

health may also be investigated. The previously developed force model has been 

applied to a small group of unilateral anterior cruciate ligament (ACL) deficient sub

jects to see if differences in joint contact force and stress could be detected be

tween injured and uninjured knees. In some subjects the joint contact area patterns 

with increasing knee flexion angle were markedly different between the ACL-

deficient knee and the healthy contralateral knee (Ronsky, 1994). The question 

then arises as to what possible mechanism allows some ACL-deficient knees to 

exhibit characteristics similar to the contralateral knee while other injured knees 

have not compensated. One suggestion prominent in the literature is a link be

tween the anterior cruciate ligament and the activity of the hamstring muscles. 

Changes in hamstrings co-contraction with ACL-deficiency have been reported and 

it has been proposed that the hamstrings act as knee stabilizers in the absence of 

ACL integrity (Solomonow et al., 1987, Kálund et al., 1990). Other studies have 

found that some ACL-deficient subjects develop an adapted gait pattern during 

walking in which the hamstrings muscles may play a more active role when the 

knee is close to full extension (Berchuck et al., 1990, Noyes et al., 1992, Beard et 

al., 1996, Wexleret al., 1998). 
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One method of quantifying muscle force in the hamstrings is through the use of 

electromyography (EMG). Several authors have derived EMG-force relationships 

for the quadriceps and hamstrings muscles that have been used to compare mus

cle behaviour and characteristics between different trials or different subject 

groups. For example, studies have examined the EMG-force relationship before 

and after strength training (Hàkkinen and Komi, 1983), at different temperatures 

(Bell, 1993) and for different types of exercise (Alkner et al., 2000). Since these 

studies used force values normalized to each subject's maximal effort and all sub

ject data were averaged, these EMG-force relationships do not yield quantitative 

information that could be used as input to the force model of interest for this current 

study. 

EMG data have also been used to indicate the level of neural activation of a mus

cle during a specific task as a percentage of its maximal voluntary activity (McGill 

and Norman, 1986, Zheng et al., 1998). This relative EMG value has been used to 

give an estimate of muscle force by multiplying the EMG percentage by the maxi

mal force output of the muscle of interest. The maximal force generating capacity 

of muscle is indicated by its physiological cross-sectional area (PCSA) and its spe

cific tension, a parameter describing force production per unit of muscle cross-

sectional area. This method provides actual force magnitudes that may be used in 

a force model but it relies on assuming values for specific muscle tension and 

muscle PCSA. The other assumption is a linear EMG-force relationship with one 

endpoint - the maximal effort. Values for muscle tension also vary considerably in 

the literature depending on the specific subject group used to determine the val

ues. This parameter has usually been determined at one knee angle or averaged 

over several knee angles. 

The purpose of this component study is to determine subject-specific and knee an

gle specific EMG-force relationships and to use those relationships to predict ham-
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string muscle forces during the rearfoot loading task performed during the MR 

scan. EMG data cannot be collected at the same time as MR image acquisition be

cause the electrodes and leads used for EMG data collection are ferromagnetic 

and therefore would cause distortion in the resulting MR images. Instead, an ex

perimental mock-up of the MR gantry and rearfoot pedal would allow measurement 

of EMG data during a simulation of the MR scanning procedure. EMG data can be 

collected before the actual scan occurs. The mock scanning session also allows 

subjects to familiarize themselves with the loading task and to determine what level 

of force they can hold for the duration of the scan. 

By predicting muscle forces during the-rearfoot loading exercise, the force model of 

the lower leg and PF joint can then be assessed with and without antagonist 

forces. The sensitivity of the joint contact force estimation to hamstrings co-

contraction can also be determined. The results of this study may enable the model 

to be potentially more applicable to study the differences between ACL-deficient 

knees and normal knees, since several authors have shown hamstrings activity to 

be important for stability in the ACL-deficient knee. 

3.1.1 Specific Aims 

There are two specific aims for this component study: 

1. To derive subject-specific EMG-force relationships for the quadriceps and ham

strings muscles at the three knee angles of interest for this study (15°, 30° and 

45°). It is proposed that these relationships be derived using maximal and sub-

maximal isometric knee flexion and extension contractions. 

2. To use subject-specific EMG-force relationships to predict hamstring muscle 

forces from EMG activity during a separate exercise - the MR rearfoot loading task. 

3.2 LITERATURE REVIEW 

Basic anatomy of the muscles surrounding and stabilizing the knee joint will be 

presented. The function of these muscles will also be discussed, both for normal 
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healthy knees and for injured knees. Electromyography (EMG) will be presented as 

a method for recording muscle activity and as a tool for estimating muscle force. A 

review of the common methods of EMG data collection and signal analysis will be 

presented. Finally studies that have used EMG-force relationships will be summa

rized and the limitations of these studies discussed. 

3.2.1 Knee Musculature 

The quadriceps and hamstrings are the main muscle groups that provide move

ment of the knee joint (Figure 3-1). The quadriceps group comprises the vastus 

lateralis, vastus medialis, rectus femoris and vastus intermedius. The rectus femo

ris inserts into the superior and anterior surface of the patella. Most superficial fi

bres of this muscle continue over the anterior patellar surface and end at the patel

lar tendon, which provides the tibial insertion of the quadriceps. The vastus me

dialis and lateralis unite in the midline of the patella and insert into the base of the 

patella posterior to the insertion of the rectus femoris. The vasti insertions continue 

medially and laterally to their respective borders of the patella. The vastus interme

dius lies deep to the rectus femoris and therefore is not visible in the figure below. 

It inserts into the base of the patella, just anterior to the joint capsule. 

The hamstrings may be divided into medial and lateral groups. The medial ham

string muscles (semimembranosus and semitendinosus) insert into the posterior 

medial tibial condyle and the superior medial tibial shaft. The lateral hamstrings 

(biceps femoris short and long heads) insert at the fibular head. 

3.2.1.1 Muscle Function 

An agonist muscle is the muscle that initiates a desired contraction; it is the prime 

mover muscle. The antagonist muscle is any muscle that actively provides a nega

tive contribution to a particular function during a contraction. A synergist muscle 

actively provides an additive contribution to a particular function during a contrac

tion. During the knee extension and leg press exercises, the quadriceps muscles 
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are agonists and the hamstrings are antagonist muscles. During knee flexion, the 

role of these two muscle groups reverses. 

Rectus 
femoris 

Vastus 
lateralis 

(a) Anterior view of right thigh (b) Posterior view of right thigh 

Figure 3-1. Quadriceps (a) and hamstrings (b) muscles. (Adapted from Mar
tini, 1998.) 

3.2.1.2 Hamstrings Muscle Activity 

One of the assumptions made in the earlier patellofemoral joint contact force model 

by Ronsky (1994) was that hamstrings co-contraction, the antagonistic force con

tribution of the hamstring muscles, was negligible. This is an assumption often 

made for knee exercises involving the quadriceps as agonistic muscles. This as

sumption may be valid under specific conditions pertaining to exercise type (iso

metric or isokinetic, concentric or eccentric), knee angle within the range of motion, 

knee injury status of the subject, and level of contraction (maximal or sub-

maximal). For this study subjects perform isometric contractions at a low percent

age of their maximum possible exertion (approximately 7.5% of maximal effort). 

The exercises are performed near full extension at knee angles of 15°, 30° and 
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45°. As part of overall research objectives, the joint contact model will be applied to 

normal and ACL-deficient knees in future studies. The remainder of this section will 

discuss the assumption of negligible hamstrings activity in regard to the conditions 

of the knee exercise used in this study. 

It has been demonstrated using surface EMG that for knee extension and leg press 

exercises the force level of the lateral hamstring muscles was 7-10% of the knee 

extensor force (Carolan and Caffarelli, 1992, Alkner et al., 2000). This level of 

hamstring activation was shown for maximal and sub-maximal (as low as 20% 

MVC) isometric knee extension and leg press exercises performed by healthy, un

injured subjects at a knee flexion angle of 90°. This result may not be consistent at 

other knee angles as it has been shown that co-contraction during knee extension 

is more pronounced closer to full extension (Kellis and Baltopoulos, 1997). This re

sult may also be different at lower sub-maximal contraction levels (i.e. below 20% 

MVC). If the quadriceps do not generate a large extensor force, the hamstrings ac

tivity, even though very low, may represent a greater percentage of the total joint 

moment. 

Inclusion of antagonist forces in a biomechanical model of the knee joint has been 

shown to result in higher muscular, tibiofemoral compressive, and posterior shear 

joint forces compared with those predicted without including antagonist forces (Kel

lis and Baltzopoulos, 1999(a)). In this study subjects performed maximal concentric 

and eccentric isokinetic knee extension over a 90° range of motion from full exten

sion. An interesting result was a higher contribution of the hamstrings to tibio

femoral compressive joint force at knee angles near full extension. It was recom

mended that isokinetic studies should not estimate the internal joint forces assum

ing negligible antagonist forces. There was no recommendation made for isometric 

exercises. It is possible that hamstrings are not as active during isometric knee ex

tension activities because their role as stabilizers is not as critical in the isometric 
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case compared to the isokinetic. However, the role of the hamstrings during spe

cific isometric activities has not been thoroughly investigated. 

ACL Deficiency 
Several studies have shown both experimentally and through mathematical model

ling that hamstrings activity can change with ACL deficiency and may be more im

portant for knee joint stability than when the ACL is intact. Experiments on ACL-

deficient subjects showed an increase in hamstrings activation near 40° of knee 

flexion during isokinetic knee extension (Solomonow et al., 1987). It was specu

lated that the hamstrings are a "load regulator" during knee extension, increasing 

their activity when the ACL is overloaded. If this speculation is correct, one would 

expect hamstrings activation to increase for knee angles less than 40° of flexion, 

since that is where the greatest strain and force in the ACL have been reported 

(Beynnon et al., 1995, Zheng et al., 1998, Toutoungi et al., 2000). 

Altered hamstrings activation has also been noted during gait (Kálund et al., 1990, 

Sinkjaer and Arendt-Nielsen, 1991). These studies show that when walking uphill 

under physiologic conditions the hamstring muscles are activated significantly ear

lier with respect to heel contact in ACL-deficient patients than in healthy controls. It 

has been suggested that this may be a compensatory mechanism for the lost resis

tance normally given by the ACL during extension of the knee before heel contact, 

and that altered muscle co-ordination may be developed in ACL-deficient patients 

to secure knee stability. 

A two-dimensional sagittal plane model of the knee in early stance phase (16° 

knee flexion) was used to simulate ACL-deficiency and to incrementally increase 

hamstrings force from 0 to 56% of maximal isometric hamstrings activity (Lui and 

Maitland, 2000). Lui and Maitland (2000) found that ACL injury caused increased 

tibial translation and resulted in reduced patellofemoral joint contact force. These 

effects could be compensated for by an increase in hamstrings force, however 
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relatively high levels of hamstrings co-contraction were required. The disadvan

tages of this compensation were higher tibiofemoral joint compressive load and in

creased energy expenditure in the form of increased quadriceps force. The authors 

speculate that these disadvantages may be the reason why some individuals tend 

to develop an adapted gait pattern following ACL injury. 

An example of gait adaptation is the quadriceps avoidance gait (Berchuck et al., 

1990 and Wexler et al. 1998). ACL-deficient subjects have shown a reduction in 

the magnitude of the external knee flexion moment or an increase in the magnitude 

of the external extension moment. This change can be brought about either by a 

decrease in quadriceps activation or an increase in hamstrings activation. How

ever, EMG was not used in either of these two studies to delineate which muscle 

group is most affected by ACL deficiency. The authors speculate that the altered 

gait pattern is produced by quadriceps avoidance in an attempt to reduce anterior 

translation of the tibia with respect to the femur. One study that did utilize EMG to 

explore changes in muscle activation during gait with ACL-deficiency found an in

crease in duration of hamstrings activation, not in magnitude (Beard et al., 1996). 

In summary, there is evidence to suggest that the assumption of negligible ham

strings co-contraction during the leg press exercise may not be valid for the condi

tions to which the model will be applied. In general, including hamstrings forces in 

models of knee joint contact can result in increased muscular and joint contact 

force. At small knee flexion angles hamstrings co-contraction may be more signifi

cant. For ACL-deficient subjects in particular, increased hamstrings activity has 

been noted as a possible method of compensating for lack of knee stability. Co-

contraction is especially evident during the gait cycle as the knee is extended be

fore heel contact and during early- to mid- stance phase, when the knee is close to 

full extension. Although the amount of load produced during the supine rearfoot 

loading task is considerably less than a ground reaction force during gait, joint an

gles and the external load application point are similar. These findings sug-
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gest/indicate that antagonist activity during the MR loading task should be investi

gated, monitored and if possible quantified to include in the model of knee joint 

contact force. The next section will examine the use of electromyography to record 

and quantify the activity of the hamstring muscles during the MR loading task. 

3.2.2 Electromyography 

Electromyography is the study of muscle function by examining the electrical signal 

generated by contracting muscle. The following section summarizes the basic the

ory for recording, processing and interpreting this electrical signal (Basmajian and 

De Luca, 1985). 

3.2.2.1 Physiology of Muscle Contraction 

A motor unit is the basic functional unit of muscle contraction. It consists of a motor 

neuron and all muscle fibres supplied by the terminal nerve branches. The location 

where the axon terminates at a muscle fibre defines an endplate region called a 

neuromuscular junction. A nerve impulse descending a motor neuron activates all 

muscle fibres of the motor unit. 

During muscle contraction, a nerve impulse reaching the neuromuscular junction 

creates a chemical change at the muscle fibre membrane. This causes a mem

brane depolarization that propagates in both directions along the muscle fibre. The 

membrane depolarization, accompanied by a movement of ions, generates an 

electromagnetic field in the vicinity of the muscle fibres. An electrode located in this 

field will detect the potential or voltage, whose time excursion is known as an ac

tion potential. The depolarizations of muscle fibres of one motor unit overlap in time 

and the resultant signal at the detection site is a spatial-temporal superposition of 

the individual action potentials. This resultant signal is called a motor unit action 

potential. 
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Since muscle fibres from many motor units are located within a given recording 

area, the EMG signal is the algebraic summation of all signals detected. The shape 

of the resulting signal depends upon the electrodes used, their location and orien

tation with respect to muscle fibres, the electrochemical properties of muscle and 

connective tissue, and the recording equipment (Acierno et al., 1995). 

3.2.2.2 Signal Detection and Recording 

There are two main types of electrodes used in EMG signal detection: indwelling 

electrodes (wire or needle) and surface electrodes. 

Indwelling electrodes are inserted directly into the muscle of interest and are useful 

for detecting activity of deep muscles. Indwelling electrodes have a small pickup 

area and enable detection of individual motor unit action potentials, especially dur

ing low-force contractions. There are two types of indwelling electrodes: needle 

and wire. Needle electrodes can be repositioned within the muscle after insertion 

so that a different area of the muscle can be explored. Wire electrodes are ex

tremely fine (as small as 25 um) and are easily implanted and withdrawn, however 

they may not be repositioned after insertion and may migrate slightly. The disad

vantages of indwelling electrodes are their invasiveness, discomfort to the subject 

and their inability to detect electrical signal from a large portion of the whole mus

cle. 

Surface electrodes are applied to the skin directly over the muscle of interest. They 

are non-invasive, easy to apply and give little discomfort to the patient. Surface 

electrodes are advantageous when an EMG signal for a substantial part of the 

whole muscle is required and when activation time and magnitude are important. 

The disadvantages of surface electrodes are that they may only be used to detect 

activity from superficial muscles and they cannot be used selectively for small 

muscles. Cross-talk from other adjacent or deep muscles is also a concern. Cross

talk is the interference of EMG signals from muscles other than the one under the 
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electrode. Manual resistance tests should be performed to ensure that surface 

electrodes are not detecting activity from other surrounding muscles (Winter et al., 

1994) 

Surface Electrode Placement 

Surface electrodes must be carefully placed over the muscle of interest to ensure 

optimal electrical contact between the electrode and the skin. The skin surface is 

covered with hair and a layer of dead skin cells and protective oils. This layer must 

be removed through shaving and light abrasion with an alcohol pad in order to re

duce the electrical impedance of the skin. Electrical contact between the electrode 

and the skin can be further improved through the use of a saline gel or paste. 

The electrical signal from each muscle can be recorded from either one or two 

electrodes placed over the muscle of interest. When one electrode is used for de

tection, the arrangement is called monopolar. The disadvantage of this arrange

ment is that the electrode detects all electrical signals in the vicinity of the detection 

surface, including unwanted signals from other muscles or noise from surrounding 

electrical devices. It is more common to use a bipolar configuration, where two 

electrodes are placed over each muscle. The two signals are fed to a differential 

amplifier that amplifies the difference of the two signals and ideally eliminates the 

common mode components from the two signals. Any electrical noise from the sur

roundings is nearly eliminated and the resulting signal better represents the electri

cal activity occurring in contracting muscle fibres (Basmajian and De Luca, 1985). 

Muscle tissue is anisotropic. It is critical, therefore, that the detection surfaces of 

the electrodes are oriented along the length of muscle fibres. Layers of muscle, fat, 

and skin impede the propagation of electric currents from muscle tissue. Electrode 

impedance is increased as the distance between the source of the EMG signal and 

the detection surface is increased. The selectivity of an electrode depends on the 

area of the detection surface and, for bipolar electrodes, on the distance between 
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the two detection surfaces. The bipolar electrode configuration behaves as a band

pass filter. For surface electrodes, larger electrode spacing will render a lower 

bandwidth. Also as surface electrode spacing increases, the electrodes become 

more susceptible to detecting EMG signals from adjacent and deep muscles. 

Signal Amplification 
Theoretically, the bipolar electrode configuration should enable perfect cancellation 

of the common noise signal recorded by the two electrodes. However, this does 

not occur in practice because the amplifiers cannot subtract perfectly. The meas

ure of the ability of the differential amplifier to eliminate the common mode signal is 

called the common mode rejection ratio (CMRR). The CMRR is defined as the ratio 

between the common-mode voltage (Ecm) of the amplifier and its common-mode 

error voltage (Ee). The CMRR should be greater than 100 dB. As the CMRR of the 

amplifier increases, so does the cancellation of any undesirable currents. Amplifi

ers should be designed so that they minimally distort the EMG signal detected by 

the electrodes. The length of the leads to the input of the amplifier should be as 

short as possible and should not be susceptible to movement. The gain should be 

set so that the resulting signal has an amplitude of approximately ±1 V. The input 

impedance should be greater than 10 1 2 Ohms resistance and the bandwidth for 

surface electrodes is ideally between 20 and 500 Hz (Basmajian and De Luca, 

1985). 

3.2.2.3 Signal Processing 

Analysis of the EMG signal is complicated because the measured signal is a sum

mation of individual action potentials of varying amplitude, duration and timing 

(Acierno et al., 1995). A variety of signal processing methods are described in the 

literature for the purpose of analyzing the signal content. Selected methods are 

discussed below (Basmajian and De Luca, 1985, Acierno et al., 1995). 
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Rectifying involves rendering only positive deflections of the signal. This may be 

accomplished either by eliminating the negative values (half-wave rectification) or 

by inverting the negative values (full-wave rectification). The latter is the preferred 

procedure because it retains all of the energy content of the signal. Signal rectify

ing must be performed before averaging or integrating the signal. 

Smoothing the rectified signal is used to obtain a clearer amplitude level of the sig

nal for evaluation. Smoothing involves suppression of the high-frequency fluctua

tions, essentially by computing the mean of the rectified EMG signal in incremental 

time steps for the duration of the signal. The mathematical expression for the mean 

of the rectified EMG signal is: 

where m(t) is the EMG signal as a function of time and t¡ and tj are the points in 

time over which the averaging is performed. The shorter this time interval, the less 

smooth the averaged value will be. The above expression only provides one value 

over the time window T = t, -1¡. By moving the time window along the duration of 

the signal, a time-varying average of the complete signal is obtained. This is called 

a moving average. The window may be shifted by any number of time intervals up 

to the time T, equivalent to the width of the window. In this case, there is no bias in 

the calculation of each window average; that is, there is no data value common to 

more than one operation. 

Integration refers to obtaining the area under a signal or a curve. Since the ob

served EMG signal has an average value of zero, it will also have a total area (in

tegrated value) of zero. Therefore, the concept of integration may only be applied 

to the rectified value of the EMG signal. Since the rectified value is always positive, 

the integrated rectified value will increase continuously as a function of time. The 

integrated value is calculated as: 

(3.1) 
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l{|m(t)|} = J t

+ |m(t)|dt (3.2) 

where l{lm(t)l} is the integrated value of the EMG signal, m(t). The only difference 

between the integrated value and the average value is that the latter is divided by 

the time over which the average is calculated. There is no additional information 

provided by the integrated value. 

Root Mean Square (RMS) may also be used to evaluate the amplitude of the signal 

over time. It is similar to the moving average value, although no initial rectification 

of the signal is required when calculating the RMS value. It is calculated as follows: 

where RMS{m(t)} is the root mean square of the signal, m(t). 

3.2.2.4 Normalization 

EMG data is often compared between trials recorded at different time points from 

the same individual or between individuals from a group of subjects. In order to 

compensate for variability in EMG data between different trials and between sub

jects of varying muscle strength, the EMG signal is typically normalized to a refer

ence value. Usually the reference value is either the maximum EMG activity during 

the particular trial or the EMG value of the same muscle during a maximal volun

tary effort (Kellis, 1998). Normalization also allows antagonist activity to be com

pared relative to agonist activity during the same exercise. 

3.2.3 Muscle Force Estimation 

There exists considerable variability in the literature concerning the development of 

a relationship between force and EMG signal. The following section summarizes 

methods to quantify and compare muscle force production, research efforts aimed 

at quantifying an EMG-force relationship and methods to utilize the EMG signal to 

indicate relative muscle activity during a particular exercise. 

(3.3) 
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3.2.3.1 Physiological Cross-Sectional Area 

The ability of a muscle to produce force is determined by its physiological cross-

sectional area (PCSA). This measure differs from anatomical cross-sectional area 

(CSA), which is simply a muscle dimension determined by passing a transverse or 

horizontal cutting plane through the muscle in its anatomical position. PSCA is 

equivalent to force divided by stress and is a measure of the number of muscle fi

bres acting in parallel that are able to generate force (Cutts and Seedhom, 1993). It 

is calculated using muscle fascicle length, pennation angle and either muscle vol

ume (Equation 3.4) or muscle mass and density (Equation 3.5). 

( V 
PCSA = - c o s a (3.4) 

) 

PCSA = cos a (3.5) 

where V is muscle volume, m is muscle mass, p its density, I is the mean muscle 

fascicle length, and a is the angle of pennation (Figure 3-2). 

PCSA measurements have been determined in-vitro from cadaveric specimens 

(Wickiewicz et al., 1983, Friederich and Brand, 1990) where muscle fibre length, 

mass and volume are easily measured from excised muscles. The question often 

arises as to the appropriateness of using muscle dimensions from cadavers to rep

resent muscle from healthy, active individuals for in-vivo studies. Cutts and Seed

hom (1993) compared muscle PCSA determined from three in-vitro studies to data 

determined in-vivo on healthy adult males. In-vivo PCSA values were calculated 

using muscle volume from reconstructed computed tomography (CT) scans and 

muscle fibre length and pennation angle from cadaveric studies. The results 

showed that PCSA values were considerably larger for the young healthy individu

als than for the cadaveric specimens. However, the ratios of PCSA values for a 

group of synergistic muscles were similar for the in-vivo and cadaveric studies. 

Cutts and Seedhom (1993) recommended therefore that if only relative magnitudes 
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or ratios of muscle PCSA are required, for example when dividing grouped muscle 

forces such as the quadriceps into their component parts, the use of cadaver data 

is valid. 

Figure 3-2. Pennate skeletal muscle schematic showing muscle fibre length 
(I) and pennation angle (a) (Cutts and Seedhom, 1993). 

3.2.3.2 Muscle Stress 

The maximum amount of force that a muscle can produce per unit of physiological 

cross-sectional area is called muscle stress or specific tension and is expressed in 

units of force per unit area (e.g. N/cm2). This value is determined by measuring the 

maximum total force exerted by a group of synergistic muscles and dividing by the 

total PCSA for that muscle group. 

Muscle stress has been calculated in-vivo for the knee extensors and flexors as 

80.1 and 70.5 N/cm2, respectively (Narici et al., 1988). These values were calcu

lated using the maximum isometric torque that each subject could generate for 

each muscle group, measured at the knee flexion angle for which torque genera-
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tion was a maximum. This knee angle was 80° for extensors and 40° for flexors, 

where 0° represents full leg extension. The stress values were also calculated us

ing anatomical cross-sectional area instead of the PCSA. Narici and coworkers 

(1988) estimated that the PCSA would be approximately twice the anatomical CSA 

and therefore the resulting stress values would be halved if PCSA were used. In a 

later study, muscle stress was calculated in-vivo for the four quadriceps muscles 

using PCSA instead of anatomical CSA (Narici et al., 1992). The average value of 

the four quadriceps muscles was 25.0 N/cm2. Muscle stress has also been calcu

lated using muscle force values determined from an isokinetic knee flex

ion/extension test and PCSA values from three cadaver limbs (Wickiewicz et al., 

1984). Reported values were 53.2 and 78.9 N/cm 2 for knee extensors and flexors 

respectively. The authors noted that these values would likely be lower if in-vivo 

PCSA measurements were used instead of in-vitro values determined from cadav

ers, since cadaver muscle tends to shrink after embalming. Clearly there are differ

ences in the methods and assumptions used to experimentally determine muscle 

stress. As a result there is considerable variability in the reported values. 

Muscular force has been estimated for modelling purposes by multiplying the mus

cle stress value by the PCSA of the muscle of interest (McGill and Norman, 1986, 

Zheng et al., 1998). Given the variability in the methods used to calculate muscle 

stress as discussed above, it is very important to know the conditions under which 

the values were calculated and to account for these conditions when using muscle 

stress as a predictor of muscle force. Some of these factors include knee angle of 

maximal torque production, anatomical or physiological CSA and isometric or 

isokinetic activity. It would be advantageous to calculate muscle force without rely

ing on variable muscle stress values reported in the literature. A method similar to 

that of Narici et al. (1988) could be utilized to determine muscle force production of 

the quadriceps and hamstrings at any knee angle of interest for a specific subject 

and at different force levels. 
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One of the limitations of using muscle stress to predict muscle force is that PCSA 

measurements are required. Ideally subject-specific in-vivo PCSA measurements 

would be used to estimate muscle force. However, previous studies have used ei

ther average in-vivo values or in-vitro values from cadaver studies. It is possible to 

determine subject-specific muscle volumes in-vivo using MR or CT scans, however 

at present these imaging modalities do not allow visualization of muscle fascicle 

length and pennation angle. It is still necessary, therefore, to use data from ca

daver studies for parameters such as muscle fascicle length and pennation angle. 

3.2.3.3 EMG - Force Relationships 

Several researchers have attempted to determine a relationship between surface 

EMG amplitude and force production. Some have used the relationship qualita

tively to compare trends between subject groups or different exercise trials while 

others have used the relationship to predict muscle forces from a given EMG 

value. 

When an EMG-force relationship has been used qualitatively, the data for a whole 

group of subjects has typically been normalized to a maximal voluntary contraction 

for each subject. Force and EMG values are then averaged for the whole group 

and one average EMG-force curve is generated. The shape of the curve and its 

relative position may be compared at different time points or for different exercises. 

This type of analysis has been used for comparing quadriceps muscle function be

fore and after strength training (Hâkkinen and Komi, 1983), investigating the effects 

of air temperature on quadriceps function (Bell, 1993) and comparing the quadri

ceps and hamstrings function during single-joint and multi-joint exercises (Alkner et 

al., 2000). Isometric EMG-force relationships have been compared between sev

eral muscles (biceps brachii, deltoid, and first dorsal interosseous muscles) to de

termine if different muscles exhibit different EMG-force characteristics (Lawrence 

and De Luca, 1983). The authors found that there was considerable variability in 

the averaged data used to characterize the average EMG-force relationship (7 to 
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11% variability in EMG amplitude at a given force level), but that the variability was 

approximately 25% less in individual subjects. This finding supports the develop

ment of subject-specific EMG-force curves to describe muscle function in individu

als. 

The EMG-force relationship has been classified in some studies as simply linear or 

non-linear. Lawrence and De Luca (1983) compared the EMG-force relationship of 

different upper-extremity muscles to determine whether they could be considered 

linear or non-linear. Zero-, first- and second-degree polynomials were fit to the data 

and a goodness of fit was performed to describe the polynomial fit to the data. The 

authors found that in some cases the relationship was linear, but if it was not linear 

the second-degree polynomial did not provide much improvement in fit to the data. 

This result is likely due to the fact that the data were averaged over several sub

jects and it is possible that any non-linear trend may have been suppressed during 

the averaging process. 

Alkner et al. (2000) also compared EMG-force relationships on the basis of a linear 

or non-linear classification. The objective of the study was to examine differences 

in EMG-force relationship of the quadriceps muscles between a single-joint exer

cise (knee extension) and a multi-joint exercise (leg press). Subjects performed 

isometric maximal voluntary contractions followed by sub-maximal contractions at 

20%, 40%, 60% and 80% of MVC for both exercise modalities. All exercises were 

performed in the sitting position with a knee angle of 90°. The authors found a non

linear EMG-force relationship for vastus medialis and rectus femoris and a linear 

relationship for vastus lateralis. The EMG-force relationships were similar for the 

single-joint and multi-joint exercises and there was no difference observed in the 

maximal EMG activity between the two exercise modalities, even for the two-joint 

muscle rectus femoris which has been predicted to show lower activation during a 

multi-joint exercise (Yamashita, 1975). 
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In order to use EMG-force relationships to predict muscle forces from a given EMG 

value, a mathematical expression must be derived from known data. In this way, 

an EMG-force "calibration curve" is established for each muscle or muscle group. A 

second-degree polynomial has been used in two previous studies for establishing 

an EMG-force relationship (Solomonow et al., 1986, Kellis and Baltzopoulos, 

1997). Solomonow et al. (1986) developed EMG-force relationships for the elbow 

flexors and extensors using maximal and sub-maximal isometric data at elbow an

gles of 45°, 90° and 135°. The EMG-force relationships for agonist muscles were 

found to be the same regardless of elbow flexion angle, however the antagonist 

EMG-force relationship was dependent upon flexion angle. It has been suggested 

that the antagonist muscles are responsible for controlling limb stability and there

fore must compensate for the effects of gravity and changing agonist muscle mo

ment arms as joint flexion angle changes throughout a range of motion. If this find

ing could be applied to the knee joint, one may expect to find greater hamstrings 

antagonist activity at small flexion angles near full extension of the knee, when 

gravity effects on the limb are greatest and when knee extensor moment arm is 

largest. This suggestion may have implications for the MR rearfoot loading exer

cise where knee angles near full extension will be tested. 

Kellis and Baltzopoulos (1997) quantified EMG-moment relationships for the vastus 

medialis and hamstrings during concentric and eccentric isokinetic knee extension 

from 0° (full extension) to 90° of knee flexion at 10° increments. The purpose of the 

study was to enable prediction of the antagonistic moment of the hamstring mus

cles during knee extension. A second-degree polynomial was fit to maximal and 

sub-maximal EMG-moment data at each knee angle increment from each muscle 

when it was acting as agonist. Two different sets of data were used for the poly

nomial fit. One model used all data from 10% to 100% MVC and the second model 

used only data below 50% MVC. The second model was found to give better pre

diction for values at the lower portion of the curve, where the authors expected the 

hamstring antagonist values to lie. The antagonist moment at each knee angle was 
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then predicted from the EMG-moment curve at the corresponding knee angle using 

the EMG value from the hamstrings during a knee extension exercise. The advan

tage of using knee angle-specific EMG-moment relationships is that changing 

muscle length and gravity effects at different knee angles are automatically com

pensated for. There was no need to apply additional correction factors to account 

for these effects. 

The work of Kellis and Baltzopoulos (1997) for predicting muscle force is the most 

comprehensive to date in terms of accounting for knee angle, type of exercise and 

subject-specific EMG-force characteristics. Their study, however, recorded EMG 

data only from the vastus medialis and biceps femoris and assumed that this activ

ity was representative of the whole quadriceps and hamstrings groups. This as

sumption may be valid, but without information from the other muscles the results 

do not provide three-dimensional muscular force information. 

3.2.3.4 Muscle Force Partitioning 

All of the EMG-force relationships to date have described whole synergistic muscle 

groups, i.e. quadriceps and hamstrings. For the purposes of creating a three-

dimensional muscular model of the knee joint it would be interesting to quantify 

forces in individual muscles within those larger groups. This information could pro

vide more insight into muscle function at the joint, for example whether the direc

tion of muscle pull is more medial or lateral. 

Surface EMG has been used to partition the total muscular moment into the indi

vidual muscle forces in a dynamic, three-dimensional model of the low back (McGill 

and Norman, 1986). EMG was used to estimate the level of neural activation of 

each muscle, normalized to a statically determined maximal voluntary contraction. 

The maximum force that could be produced by each muscle at its rest length was 

determined as the product of its physiological cross-sectional area and muscle 

stress, which varied from 35 to 55 N/cm 2, depending on the particular muscle. This 
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maximal force was then multiplied by a ratio of sub-maximal EMG amplitude to the 

MVC amplitude. Adjustments were also made to account for muscle length, veloc

ity, and type of contraction (concentric/eccentric). 

This partitioning technique using surface EMG has also been used to estimate 

muscle forces for input to a tibiofemoral knee joint model (Zheng et al., 1998). The 

model was used to determine tibiofemoral compressive joint force and the tensions 

in the anterior and posterior cruciate ligaments during knee extension, leg press 

and squatting exercises. Maximum muscle force was determined as the product of 

in-vitro PCSA values and muscle stress values of 40 and 35 N/cm 2 for the quadri

ceps and hamstrings, respectively. A muscle length coefficient based on knee and 

hip angle was used to account for different joint positions throughout a range of 

motion during the three exercises. The maximum muscle force was then multiplied 

by a ratio of task-specific EMG to maximal effort EMG. 

The partitioning method appears to be a promising and useful technique to esti

mate muscle forces from relative EMG measurements. The application of this 

method to the knee joint by Zheng et al. (1998) involved several assumptions, the 

greatest one being the use of PCSA values from a cadaver study to represent a 

healthy, active subject group. Muscle stress values from literature were also used, 

although the authors were careful to account for changes in force production at dif

ferent knee angles. The work by Zheng et al. (1998) also involved optimization of 

muscle forces during the quasi-static exercises tested. The optimization parameter 

was used to account for inaccuracies in PCSA or muscle stress data. There did not 

appear to be any method of validation used to support the optimization procedure 

or the results of this study. 

3.2.4 Summary 

The structure and function of the muscles surrounding the knee have been de

scribed, with a focus on the function of the hamstrings as antagonistic muscles in 
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both the normal and ACL-deficient knee. Evidence from the literature was pre

sented that suggests the assumption of negligible hamstrings co-contraction may 

not be valid for the model of joint contact force in normal and ACL-deficient knees. 

Hamstrings co-contraction has been shown to be greatest at knee angles closest 

to full extension. This is speculated to be due to the role that the hamstrings play 

as knee stabilizers when the ACL is overloaded, and when gravity effects and an

tagonist lever arms are greatest. High ACL strain has been reported at knee flexion 

angles close to full extension, which corresponds with the knee angles that will be 

tested for this study. Also at small knee flexion angles hamstrings activity is pro

nounced in the ACL-deficient knee, where many authors have suggested that the 

hamstrings have an increased role as knee stabilizers in the absence of ACL integ

rity. 

Electromyography was presented as a method of measuring quadriceps and ham

strings muscle activity. The use of EMG to estimate muscle forces was also dis

cussed and various methods employed by other researchers were presented. In 

order to estimate hamstrings muscle forces during the MR loading task, EMG-force 

relationships could be determined during knee extension and flexion when the 

quadriceps and hamstrings are acting as agonists. Kellis and Baltzopoulos (1997) 

used this method successfully to determine subject-specific, knee flexion angle-

specific EMG-moment relationships that were subsequently used to predict an

tagonistic muscle activity. By combining this method with the technique of muscle 

force partitioning, EMG-force relationships can be determined for individual quadri

ceps and hamstrings muscles and muscle forces can be predicted for the MR load

ing task. This information can then be used along with muscle moment arms and 

lines of action in a two- or three-dimensional model of the knee joint to predict joint 

contact force. 
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3.3 METHODS 

3.3.1 Subjects 

Five female subjects (age = 25.4 ± 4.3 years, height = 164.4 ± 4.3 cm, weight = 

56.6 ± 10.9 kg) with no prior knee injury history or knee pain volunteered to partici

pate in this study and each signed a participant consent form. Subjects underwent 

a clinical examination performed by an orthopaedic surgeon to ensure that all knee 

structures were intact and the knee was clinically normal and pain-free. All experi

mental procedures were approved by the University of Calgary Conjoint Faculties 

Research Ethics Board. 

3.3.2 Electrode Placement 

Surface electrodes were chosen for this study because they are non-invasive and 

enable detection from a large portion of the whole muscle. Muscle activation pat

terns were recorded for the rectus femoris (RF), vastus lateralis (VL), vastus me

dialis (VM), medial hamstrings (MH) and lateral hamstrings (LH). Skin preparation 

protocol consisted of dry shaving and scrubbing with an alcohol pad in the region 

of electrode application. Two self-adhesive Ag/AgCI surface electrodes (Hug-

gables, ConMed Corporation, Utica NY) were applied in bipolar configuration over 

each detection site during a light contraction, aligned with the approximate direc

tion of muscle fibres. Each electrode was 1 cm in diameter and electrodes were 

spaced with their centres 2 to 2.5 cm apart. Electrodes were placed as recom

mended in the literature (Figure 3-3; Basmajian and Blumenstein, 1980). Electrode 

leads (Biovision, Wehrheim Germany) were attached to the surface electrodes and 

signals were differentially amplified (input impedance = 10x10 1 2 Ohms, CMRR = 

120 dB, bandwidth = 10 to 1000 Hz). Each amplifier was located approximately 10 

cm from the leads, which results in minimal movement artefact affecting the signal. 

EMG signal was sampled at 2002 Hz and voltage gain was adjusted to 1000, 2500 

or 5000, to provide a resulting signal on the order of ±1 V. The electrode leads and 
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amplifiers were secured on the subjects' legs using medical cover-tape. The tape 

prevented movement of the amplifiers and leads during and between exercises. 

3.3.3 Muscle Activation Tasks 

Subjects performed two separate activities: isometric knee flexion-extension on a 

dynamometer (Biodex Medical Systems Inc., Shirley NY) and isometric leg press 

using a custom built loading device. Knee flexion and extension trials were per

formed on the dynamometer to determine each subject's muscle-specific EMG-

force relationship. The isometric leg press activity was set up to replicate the MRI 

loading task. 

Quadriceps Hamstrings 

Figure 3-3. Electrode placement over muscles of the quadriceps and ham
strings. (Adapted from Martini, 1998 and Basmajian and Blumenstein, 1980.) 

3.3.3.1 Flexion - Extension Trials 

For the flexion-extension exercises, subjects were positioned in the dynamometer 

chair with a hip flexion angle of 10° to match as closely as possible the supine po-
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sition of subjects during an MR scan. The femoral condyles were aligned visually 

with the dynamometer axis in the sagittal plane and the ankle pad was adjusted for 

subject comfort. Knee flexion angles of 15°, 30° and 45° (0° is defined as full ex

tension) were tested. Subjects performed two to three maximal voluntary contrac

tions prior to testing in order to properly set the EMG amplifier gains and to allow 

subjects to practice performing maximal contractions in the supine position. The 

limb weight was recorded during rest at each knee angle and these values were 

used for gravity correction of generated torque during isometric knee flexion and 

extension contractions. During testing, the torque generated during a three-second 

isometric maximal (100%) voluntary contraction (MVC) was recorded. Subjects 

were then required to match target torque levels set in random order at 50%, 30% 

and 15% of the MVC. Three alternating sets of knee extension and knee flexion 

contractions were performed at each knee angle. A rest period of about one minute 

was allowed after the MVC and 30 to 45 seconds after each sub-maximal contrac

tion. After each set of knee flexion or extension contractions, a three-second rest 

trial was recorded. The rest trials were used to determine a baseline level of EMG 

activity and were also used to compute the weight of the limb for gravity correction 

purposes. Each subject repeated the entire procedure on three separate days. 

3.3.3.2 MRI Loading Task 

EMG electrodes were maintained in the same locations after the flexion-extension 

exercises and subjects then performed a series of maximal and sub-maximal iso

metric contractions for the MRI knee-loading task. This activity is similar to a leg 

press in the supine position. The subjects were positioned on a base board that 

has machined grooves for inserting custom-built Plexiglas knee flexion supports 

(Figure 3-4). By adjusting the position of the supports, the subject's leg rested com

fortably at the desired knee flexion angle (15°, 30° or 45°). The angle of knee flex

ion was measured manually using a goniometer to ensure the supports were posi

tioned correctly to yield the desired knee angle. Soft, flexible straps were used to 

hold the subject's leg in place on the Plexiglas supports and to help minimize 
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movement during the MR scan. The foot rested against a wooden pedal such that 

the angle between the bottom of the foot and the horizontal was 60°. Wooden 

backing in the foot pedal extended only to the rearfoot, so that subjects could not 

plantarflex the foot. This reduced or eliminated any muscular contribution from the 

gastrocnemius muscles. 

Figure 3-4. MRI loading exercise performed in the laboratory for EMG testing. 
The subject's leg is supported at a knee flexion angle 45° by Plexiglas sup
ports (a) that fit into a slotted base board (b). EMG electrode leads are visible 
but the electrodes themselves are secured with cover tape to prevent move
ment. The subject's foot rests in the wooden foot pedal (c). The load cell (not 
shown) attaches to the foot pedal via an extension rod (d). 

An aluminum extension rod was used to connect the foot pedal to an aluminum ax

ial load cell (Interface, Scottsdale AZ). The load cell was firmly mounted between 

the extension rod and a wooden support fixed against the wall. Output from the 

load cell in response to force applied by the subject on the foot pedal was amplified 

using a Vishay signal conditioning amplifier (model 2310, Measurements Group 

Inc., Raleigh NC) and recorded on a PC using a BNC adapter data acquisition 

board (BNC-2090, National Instruments Corporation, Austin TX). The data were 
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displayed in real time on the PC using LabVIEW software (version 4.1, National 

Instruments Corporation, Austin TX). Visual feedback of the voltage signal was 

provided to the subject through a signal displayed on a digital multi-meter (John 

Fluke Mfg. Co. Inc., Everett WA). The multi-meter was secured above the subject 

so that the display was visible. Subjects were asked to maintain a constant force 

level during the isometric contraction. 

3.3.4 Data Processing 

EMG signals and external force measurements were processed separately to yield 

sets of raw data points that were subsequently used to create EMG-force calibra

tion curves for each muscle at each knee flexion angle tested. 

3.3.4.1 EMG Data 

EMG and torque data were collected using WINDAQ Acquisition software (version 

2.46, DATAQ Instruments Inc., Akron OH). Data from each contraction were saved 

and could be played back and analyzed at a later date (WINDAQ Playback Wave

form Browser, version 1.99, DATAQ Instruments Inc., Akron OH). During playback, 

the torque plateau for each contraction was identified and from this region a 1.6-

second window was captured for each EMG and torque signal simultaneously. 

EMG signal root mean square (RMS) was calculated over this time window for 

each contraction (Equation 3.3). The RMS amplitude was normalized to the MVC 

amplitude for each set of sub-maximal contractions. 

3.3.4.2 Force Data 

The average knee extensor or flexor torque generated for each trial was computed 

from the 1.6-second data window extracted from torque plateau of each contrac

tion. From three trials recorded at rest, the average torque was used to represent 

the effect of gravity acting on the lower limb. The average rest torque was added to 

or subtracted from the measured torque generated during knee extension and flex

ion trials, respectively. The total torque measured from the dynamometer and grav-
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ity-corrected was converted to muscular force at the knee joint by dividing by the 

patellar tendon moment arm (knee extensors) or the average of the medial and lat

eral hamstrings tendon moment arms (knee flexors). These moment arm values 

were determined for each subject in Chapter 2.0, Section 2.4.4. The muscular 

force was partitioned among the active muscles (RF, VL and VM for knee exten

sion and M H and LH for knee flexion) using relative physiological cross-sectional 

areas (PCSA) of the contributing muscles to the total PCSA of the entire muscle 

group producing the force. Relative P C S A percentages used for knee extensors 

were: 46.1 (VL), 20.3 (RF) and 33.5 (VM). For knee flexors the relative values were 

60.2 (MH) and 39.8 (LH). 

3.3.4.3 EMG - Force Relationship 

Polynomials of order 1,2,3 and 4 were fit to subject-specific data from three trials 

at each knee flexion angle to describe each muscle's EMG-force relationship dur

ing knee extension or flexion. The polynomial was fit only to the data from the sub-

maximal exercises (0% to 50% MVC). A regression analysis was used to deter

mine the minimum order of polynomial that would best fit the data. Higher order 

polynomial terms were successively added to fit the data and the statistical signifi

cance of each higher order term was assessed in turn. When a higher order term 

was found to not provide any additional information for fitting the data, the optimal 

order of polynomial was selected as the previously tested order without the new 

term. 

Once the optimal polynomial order was chosen, 15 EMG-force equations were cal

culated for each subject: five muscle groups and three knee flexion angles per 

group. The force magnitudes for each equation were determined by the amount of 

force generated by each subject at each knee angle. Using this approach elimi

nated the need to assume values for muscle stress or PCSA magnitudes in order 

to determine the force magnitudes. 
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3.3.4.4 MRI Loading Task 

The RMS amplitudes calculated from the quadriceps and hamstrings EMG signals 

during the leg press exercise were normalized to the average MVC EMG amplitude 

of the quadriceps and hamstrings when these muscles were acting as agonists 

during knee extension and flexion contractions on the dynamometer. Using the 

polynomial EMG-force equations for each muscle that were previously determined 

(Section 3.3.4.3), the RMS EMG values for the leg press were used as the inde

pendent variable to calculate the corresponding muscle force for the MRI loading 

task. 

3.3.5 Statistical Analysis 

The subjects for this study performed the MRI loading task in the laboratory on 

three different days and subsequently repeated the loading procedure for the ac

tual MR scan on a fourth test day. EMG measurements could not be recorded dur

ing the MR scan because the ferromagnetic properties of the EMG leads and wires 

cause image distortion. It was therefore necessary to predict the level of EMG ac

tivity during the MR scan based on the previous laboratory testing. To accomplish 

this task, a confidence interval of EMG values was calculated for each muscle of 

each subject based on the data from repeated MR loading trials performed in the 

laboratory. A 95% confidence interval may be interpreted as a range of values in 

which the measured EMG activity will fall with 95% frequency. To determine if 

separate confidence intervals should be calculated at each knee flexion angle or if 

a pooled estimate independent of flexion angle is more appropriate, the variability 

of EMG voltage data was tested at different knee flexion angles using Levene's 

test (Ramsey and Schafer, 1997). If the variability in the data was found to be in

dependent of flexion angle, one confidence interval for each muscle could be de

termined by pooling the data from all three flexion angles. 

The variability of the 7.5% EMG signal voltage was then analyzed for each muscle 

group of each subject to determine the standard error in the repeated measure-
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ments across the three test days. A standard error about the mean was calculated 

from the repeated EMG measurements for each muscle. The 95% confidence in

terval range for the voltage measurements was computed as the mean value ± 2 x 

standard error (Ramsey and Schafer, 1997). Only the EMG signal voltage for the 

7.5% contraction level was analyzed statistically since this was the level of contrac

tion performed during the MR scan. 

The upper and lower confidence interval limits for the EMG signal during the 7.5% 

leg press contraction were used as independent variables with the EMG-force 

polynomials to determine hamstrings muscle forces. 

3.4 RESULTS 

3.4.1 Regression Analysis 

Regression analysis was used to determine the order of polynomial that best fit the 

EMG-force data points from each muscle for each subject (Table 3-1). Higher order 

polynomials than are listed in the table were not found to provide additional infor

mation for fitting the data points. Second order polynomials were subsequently 

used to describe the EMG-force relationship for all subjects, since second order is 

the dominant polynomial resulting from the regression analysis. 

Table 3-1. Optimal polynomial order to fit EMG-force data for each muscle of 
five subjects tested. 

Subject Medial Lateral Vastus Rectus Vastus Subject 
Hamstrings Hamstrings Medialis Femoris Lateralis 

S4 2 2 2 2 2 
S7 2 2 2 2 2 
U1 2 1 2 1 2 
T1 1 2 2 2 2 
T4 1 1 2 2 1 

Adjusted R-squared correlation coefficients were calculated for all subjects, mus

cles and knee angles to describe the goodness of fit of the second degree polyno-
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miai to the data. Correlation coefficients ranged from a minimum of 0.76 to a 

maximum of 0.99. The average correlation coefficient of all polynomials (n=225) 

was 0.95. 

3.4.2 EMG - Force Relationship 

EMG-force relationships were calculated for each of the five muscles measured for 

each subject at the three knee angles of interest (15°, 30° and 45°) using second 

degree polynomials (Figure 3-5 through Figure 3-9). For subject T4, muscle 

moment arm data was not available so the force values are the forces generated at 

the ankle pad of the dynamometer (Figure 3-9). 

As expected, the force magnitudes for each subject's EMG-force curves are differ

ent, reflecting individual muscle strengths of the subjects. However, the trends in 

the curves are consistent between different knee flexion angles. For all subjects, 

the force generated by the hamstring muscles decreases as knee flexion angle in

creases from 15° to 30° to 45°. The opposite is true for the quadriceps muscles, 

where muscle force increases as knee flexion angle increases. This observation is 

likely related to the change in muscle moment arm values with knee flexion angle. 

3.4.3 Statistical Analysis 

EMG signal voltage variability of the 7.5% contractions at different knee flexion an

gles was found to be independent of knee angle. Therefore a pooled standard error 

value was obtained by combining data for all three angles. Voltage variability was 

not tested at the other contraction levels and therefore the pooled value is limited 

to the 7.5% contraction level. Using the pooled angle data for each subject, a stan

dard error about the mean was calculated for each muscle from 27 EMG meas

urements (3 trials x 3 days x 3 knee angles). The upper and lower 95% confidence 

interval limits were computed for each muscle and are presented here for the ham

strings muscles (Table 3-2) and quadriceps muscles (Table 3-3). 
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Table 3-2. Upper and lower confidence interval limits for EMG of lateral ham
strings (LH) and medial hamstrings (MH) during the 7.5% MVC leg press ex
ercise. The EMG values are normalized to the MVC and therefore are per
centages of maximal effort (e.g. 0.010 is 1% MVC). 

Subject Muscle Confidence Interval (mean ±2* Std. Error) Subject Muscle 
Lower Limit Upper Limit 

T1 LH 0.010 0.016 T1 
MH 0.005 0.009 

U1 LH 0.007 0.024 U1 MH 0.010 0.048 

S7 LH 0.009 0.013 S7 
MH 0.003 0.010 

S4 LH 0.021 0.048 S4 
MH 0.002 0.019 

T4 LH 0.006 0.009 T4 MH 0.005 0.008 

Table 3-3. Upper and lower confidence interval limits for EMG of the vastus 
medialis (VM), rectus femoris (RF) and vastus lateralis (VL) during the 7.5% 
MVC leg press exercise. The EMG values are normalized to the MVC and 
therefore are percentages of maximal effort (e.g. 0.034 is 3.4% MVC). 

Subject Muscle Confidence Interval (mean ±2* Std. Error) Subject Muscle Lower Limit Upper Limit 

T1 
VM 0.034 0.057 

T1 RF 0.033 0.048 T1 
VL 0.050 0.094 

U1 
VM 0.034 0.061 

U1 RF 0.012 0.023 U1 
VL 0.051 0.086 

S7 
VM 0.030 0.102 

S7 RF 0.016 0.029 S7 
VL 0.025 0.062 

S4 
VM 0.045 0.085 

S4 RF 0.028 0.045 S4 
VL 0.070 0.115 

T4 
VM 0.019 0.036 

T4 RF 0.015 0.026 T4 
VL 0.026 0.056 
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Figure 3-5. EMG-force relationships for subject T1 for lateral hamstrings (a), 
medial hamstrings (b), vastus medialis (c), rectus femoris (d) and vastus lat
eralis (e). Each plot shows results for 15°, 30° and 45° knee flexion. EMG val
ues are RMS EMG normalized as fraction of MVC. 
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Figure 3-6. EMG-force relationships for subject U1 for lateral hamstrings (a), 
medial hamstrings (b), vastus medialis (c), rectus femoris (d) and vastus lat
eralis (e). Each plot shows results for 15°, 30° and 45° knee flexion. EMG val
ues are RMS EMG normalized as fraction of MVC. 
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Figure 3-7. EMG-force relationships for subject S7 for lateral hamstrings (a), 
medial hamstrings (b), vastus medialis (c), rectus femoris (d) and vastus lat
eralis (e). Each plot shows results for 15°, 30° and 45° knee flexion. EMG val
ues are RMS EMG normalized as fraction of MVC. 



141 

_í«H I I I 
i r 

u 

— L S¿EF#Vg—~11 500 

1 1 1 1  

SU—1_-L_|_-

0 0.2 0.4 0.6 0.8 1 
EMG 

0 0.2 0.4 0.6 0.8 1 
EMG 

1500 

~ 1000 
a) 
o 

J f U _ | _ - l — I — 
- i 1-

CD 
O 

0 0.2 0.4 0.6 0.8 1 
EMG 

0.2 0.4 0.6 0.8 
EMG 

o 

~i r r — -

, ' " J 

P . _ L _ 
0.2 0.4 0.6 0.8 

EMG 

—+-—. 15° 
Q 30° 

45° 

Figure 3-8. EMG-force relationships for subject S4 for lateral hamstrings (a), 
medial hamstrings (b), vastus medialis (c), rectus femoris (d) and vastus lat
eralis (e). Each plot shows results for 15°, 30° and 45° knee flexion. EMG val
ues are RMS EMG normalized as fraction of MVC. 
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Figure 3-9. EMG-force relationships for subject T4 for lateral hamstrings (a), 
medial hamstrings (b), vastus medialis (c), rectus femoris (d) and vastus lat
eralis (e). Each plot shows results for 15°, 30° and 45° knee flexion. Force 
values for this subject only are forces exerted at the ankle pad of the dyna
mometer, as moment arm data were not available for this subject. EMG val
ues are RMS EMG normalized as fraction of MVC. 
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The activity of the quadriceps muscles is consistently higher than that of the ham

strings muscles. This is expected given that the leg press is a quadriceps exercise 

and the hamstrings are antagonist muscles that provide a negative contribution to 

the desired movement. 

3.4.4 Hamstrings Force Estimates 

Using the upper and lower confidence interval limits for the hamstrings EMG signal 

during the 7.5% leg press contraction (Table 3-2), upper and lower force estimates 

for the medial and lateral hamstrings were computed (Table 3-4) using the EMG-

force polynomials (Figure 3-5 through Figure 3-8). Hamstrings forces are pre

sented for four subjects only because subject-specific moment arm values for Sub

ject T4 were not available. For subjects U1 and S7, the total hamstrings force (me

dial plus lateral hamstrings) increased as knee flexion angle decreased approach

ing full extension. This result is expected given that the hamstrings tendon moment 

arms increase closer to full extension. The other two subjects did not exhibit the 

same trend, however, with maximal total hamstrings forces occurring at 30° flexion 

and lower forces measured at 15°. 

Table 3-4. Lower (-) and upper (+) hamstrings force estimates during MRI 
loading activity (leg press) at 7.5% MVC. 

Medial Hamstrings Force (N) Lateral Hamstrings Force (N) 

15° 30° 45° 15° 30° 45° 

Subject - + - + - + - + - + - + 

S4 0.0 24.1 "~o.o 34.3 5.8 28.6 16.9 59.1 18.7 54.9 19.4 51.6 

S7 0.0 11.4 0.0 3.9 0.3 12.3 29.0 37.6 10.6 16.1 2.4 7.3 

U1 13.1 44.5 0.0 25.5 0.4 27.5 0.0 11.6 2.4 7.7 0.0 4.4 

T1 0.0 0.0 0.0 2.8 6.3 8.4 10.4 18.8 14.8 20.5 3.1 5.6 
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3.5 DISCUSSION 

The objective of this component study was to develop a method to estimate ham

string muscle forces during the MRI rearfoot loading exercise. This objective was 

accomplished by developing EMG-force "calibration curves" for the quadriceps and 

hamstrings muscles of each subject that could be used to predict muscle force 

from a measured EMG value during a specific exercise. A partitioning method us

ing relative physiological cross-sectional areas was used to divide the total quadri

ceps and hamstrings forces into component forces for the individual muscles or 

muscle pairs within the larger functional groups. The partitioning of forces gives in

formation about the force sharing between muscles of the same group. This may 

be useful for the development of a 3D PF joint contact force model - i.e. including 

medially and laterally directed muscle forces that may occur in the case of a mus

cular imbalance in the quadriceps. 

The methods developed and utilized used for this study contribute several im

provements over other methods reported in the literature. Firstly, there is no re

quirement to assume values for muscle stress of the quadriceps and hamstrings 

muscle groups. This is advantageous given that the experimental methods used to 

determine muscle stress and the values reported in the literature are both highly 

variable. Knee extensor and flexor forces are measured for each subject at specific 

knee flexion angles so that predicted force magnitudes more accurately reflect the 

amount of force each subject can generate. This method may become even more 

critical in future studies examining subjects with knee injuries, who may not be able 

to generate as much force as a healthy subject. Secondly, actual PCSA values are 

not required but rather percentages are used to express the relative PCSA of each 

muscle with respect to that of the whole group. Studies in the literature estimating 

muscle force have assumed PCSA values from cadaver studies, which may not 

represent the size of muscle from living, healthy subjects. Relative PCSA values, 

however, are consistent between young, active subjects and elderly cadavers 

(Cutts and Seedhom, 1993). Thirdly, one of the assumptions made by Kellis and 
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Baltzopoulos (1997) was that the EMG activity of the biceps femoris and the vastus 

medialis was representative of the entire hamstrings and quadriceps groups. The 

results of the current study support this assumption, based upon visual inspection 

of the EMG-force curves for each subject. Muscles within one functional group dis

play similar EMG-force characteristics, indicating that one muscle from each group 

could adequately describe the EMG-force relationship for the whole group. How

ever, the current study offers an improvement by quantifying relationships for all 

three superficial quadriceps muscles and the medial and lateral hamstrings groups. 

Inclusion of this information may become more valuable for future work construct

ing a three-dimensional model of the knee joint, where medial and lateral force di

rections will be required. 

3.5.1 Assumptions and Limitations 

Despite the improvements presented in this study, there are still a number of as

sumptions and limitations of this work. It was assumed that the superficial agonist 

muscles generated all force during a knee extension or flexion contraction and that 

antagonist activity was small. Antagonist activity was found to average 3.5 ± 3.4% 

of the agonist activity during all contractions. The maximum antagonist activity was 

19% by the lateral hamstrings during a maximal voluntary knee extension contrac

tion. Therefore, the knee extension and flexion contractions were successful exer

cises to isolate the quadriceps and hamstrings muscles, respectively. Alkner et al. 

(2000) found that lateral hamstrings antagonist activity during both knee extension 

and leg press equalled approximately 8% of quadriceps activity and that antagonist 

force increased in proportion to agonist muscle force. The same trend was found in 

the current study, with antagonist muscle activity increasing as the contraction level 

increased. At the 7.5% MVC contraction level, the hamstrings activity was very low 

but not negligible. 

EMG and force data were collected from each subject on three separate days for 

the right leg only. For this preliminary study, it was necessary to determine how 
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variable the EMG-force data were from day to day. Data were collected on three 

different days and the average EMG-force relationships from the flexion-extension 

trials were determined. A confidence interval was used to describe the average 

EMG signals generated by each subject during the MRI loading exercise. Since the 

data collection procedure was very lengthy, data were collected for one leg only in 

order to collect the full set of data on three days. The assumption was made that 

since both left and right legs of the subjects for this study were healthy and clini

cally normal, the EMG signals and force magnitudes determined for the right leg 

were applicable to the left leg. This assumption would not likely be valid in the case 

of a unilateral knee injury. For future studies involving subjects with knee injuries or 

disease, the data collection procedure must be completed for both the injured and 

the contralateral knee in order to account for muscular adaptation to injury that may 

have occurred in one or both knees. 

It was also assumed that all muscles were maximally activated during the maximal 

voluntary knee extension or flexion contraction. It has been suggested that the rec

tus femoris may not be maximally activated during the knee extension exercise be

cause it is a two-joint muscle and in addition to extending the knee this muscle is 

used to flex the hip (Yamashita, 1975). Salzman et al. (1993) observed changes in 

maximal quadriceps activity as various combinations of knee and hip joint angles 

were tested, indicating that joint position plays a role in muscular force production. 

However, they found that all quadriceps muscles were activated the same amount 

during maximal isometric knee extension and that the vasti did not work in isolation 

from the rectus femoris. The extent of muscle activation could be assessed in fu

ture studies by employing muscle stimulation during the MVC to determine the per

centage of motor units not recruited during the maximal contraction. 

The rectus femoris has also been found to be less active during leg press exer

cises when compared to leg extension exercises (Yamashita, 1975). In this current 

study, activation of the rectus femoris during the leg press was normalized to its 
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maximum value from the knee extension exercise. A comparison of normalized 

rectus femoris activity to similar measurements from vastus medialis and lateralis 

showed that RF activation was much less than the normalized activation of the VM 

and VL (Table 3-5). On average, the normalized activation of the vastus medialis 

was 96.2% greater than normalized activation of the rectus femoris. The vastus 

lateralis was 140.8% greater than rectus femoris. This supports the finding by Ya-

mashita (1975) that rectus femoris is not activated to the same extent as the vastus 

lateralis and medialis during the leg press activity. 

Table 3-5. Relative increase in EMG signal magnitude of the vastus medialis 
and lateralis compared to the rectus femoris during the MRI loading task. 

Subject Vastus Medialis Vastus Lateralis 
T4 30.7% 95.6% 
U1 166.6% 286.1% 
S7 195.2% 92.9% 
T1 12.4% 78.2% 
S4 76.1% 151.1% 

Average 96.2% 140.8% 

EMG activity could not be measured from deep muscles, such as the vastus inter-

medius. When dividing the total knee extensor torque, the ratios of PCSA were 

calculated only as a percentage of the total based on the three superficial quadri

ceps muscles. Using this approach assumes that any force produced by the VI is 

distributed among the other quadriceps muscles. Therefore the actual force magni

tudes of the VL, VM and RF are overestimated, but for the two-dimensional model 

the total force in the quadriceps tendon is the same. For a three-dimensional knee 

joint model however, the angle of pull of the individual quadriceps muscles will be

come more important to include. In this case it may be necessary to make some 

assumptions about the activity level of the VI in order to include its force magnitude 

in the model. One option is to represent the EMG amplitude of the VI as the aver

age of the VM, VL and RF (Zheng et al., 1998). 
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For the knee flexors, one pair of electrodes was used to record activity of the me

dial hamstrings, which included both the semimembranosus and semitendinosus, 

and the lateral hamstrings, which included the long and short heads of the biceps 

femoris. Surface electrodes are not selective enough to measure EMG activity from 

the four individual hamstrings muscles, given their size and location relative to 

each other. For example, the semitendinosus is a narrow muscle that lies just su

perficial to the semimembranosus. It is difficult to be selective enough with surface 

electrodes to measure activity from just one or the other without significant cross

talk. Since both muscles have the same function it seems acceptable to group 

these muscles together as medial hamstrings and collect EMG that represents the 

activity of both muscles (e.g. Zheng et al., 1998, Grabiner et al., 1992, Kálund et 

al., 1990). 

Cross-talk between adjacent EMG recording sites was assumed to be minimal in 

this study. This assumption is based on the fact that functional tests were per

formed to ensure correct placement of surface electrodes. Winter et al. (1994) rec

ommended manual resistance tests as the best method for ensuring that no com

mon signal is present between neighbouring recording sites. For the muscles 

measured in this study, a manual resistance test was performed to test for isolation 

of the rectus femoris from the vasti and of the hamstrings from the quadriceps. 

Since the hamstrings and quadriceps are antagonist pairs, one muscle group 

should be silent while the other group is acting as agonist. This was tested during 

knee extension and flexion contractions. The rectus femoris is a two-joint muscle 

as it crosses the hip as well as the knee. Therefore a straight-leg raise against re

sistance should elicit activity only the rectus femoris and not from the vastus me

dialis or lateralis. This test was performed for all subjects to ensure correct elec

trode placement over the rectus femoris. For pairs of muscles that have the same 

function and could not be isolated using functional tests, cross-talk between adja

cent recording sites was estimated with a theoretical muscle model (Winter et al., 

1994). Simulated EMG signals were generated and measured at detection sites 
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spaced in 10-mm intervals up to 8 cm. A cross-correlation technique was used to 

identify the amount of common signal between two recording sites. Cross-talk was 

estimated as 13% at 2-cm electrode spacing and remained near 4% for spacing of 

3 cm or greater. Experimentally, cross-talk was greater than the simulated values, 

with 21-24% common signal at a spacing of 2.5 cm and 4-6% at 5-cm spacing. The 

difference in cross-talk estimates is likely because of a difference in the amount of 

fat tissue between experiments and the simulated model. In the current study, sur

face electrode pairs were placed approximately 4 cm apart between medial and 

lateral hamstrings and 10 cm apart between the vastus lateralis and medialis. 

Based on the mathematical simulation and experimental results by Winter et al. 

(1994), cross-talk between the medial and lateral hamstring electrode pairs and the 

vastus lateralis and medialis electrode pairs was assumed to be minimal. 

A criticism of this study is that the EMG-force relationship was determined during 

knee extension and flexion (single-joint exercises for the quadriceps and ham

strings) and this relationship was used to predict muscle forces occurring during 

leg press (a multi-joint exercise). Ideally, the EMG-force relationship would be de

termined during the same activity for which forces would subsequently be pre

dicted. However the leg press exercise does not isolate the quadriceps or the 

hamstrings independently and therefore this activity could not be used to partition 

total force. Also a maximal leg press exercise does not elicit maximal neural activa

tion of the hamstrings muscles. The knee extension and knee flexion exercises 

could easily be performed on a dynamometer and these exercises isolate the mus

cle groups of interest. Alkner et al. (2000) showed that EMG-force relationship for 

the three superficial quadriceps muscles is similar between knee extension and leg 

press. In light of this experimental evidence it is believed to be a reasonable as

sumption to predict muscle forces during leg press from knee extension and flexion 

activity. 
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3.5.2 Significance of Results 

The purpose of this study was to develop a method to estimate hamstrings forces 

during the leg press exercise used to provide knee loading during an MR scan. 

Since the results are specific to the subjects involved, the knee flexion angles 

tested, and the constraints of the exercise itself, there are no other studies in the 

literature with which to compare magnitudes of hamstrings antagonist forces. 

Second-order polynomials were found to be the dominant order for describing 

EMG-force relationships for each muscle in this study. This assessment is based 

on five subjects. For the medial and lateral hamstrings, a linear relationship best 

described the data for two subjects. It is possible that if more subjects were tested, 

a linear relationship may become more prevalent for the hamstrings muscles. For 

the quadriceps muscles, a linear relationship was optimal for the rectus femoris of 

one subject and for the vastus lateralis of one subject. Alkner et al. (2000) found 

that the vastus medialis and rectus femoris were best described by non-linear rela

tionships while the vastus lateralis displayed linear EMG-force characteristics. The 

data reported by Alkner et al. (2000) however were all collected at a knee angle of 

90°. Kellis and Baltzopoulos (1997) used second order polynomials to describe the 

EMG-force characteristics of knee angle-specific data for their study. The EMG-

force data collected in this study, also at specific knee angles, appears very similar 

to that of Kellis and Baltzopoulos (1997). 

Zheng et al. (1998) estimated hamstrings forces using assumed values of muscle 

stress and P C S A multiplied by a ratio of submaximal to maximal EMG recorded 

during knee extension, squatting and leg press exercises. An optimization routine 

was used to correct for potentially inaccurate muscle stress and PCSA values. Ac

tual hamstrings force magnitudes were not reported in their study. 

Kellis and Baltzopoulos (1997) used a similar method as this study for constructing 

EMG-moment curves for the lateral hamstrings muscles in order to estimate an-
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tagonist activity. The shape of their EMG-moment curves is the same as for the 

EMG-force curves constructed for this study. It is difficult to compare the actual 

magnitudes of the force or moment antagonist values since the exercises used for 

calibration were not identical. Kellis and Baltzopoulos (1997) used concentric and 

eccentric isokinetic knee flexion exercises with subjects in a seated position. In 

contrast, this current study tested subjects in the supine position during isometric 

knee flexion and extension exercises. 

The predicted hamstring forces during the 7.5% leg press contraction ranged from 

0 N to 59 N for the lateral hamstrings. The maximum value of 59 N is roughly 10% 

of that particular subject's maximal lateral hamstrings effort and is 42% of the pre

dicted quadriceps force during the same leg press exercise. Predicted medial 

hamstrings forces ranged from 0 N to 45 N, which is approximately 6% of the 

maximal medial hamstrings force and 21% of the predicted quadriceps force during 

the same activity. For most subjects the hamstring forces are very small, but in 

some cases represent a large percentage (up to 59%) of the total quadriceps force 

predicted during the same exercise. It is possible that in some cases the ham

strings are very active as antagonists during the leg press exercise. If the forces 

predicted in this study are accurate then the assumption of negligible hamstrings 

may not be appropriate. The hamstring force estimates that resulted from this 

component study will subsequently be used as input to the two-dimensional lower 

leg and PF joint models. This analysis is the subject of Chapter 4.0. The sensitivity 

of PF joint contact force to the upper and lower hamstring force estimates will be 

investigated. 

Maximal force generated by the hamstring muscles is as high or in some cases 

higher than individual quadriceps muscle forces. This result is to be expected given 

that maximal force generation for the hamstrings has been reported to increase 

closer to full extension (Smidt, 1973, Kellis and Baltzopoulos, 1997). Maximal force 

generation for the quadriceps muscles has been reported to occur between some-
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where in the range of 45° and 90° of flexion and decrease closer to full extension 

(Smidt, 1973, Narici et al., 1988, Kellis and Baltzopoulos, 1997). The results from 

this study support these observations. Hamstrings force was shown to increase as 

knee flexion angle decreased towards full extension of the knee. The reverse was 

seen in the quadriceps muscles. An increase in knee flexion angle towards the op

timal force-generating range of knee angles, as reported in the literature, produced 

increasing force magnitudes. 

Solomonow et al. (1986) speculated that for the elbow joint the antagonist muscles 

act as stabilizers for the joint and that the muscle moment arm and the effect of 

gravity acting on the limb primarily influence the magnitude of antagonist muscle 

activity. This finding is also supported by the results from this study on the knee 

joint. Hamstring muscle moment arms and the effect of gravity on the lower leg are 

greatest near full extension, when the maximum antagonist activity was observed. 

3.5.3 Future Directions 

The results of this study show that hamstrings forces for normal, healthy knee 

joints are small, although in some cases the magnitude of hamstrings antagonist 

forces represents a significant proportion of the force generated by the quadriceps 

muscles. The effect of including hamstrings forces in the joint contact model will be 

discussed in the next chapter. The sensitivity of joint contact force to the inclusion 

of hamstrings forces will indicate whether or not the assumption of negligible ham

strings forces is reasonable for this particular model. 

Future application of this work will be to compare PF contact characteristics be

tween normal and injured (ACL-deficient) knees using this method to quantify mus

cle forces for input to the PF joint contact force model. It is expected based on pre

vious studies in the literature that hamstrings forces may be even greater in the 

ACL-deficient knee than in the normal knee. It has also been shown recently that 

quadriceps inhibition may be present among ACL-deficient subjects (Suter et al., 
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2001). The implication of these findings is the possibility of a reduction in quadri

ceps activity accompanied by an increase in hamstrings activity in ACL-deficient 

subjects. In this case, hamstrings activity may represent a larger proportion of 

quadriceps activity and it may be even more important to include in the model of 

joint contact. 

The focus of this study has been directed toward the future application of the 

model to study joint contact in ACL-deficient knee joints, however there are other 

conditions that afflict the knee joint that may also lead to altered joint contact forces 

and subsequent joint degeneration. In Chapter 1.0, patellofemoral pain syndrome 

(PFPS) was discussed as a chronic condition that may arise due to overactivity, 

joint malalignment, or a muscular imbalance in the quadriceps. The techniques 

used in this component study also allow force estimations for the individual quadri

ceps muscles - the vastus lateralis, vastus medialis and rectus femoris. A future 

study may investigate a group of individuals with PFPS to see if muscular imbal

ances are quantifiable and if so, how that could affect joint contact force at the PF 

joint. This type of study would require the development of a three-dimensional PF 

joint contact model so that the quadriceps force could be applied not only in the 

sagittal plane but also in the medial and lateral directions. 



4.0 JOINT CONTACT FORCE ESTIMATION 

154 

4.1 INTRODUCTION 

Previous knee joint injury is an important mechanical risk factor for the develop

ment of joint degeneration and osteoarthritis (Cooper et al., 1994). Patellofemoral 

OA has been speculated to occur as a result of abnormal joint contact pressure be

tween the medial or lateral patellar facet and the femoral groove. Abnormal joint 

contact may be caused by a varus/valgus joint malalignment, chronic patellar tilt, or 

an imbalance of forces in the retinacula or muscles surrounding the knee joint 

(Fulkerson and Hungerford, 1990). Anterior cruciate ligament rupture is another 

joint injury that has been demonstrated to cause altered patellofemoral joint contact 

(Boyd and Ronsky, 2000). The adverse effects of ACL deficiency on articular carti

lage, such as thinning, fibrillation and erosion, have been demonstrated in animal 

models (Pond and Nuki, 1973, Brandt et al., 1991, Sah et al., 1997, Herzog et al., 

1998) and through long-term monitoring in human studies (Pattee et al., 1989, 

Conteduca et al., 1991, Jomha et al., 1999, Jàrvelà et al., 2001). 

The exact mechanism by which loss of the ACL may subsequently produce articu

lar cartilage degeneration is not known. One speculation is that functional adapta

tions to knee kinematics and knee loading that occur in the ACL-deficient limb may 

play a role in development of degenerative changes (e.g. Wexler et al., 1998). In 

order to better understand the role that joint contact stress plays in the initiation 

and progression of osteoarthritis, it is desirable to quantify contact stress to com

pare stress between a normal population (no history of knee pain or injury) and an 

ACL- deficient population (it is speculated that this population may be at risk for 

developing joint degeneration). 

To quantify joint contact stress in the patellofemoral joint, a variety of experimental 

methods and mathematical models have been developed (e.g. Ferguson et al., 

1979, Huberti and Hayes, 1984, van Eijden et al., 1986, Hirokawa, 1991, Singer-
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man et al., 1995). Experimental methods to directly measure contact force or 

stress involve inserting measuring devices between the patella and femur. This has 

been accomplished through the use of piezoresistive pressure transducers (Fergu

son et al., 1979), strain-gage force transducers (Singerman et al., 1995), or pres

sure sensitive film (Huberti and Hayes, 1984, Hehne, 1990, Ronsky et al., 1995). 

The limitation of directly measuring contact force or stress is that the insertion of a 

measuring device may alter the true joint contact mechanics (Wu et al., 1998). 

These types of experimental measurements are also destructive to the joint and 

can only be conducted in-vitro or in-situ using cadaver or animal joints. The advan

tage of these direct experimental measures is that knee injury such as a ligament 

rupture, joint malalignment, or muscle imbalance may be imposed in the in-vitro or 

in-situ setting and changes in contact force or stress may be measured immedi

ately. However, the long-term effect of such injuries on cartilage properties or joint 

contact mechanics can not be evaluated. Using a direct measurement method it is 

not possible to monitor how the individual may adapt to a joint injury. 

Mathematical models are useful for non-invasively determining contact forces in 

the joint and for simulating different knee injuries. The patellofemoral joint has been 

modelled in both two dimensions (van Eijden et al., 1986, Yamaguchi and Zajac, 

1989, Gill and O'Connor, 1996) and three dimensions (Hirokawa, 1991, Hefzy and 

Yang, 1993, Heegaard et al., 1995). These types of models require numerous as

sumptions regarding joint geometry, distribution of forces in soft tissue structures, 

relative position and orientation of bones and soft tissues, and contact conditions 

between articular surfaces. As a result, most models depict an average knee joint 

based on geometry of cadaveric knee joints, with simplified mechanical behaviour 

when loading is applied. For the healthy knee, the simplifications and assumptions 

may be valid. For a model of joint injury, the same assumptions may not be able to 

adequately describe the resulting changes to joint structure and function that may 

accompany injury. As with experimental measures of joint contact force, mathe

matical models do not yield information about the long-term effect of a specific joint 
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injury or insights into the potential mechanistic processes relating altered joint load

ing and joint degeneration. 

Some studies have combined experimentally measured joint geometry or input 

forces with a simple model of the PF joint to calculate contact force or stress. Joint 

geometric parameters have been successfully acquired non-invasively using radio

graphs (Smidt, 1973, Matthews et al., 1977, Macdonald et al., 1989), videofluoro

scopy (Hasler and Herzog, 1998), computed tomography (Heegaard et al., 1995) 

and magnetic resonance imaging (Ronsky, 1994). CT and MR imaging are unique 

because they allow imaging of soft tissues as well as bones. Soft tissue structure 

must be estimated from radiographs or videofluoroscopy images, which only show 

bony geometry. The advantage of measuring subject-specific model inputs is that 

the model more closely represents the actual joint being studied. Individual subject 

differences are reflected in the joint model. Disadvantages of inclusion of subject-

specific geometry are that the model complexity and computational requirements 

increase substantially. 

Input forces to patellofemoral joint models typically include: quadriceps tendon 

force, patellar tendon force and an external force such as knee extension or flexion 

force or ground reaction force. Both invasive and non-invasive techniques have 

been employed to quantify these forces. The quadriceps tendon force has been 

measured directly with free weights (Goodfellow et al., 1976) or a materials testing 

machine (Matthews et al., 1977). Ahmed and coworkers (1987) and Hasler and 

Herzog (1998) measured the patellar tendon force internally using a buckle trans

ducer. Smidt (1973) and Macdonald et al. (1989) measured knee extensor force 

externally using an instrumented restraint bar. Rearfoot force during a leg press 

was measured using a load cell attached to a foot pedal by Ronsky (1994). These 

studies have all used measured input forces in a simplified two-dimensional repre

sentation of the three-dimensional PF joint and have calculated average contact 

force with no information regarding force distribution over the patellar surface. The 
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advantage of combining measured parameters with a joint contact force model is 

that contact force can be estimated without inserting a measuring device into the 

joint space and potentially altering the resulting contact mechanics. Furthermore, 

subject-specific joint geometrical parameters may be used to account for individual 

differences between subjects. 

In-vitro or in-situ animal or cadaver experimental studies enable controlled simula

tion of joint injury, surgery, or physical therapy and the resulting changes in joint 

contact force may be measured immediately (e.g. Hasler and Herzog, 1998). How

ever, these are short-term results and they do not provide information about long-

term adaptations of the joint to these types of interventions. Long-term in-vivo ani

mal studies have been used to induce a joint injury and to allow healing and natural 

joint adaptation to the injury. Changes in joint contact mechanics can be evaluated 

at regular intervals throughout the healing process (Brandt et al., 1991). Most non

invasive methods do not actually quantify joint contact force or stress but instead 

look for other evidence of joint adaptation that may indicate an increased likelihood 

of developing joint degeneration. Such evidence may be joint-space narrowing, 

subchondral bone hardening, or increased cartilage thickness observed from MR 

images and radiographs (Brandt et al., 1991), changes to ground reaction forces or 

joint kinematics determined from gait analysis (Brandt et al., 1991), or changes in 

cartilage properties observed after animal sacrifice (Herzog et al., 1998). One prob

lem with using long-term in-vivo animal studies to learn more about development of 

OA in human knee joints is that the degenerative process may not be the same in 

human and animal joints. To date it has not been proven that results from animal 

studies are directly applicable to human joints. 

Longitudinal studies have been performed in-vivo to document the occurrence of 

degenerative changes in ACL-deficient human knee joints that have undergone 

surgical ACL repair (Jomha et al., 1999, Jàrvelà et al., 2001) or conservative 

treatment (Pattee et al., 1989). These studies have used radiographs to assess the 
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degree of joint degeneration that is present five to seven years after the initial in

jury. To date, longitudinal studies in humans have documented the presence of 

cartilage degeneration after an ACL injury, but these studies have not determined 

what causes OA to develop in some knees and not in others. It is speculated that 

joint contact mechanics may provide the link to understand the degenerative proc

ess. A non-invasive modelling approach combined with longitudinal study of ACL-

deficient knee joints may provide a more complete picture of joint degeneration. 

The development of an in-vivo measurement technique for model inputs would al

low specific subjects to be monitored over a long period of time for changes to ar

ticular surface health and joint contact force and stress. In order to recognize ab

normal joint contact force and stress, an understanding of normal joint contact me

chanics from the healthy knee joint is required. Healthy knee joints should first be 

modelled to determine how joint contact patterns and force magnitudes change 

with knee flexion angle throughout a range of motion and with applied loading in a 

physiologic environment. Subject with knee injuries could subsequently be com

pared to the normal baseline to try to understand the factors that may cause in

creased joint contact force and stress. 

Some previous studies have sought to quantify normal joint contact force or stress 

through either experimental studies or joint modelling. While the results of these 

studies contribute to our knowledge of normal joint contact mechanics, direct com

parison of many of these studies is difficult because of inconsistency in methods of 

joint loading, data analysis and reporting of results. These methods must be con

sistent if a joint model is to be used for longitudinal study of specific subjects and if 

direct comparison of results is desired. In order to accurately quantify joint contact 

force for both healthy and injured subject groups, it is important to consider and 

account for the differences between the two groups that may affect contact me

chanics. Joint kinematics may change with a knee injury as a mechanism of reduc

ing ligament strain or avoiding unstable joint positions. A change in joint kinematics 
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may affect the normal change in contact patterns with knee flexion angle. Muscle 

moment arms about the knee joint centre may also be altered with changes in knee 

kinematics. Muscular activity around the knee may increase to add stability to the 

joint. Specifically for the ACL-deficient knee joint, hamstring muscle activity has 

been shown experimentally to increase when compared to the normal healthy knee 

(Solomonow et al., 1987, Kàlund et al., 1990). Hamstring muscle forces and knee 

joint moment arms that change with knee kinematics may provide the necessary 

information to understand how knee joint function changes with injury compared to 

normal healthy knees. This information must then be included in the model of the 

patellofemoral joint so that joint contact force and stress can be accurately deter

mined. 

To accomplish the goal of an in-vivo, subject-specific method of determining patel

lofemoral joint contact forces, a two-dimensional mathematical model of the knee 

joint and lower leg has been developed in our research group (Ronsky, 1994). This 

model uses subject-specific joint geometry determined from MR images. A custom-

built loading device enables subjects to apply a rearfoot isometric force during MR 

scans to simulate a physiologic loading condition. A two-dimensional model of the 

lower leg is used to determine patellar tendon force as a function of applied rear-

foot loading. The patellar tendon force is then used in a two-dimensional sagittal 

plane model of the PF joint for the purpose of estimating contact force. Model in

puts include lower limb geometry, internal knee joint geometry, force distribution 

between the hamstrings and quadriceps muscle groups and externally applied 

force. In order to compare contact stress between different knee flexion angles or 

longitudinally for a specific individual, a standard unit of comparison is desirable. 

By adjusting the rearfoot pedal input force generated by each subject so that the 

estimated PF contact force acting at the joint is the same, joint contact area may 

be compared as an indicator of the level of stress on the articular cartilage. 
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4.1.1 Specific Aims 

The objective of the overall study presented in this thesis is to modify the existing 

model of the patellofemoral joint to account for individual subject differences in 

muscular force distribution and muscle moment arms about the knee joint. The 

specific aims of this component study are: 

(1) To quantify patellofemoral joint contact force in-vivo using a mathematical 

model of the lower leg and PF joint, including new information gathered from the 

previous two component studies regarding knee joint moment arms (Chapter 2.0) 

and hamstrings force contribution (Chapter 3.0). 

(2) To quantify variations in PF joint loading as a function of knee flexion angle and 

external loading. 

(3) To evaluate the feasibility of predicting rearfoot loading during the magnetic 

resonance scan so that the resulting PF joint contact force is consistent across all 

subjects and knee angles. 

4.2 BACKGROUND AND LITERATURE REVIEW 

Patellofemoral joint contact force and the factors that affect its magnitude will be 

presented in this section. Common methods for calculating PF joint contact force 

are critically reviewed in two main categories: experimental approaches for PF con

tact force determination and mathematical approaches. Results from the literature 

regarding PF contact pressure and force relevant to the current study are reported 

and critiqued. 

4.2.1 Patellofemoral Joint Contact Force 

Resultant patellofemoral compression force results from the components of force in 

the quadriceps and patellar tendons that are perpendicular to the articular surface 

of the PF joint (Figure 4-1). The PF joint contact force depends on knee flexion an

gle and the force in the two tendons. As knee flexion angle increases, the angle 

between the quadriceps and patellar tendons decreases and theoretically the PF 
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contact force should increase because a greater proportion of force is acting per

pendicular to the articular surface (Maquet, 1979, Fu et al., 1993). 

Patellofemoral joint contact force has been determined experimentally in cadaveric 

joints and animal joints. It has also been estimated mathematically through the use 

of modelling techniques. The following sections provide an overview of the different 

experimental methods and theoretical models that have been used to calculate PF 

joint contact force. Relevant results from the literature that correspond to the range 

of knee flexion angles for this study (0-45°) are reported. A graphical summary of 

results from the literature is presented for resultant joint contact force (Figure 4-2), 

contact stress (Figure 4-3) and patellar tendon force (Figure 4-4). 

Figure 4-1. Two-dimensional forces acting on the patellofemoral joint. 
(Adapted from Fu et al., 1993). 

4.2.2 Experimental Approaches 

Joint contact force has been measured both directly and indirectly in the patel

lofemoral joint. Singerman et al. (1995) directly measured contact force in the pa-
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tellofemoral joint using a six-degree-of-freedom force transducer that was surgi

cally implanted into the patellae of eleven cadavers. The force transducer was im

planted in the middle of the patella, sandwiched between the articular cartilage and 

the remaining anterior layer of bone that lay embedded in the patellar tendon. The 

top of the force transducer protruded from a hole drilled in the anterior surface of 

the patella. A force was applied to the quadriceps tendon as the knee was flexed in 

a loading jig to simulate the motion of sitting in and rising from a chair. This study 

revealed that resultant contact force consistently increased with increasing flexion 

angle and the centre of pressure migrated proximally on the patella with increasing 

flexion angle. Between 20° and 45°, contact force values ranged from about 10 N 

to 125 N. Normalized to the quadriceps extension force, resultant PF contact force 
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Figure 4-2. Ratio of resultant PF joint contact force to quadriceps tendon 
force as reported in the literature from various experimental and theoretical 
studies. 
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ranged from 0.66 at 20° to 0.82 at 45°. The authors speculated that the applied 

joint forces in this study were approximately four to six times smaller than would be 

seen in-vivo during walking or stair climbing. Interestingly, there was a wide vari

ability in the relationship between contact force measurements and knee angle 

within the sample of clinically normal knees. While the variability may be partially 

attributed to variations in applied load, these results suggest that individual differ

ences in subjects should be taken into account, even for a normal subject group. 

Direct measurements of contact force are primarily limited to an in-vitro setting due 

to the invasiveness of the procedure to implant a force transducer in the patella. 

One approach for indirectly determining PF joint contact force experimentally in

volves measuring contact pressure between the articular surfaces and calculating 

force by dividing pressure by the total contact area. Ferguson et al. (1979) directly 

measured patellofemoral joint contact stress in cadaver knee joints using six minia

ture piezoresistive pressure transducers embedded in the articular cartilage of the 

patella. The study objective was to investigate differences in PF joint contact stress 

after osteotomy to elevate the tibial tuberosity, a surgical procedure performed with 

the intention of reducing contact stress at the joint. Force between 10 N and 220 N 

was applied through the quadriceps tendon to simulate light isometric tension. 

Each knee was tested at flexion angles of 0°, 45° and 90°. Contact stresses meas

ured using this technique averaged 0.04 MPa and 0.16 MPa at 0° and 45°, respec

tively. This technique has the advantage of direct measurement of contact stress 

from specific sites on the cartilage surface. The locations of high pressure on the 

articular surface could be identified as medial or lateral, superior or inferior regions. 

The limitations of this method include its highly invasive nature and the required 

localized destruction of the cartilage in order to implant the pressure transducers. 

When the articular surface of the joint is so clearly compromised in order to per

form the desired measurements, numerical results may not be indicative of what 

occurs during physiologic joint loading and function. 
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Contact pressures have also been measured experimentally using pressure sensi

tive film in human cadaver joints (Huberti and Hayes, 1984, Hehne, 1990) and in 

animal joints (Ronsky et al., 1995, Herzog et al., 1998). Huberti and Hayes (1984) 

inserted pressure sensitive film into the PF joint of twelve cadaver joints to meas

ure contact area and pressure at 20°, 30°, 60° and 90° of knee flexion. Each ca

daveric leg was mounted in a loading fixture and external loading was applied to 

mimic isometric quadriceps contraction. Forces were applied at the femoral and 

tibial attachments of the loading fixture such that the resultant moment at the knee 

joint corresponded to one-third of the average of reported maximal isometric knee 

extension moments. At 20° and 30° of knee flexion, the compressive loads applied 

were 340 N and 300 N, respectively. Contact area, force and stress measurements 

increased with increasing knee flexion angle. Contact patterns were found to mi

grate proximally on the patella with increasing flexion angle. Contact pressures at 

20° and 30° were 2.0 MPa and 2.4 MPa, respectively. Contact forces were calcu

lated from pressure and area measurements assuming a uniform pressure distribu

tion. These values were 497 N and 583 N at 20° and 30°, respectively. 

Hehne (1990) used a method similar to that used by Huberti and Hayes (1984) to 

measure contact pressure in 22 cadaveric patellofemoral joints. Hehne (1990) also 

found that contact patterns migrated proximally on the patellar surface with in

creasing knee flexion angle. Stress values on the cartilage for the same range of 

applied quadriceps force ranged from 0.6 MPa to 3.1 MPa. For a constant quadri

ceps force applied over a range of knee flexion angles, average stress values were 

independent of flexion angle. The contact area values are lower than the values 

reported by Huberti and Hayes (1984) for the same flexion angle. It is difficult to 

directly compare these two studies, however, given that external load application 

differs between the two studies. Hehne (1990) applied a tensile force directly to the 

quadriceps tendon while Huberti and Hayes (1984) applied forces proximal and 

distal to the joint to create a net bending moment. The contact stress values for the 

two studies are of the same magnitude, although the range of values reported by 
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Hehne (1990) is larger. Inconsistent reporting methods may be one possible ex

planation for these differences, with Hehne (1990) reporting stress values for me

dial and lateral patellar facets separately, rather than one stress value for the 

whole patellar contact region (Huberti and Hayes, 1984). 

Ronsky et al. (1995) measured contact pressures in-situ in the patellofemoral joints 

of anesthetized cats. In this study isometric joint loading approximating physiologi

cal conditions was produced by electrical stimulation of the knee extensor muscles 

using a stimulation electrode inserted over the femoral nerve. Maximal and four 

sub-maximal stimulation levels were tested and patellar tendon force was meas

ured using an implantable force transducer. Contact pressures were recorded first 

for the joint with the ACL intact and subsequently after ACL transection. This is an 

example of how a joint injury may be induced and changes in contact characteris

tics measured immediately. As the level of muscular stimulation increased, total 

contact area and patellar tendon force increased. However, no distinct changes in 

stress intensity distribution patterns were produced with increased quadriceps 

stimulation level. These results support the speculation that the contact force and 

area may be optimized to maintain a uniform stress level across the joint with the 

ACL intact. ACL transection resulted in a non-uniform response, with both in

creased and decreased regions of joint contact observed. 

Herzog et al. (1998) also used pressure sensitive film to quantify patellofemoral 

(PF) joint contact pressures and areas in cat ACL-deficient knees compared with 

the contralateral controls. Only changes in peak pressure and total contact area 

were reported. Peak contact pressures were significantly reduced and total contact 

areas significantly increased in the experimental knees compared to the contralat

eral knees. 

The advantage of using a medium such as pressure sensitive film inserted directly 

into the joint is that a distribution of joint contact stress can be measured and joint 
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contact forces can be directly calculated. Knowledge of the distribution of joint 

loading provides valuable information about regions of cartilage that may be over

loaded or loaded insufficiently. With predictions limited to an average contact force, 

local small regions of excessive or decreased pressure may go undetected. The 

disadvantages of invasively measuring joint contact include disruption of surround

ing soft tissue in order to insert the film and a potential alteration in joint function as 

a result of the placement of the film. Though the film is very thin, it lies between the 

joint surfaces and possibly affects the measured joint contact pressures. The error 

associated with using pressure film to measure contact pressures has been esti

mated to be as large at 14 - 28 percent (Wu et al., 1998). 

Experimentally measured internal joint geometry or force data have been incorpo

rated into mathematical models of the PF joint to calculate contact force without 

having to insert a measuring device between the articular surfaces. Matthews et al. 

(1977) measured PF contact areas using a staining technique and combined these 

measurements with known applied quadriceps tendon force and joint geometric 

parameters determined radiographically. Contact force was calculated from a theo

retical model and assumed to act over the measured contact area, giving an esti

mate of contact stress. Quadriceps tendon forces previously reported in the litera

ture for isometric knee extension were applied in this study to estimate contact 

stress. For maximal isometric knee extension at 15°, 30° and 45° knee flexion, 

contact stress values of 5.0 MPa, 6.6 MPa and 6.7 MPa, respectively were re

ported. 

The technique of applying a known quadriceps tendon force, or measuring result

ing patellar tendon force (using a buckle transducer, for example) has been used to 

obtain inputs to a mathematical model of PF joint contact (Hasler and Herzog, 

1998) or to validate a theoretical PF model (Ahmed et al., 1987). Hasler and Her

zog (1998) calculated PF joint contact force in the cat knee before and after ACL 

transection using a sagittal plane model of the knee. Model inputs were patellar 
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lar tendon force measured with an implantable force transducer, quadriceps tendon 

force calculated from knee extension moment, and patellar tendon moment arm 

and geometry of the PF joint, which were determined from videofluoroscopy im

ages. PF contact force was calculated using a 2D model of the PF joint. 

All of the experimental approaches presented here are invasive and not suitable for 

use in human knees to calculate joint contact force in-vivo. The next section dis

cusses mathematical approaches that make use of knee joint modelling to calcu

late joint contact force non-invasively. 

4.2.3 Mathematical Approaches 

Mathematical models of the knee joint are useful for predicting knee joint contact 

force and for evaluating the sensitivity of joint contact force to changing conditions 

in the knee (altered geometry or input force magnitudes, for example). Some mod

els rely on subject-specific input values to calculate individual estimates of PF joint 

contact force (e.g. Smidt, 1973, Macdonald et al., 1989). Other models are purely 

theoretical and are constructed based on average knee geometry and ranges of 

possible input forces. These types of models may be adapted to represent a wide 

variety of conditions such as knee injury or surgery (e.g. Yamaguchi and Zajac, 

1989, Gill and O'Connor, 1996). 

4.2.3.1 Two-dimensional Models 

Smidt (1973) measured knee extensor and flexor forces during isometric exercise 

at seven knee angles in 15° increments. Radiographs were used to measure mus

cle moment arms and PF joint geometry and to determine instant centres of rota

tion of the knee joint. All data from 26 healthy male subjects were averaged and a 

2D model of the PF joint was used to estimate PF joint contact force. This model 

assumed that forces in the quadriceps and patellar tendons were equal in magni

tude. This assumption has since been proven to be incorrect (Nisell, 1985, van Ei-

jden et al., 1986). It is now accepted that the ratio of force in the quadriceps and 
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patellar tendons varies as a function of knee flexion. Smidt (1973) reported PF joint 

contact forces only during maximal isometric knee extension. Normalized to patel

lar ligament force, which was assumed equal to the quadriceps tendon force, PF 

joint contact force was 0.36, 0.58 and 0.71 at 15°, 30° and 45°, respectively. One 

average knee joint model was constructed to represent the subjects tested in this 

study. This approach may be valid to model a group of healthy knees. If some sub

jects had knee injuries, one model might not accurately reflect inter-subject differ

ences. This study is very comprehensive in terms of including data for each subject 

at each knee angle tested. However, using radiographs to collect geometric pa

rameters of the knee at seven knee flexion angles exposes subjects to high radia

tion dosages. 

Macdonald et al. (1989) measured maximal knee extensor force generated by indi

vidual subjects as input to a 2D model of the PF joint. Muscle moment arms and 

PF joint geometry were determined from radiographs at 45° of knee flexion. This 

study compared PF joint contact forces between three groups of individuals: those 

with normal healthy knees, those with anterior knee pain with normal patellar carti

lage as determined by arthroscopy, and those with anterior knee pain with evi

dence of chondromalacia on the patellar cartilage. Subjects with knee pain and 

chondromalacia had significantly lower PF contact forces than the normal knees, 

except for male subjects at 30° of knee flexion. Individuals with knee pain and 

normal articular cartilage showed no significant difference in PF contact force com

pared to the normal knees. Average PF contact force (expressed relative to indi

vidual body weight) at 30° and 45° ranged from 1.1 to 2.4 and 1.6 to 3.5 times 

body weight, respectively. These findings agree with the previously published re

sults of Smidt (1973). 

Ronsky (1994) compared PF joint contact force and stress between limbs of five 

unilateral ACL-deficient subjects. Joint contact area and joint geometry of both 

knees of each subject at 15°, 30° and 45° of knee flexion were obtained non-
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invasively using MR imaging. Subjects pushed on a rearfoot loading device to 

achieve isometric knee joint loading during MR image acquisition. PF joint contact 

force was calculated for each subject using a 2D mathematical model. Average 

joint contact force across all three knee angles ranged from 43.8 N to 262.1 N for 

the ACL-intact limbs and 24.9 N to 236.1 N for the ACL-deficient limbs. Proximal 

migration of contact regions on the patella with increasing flexion angle was ob

served in all ACL-intact limbs and in three of the five ACL-deficient limbs. The loca

tion of the contact regions for two of the ACL-deficient limbs appeared to be inde

pendent of knee flexion angle. PF contact stress was calculated from contact force 

and area values. Average joint contact stress across the five subjects decreased 

with increasing knee flexion angle. Between 15° and 45°, average contact stress 

decreased from 2.0 MPa to 0.7 MPa and from 2.1 MPa to 0.6 MPa for the ACL-

intact limbs and ACL-deficient limbs, respectively. This study is unique in its meth

odology of using MR imaging to non-invasively determine 3D joint geometry and 

contact areas of the loaded knee joint. 

The studies discussed above use force models of the PF joint that were created 

using input forces and joint geometry measured from individual subjects. The input 

data for these simple 2D models were collected non-invasively and used to calcu

late forces acting on the patella. Creating a contact force model for individual sub

jects is a time-consuming procedure, involving lengthy data collection protocols 

and subsequent data analysis. The advantage of measuring subject-specific model 

input values and estimating joint contact force for each individual subject is that the 

variability in joint geometry and joint function is taken into account. The following 

2D models are theoretical models that may be used to predict average forces act

ing on the PF joint. 

Van Eijden et al. (1986) used joint geometry determined from radiographs of ten 

cadaver joints to construct a sagittal plane model of the PF joint. The model was 

used to predict PF kinematics and force ratios. Articular surfaces were assumed to 
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be frictionless and a single point of contact was calculated. Normalized to quadri

ceps tendon force, patellar tendon force was slightly above unity at full knee exten

sion and decreased to 0.78 at 50° of flexion. Joint contact force, normalized to 

quadriceps tendon force, increased from 0.5 at full extension to 0.92 at 50°. The 

location of the joint contact point on the patella migrated proximally with increasing 

knee flexion. The kinematic predictions were validated using experimental data 

from a cadaveric study. The tendon and joint contact forces and the locations of 

contact were not directly validated but were compared with other experimental data 

from the literature. The predicted patellar kinematics and joint geometry data 

agreed well with experimental data. In all cases the model predicted the changes in 

various parameters with knee flexion angle. The greatest discrepancy between 

model predictions and experimental data occurred for the angle between the patel

lar and quadriceps tendons, which was under-estimated by the model by 5°. Since 

this angle is used in the calculation of contact force, an under-estimation of this pa

rameter would result in an over-estimation of contact force. In the current study, 

this angle will not be predicted but will be measured directly from MR images for 

each subject. Therefore the error associated with determining this parameter is ex

pected to be very small. 

Ahmed et al. (1987) developed a sagittal plane model of the PF joint based on ra

diographs of 42 cadaveric knee joints. For one analysis, frictionless surfaces were 

assumed and the contact force vector was directed perpendicular to the line of 

contact between the patella and femur. To investigate the validity of this assump

tion, a second analysis was performed where the contact force vector passed 

through the centre of contact pressure. Contact pressure maps were determined 

experimentally in a previous study (Ahmed et al., 1983). Measured geometrical pa

rameters did not change significantly when the contact force vector passed through 

the centre of pressure rather than perpendicular to the patellar surface. The patel

lar tendon force and resultant joint contact force also did not differ significantly be

tween the two analyses. Therefore, the assumption of frictionless contact was de-
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terminée! to be reasonable for the model of the healthy PF joint. Patellar tendon 

force, normalized to quadriceps tendon force, was 1.1 at full extension and de

creased to 0.98 at 45° of knee flexion. PF joint contact force, also normalized to 

quadriceps tendon force, increased from 0.34 at 0° to 0.9 at 45°. The predictions 

from the theoretical model were experimentally validated for this study. Patellar 

tendon force was measured with a buckle transducer during simulated knee exten

sion and static squatting exercises. Quadriceps tendon forces as applied through a 

mechanical actuator were also measured. Patellofemoral contact forces were pre

viously determined from in-vitro experiments using a custom-built pressure trans

ducer to measure PF contact area and pressure (Ahmed et al., 1983). The theo

retical model was found to accurately predict patellar tendon force magnitude and 

its change with flexion angle. The range in experimental values was very large, in

dicating a high degree of variability in joint geometry between individuals. The 

measured values of PF joint contact force were lower than the values predicted by 

the model. The discrepancy was attributed to difficulty in calculating joint contact 

force from pressure distributions over small contact areas. 

Yamaguchi and Zajac (1989) developed a sagittal plane model of the P F joint 

based on the geometry of one cadaveric joint scaled to the dimensions of an aver

age adult male. PF joint kinematics were solved in one-degree knee flexion incre

ments. Corresponding joint geometry at each knee angle was used to calculate 

force in the patellar tendon and resultant PF contact force relative to the quadri

ceps tendon force. Normalized patellar tendon force decreased from 1.04 at full 

extension to 0.82 at 45°. PF contact force increased from 0.5 at 0° to 0.93 at 45°. 

The PF joint kinematics and geometry predicted by this model were compared to 

other studies, both experimental and theoretical. Sensitivity analysis was also per

formed by increasing the input values of patellar thickness, patellar length and pa

tellar tendon length by 20%. At flexion angles below 45°, PF contact force was not 

sensitive to the change in these parameters. In the current study, these parameters 
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will determined directly from MR images for individual subjects and are not ex

pected to have large error associated with them. 

Gill and O'Connor (1996) created a planar model of the PF joint to relate kinemat

ics and mechanics of the patella to the geometry and mechanics of the cruciate 

ligaments and the TF joint. The purpose of this analysis was to gain an under

standing of how joint kinematics and mechanics relate to wear and degeneration of 

the joint. The model was created based on geometry from MR scans of four 

healthy young adults. Joint kinematics and geometric parameters were solved in 

2.5° increments using a numerical iterative procedure. Point contact and fric-

tionless surfaces were assumed in this model. Ratios of the forces acting on the 

patella were calculated in the same manner as the aforementioned studies. Patel

lar tendon force, normalized to quadriceps tendon force, decreased from 1.05 at 

full extension to 0.95 at 45°. PF joint contact force increased from 0.37 at 0° to 

0.89 at 45°. The model-predicted force ratios were compared to other theoretical 

models and were found to lie within the range of previously published results. The 

PF joint kinematics and contact mechanics predicted by this model have provided 

insight into possible failure mechanisms for patellar prostheses. The same informa

tion may provide a better understanding of how the complex relationship between 

joint kinematics and contact mechanics may lead to degeneration of PF joint carti

lage. 

All of the models presented in the previous sections are two-dimensional models of 

the PF joint used to calculate average PF joint contact force. These models rely on 

simplifying assumptions regarding joint geometry. In most cases, contact stress 

cannot be calculated because a 2D model does not provide an estimate of contact 

area. The exception is the study by Ronsky (1994), where 3D joint geometry was 

collected using MR imaging and PF contact area was determined for each subject. 

In this case it was possible to calculate an average joint contact stress by dividing 

contact force by area. Average contact stress does not provide information about 
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regions of cartilage that may experience abnormally high or low stress and that 

may be at risk for cartilage degeneration. A 3D model of the PF joint may be able 

to provide a distribution of force and stress over the cartilage surface so that local 

regions of high or low pressure may be identified and monitored over time. 

4.2.3.2 Three-dimensional Models 

Three-dimensional models of the PF joint have been described in the literature and 

used to estimate PF joint kinematics, force ratios and contact areas, forces and 

stresses. Hirokawa (1991) created a 3D model of the patellofemoral joint and per

formed analysis on three individual cadaveric knees. To determine joint contact 

force, resultant force vectors were assumed to act at two discrete points on the 

medial and lateral patellar facets. Contact stress was derived from elastohydrody-

namic contact theory, rather than calculated from contact area and force. The as

sumptions of rigid surfaces and point contact were removed for the calculation of 

contact stress. PF kinematics and directions of forces acting on the patella were 

solved in 10° increments over the whole knee joint range of motion. The ratio of 

forces in the patellar and quadriceps tendons for the three specimens ranged from 

0.98 to 1.0 at 20° of knee flexion and 0.94 to 1.0 at 45° of flexion. Medial and lat

eral facet contact force, normalized to quadriceps tendon force, ranged from 0.18 

to 0.38 at 20° of flexion and increased to a range of 0.48 to 0.68 at 45° flexion. PF 

contact force was greater on the lateral patellar facet than on the medial facet for 

flexion angles up to 90°. For a knee flexion range of 20° to 45°, contact stress for 

one representative specimen increased from 0.45 MPa to 0.97 MPa on the medial 

facet and 0.8 MPa to 1.25 MPa on the lateral facet. The predictions from this model 

were compared to and agreed well with experimentally measured contact pres

sures as reported in the literature. 

Hefzy and Yang (1993) created a 3D model based on PF joint geometry of one ca

daver joint. The model was used to predict patellar tracking over a range of motion, 

forces acting on the patella and location of medial and lateral joint contact forces 
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on the patellar surface. Joint contact area and stress were not predicted from this 

model. Joint contact was defined as two-point contact occurring on the medial and 

lateral patellar facets. Total joint contact force, normalized to quadriceps tendon 

force increased from 0.48 at full extension to 0.86 at 45° of flexion. Contact force 

on the lateral facet was greater than force on the medial facet. Locations of the 

contact points on both facets moved proximally on the patellar surface with in

creasing knee flexion. Patellar tendon force, as a ratio to quadriceps tendon force, 

decreased with knee flexion from 0.85 at 0° to 0.75 at 45°. The results that were 

predicted by this model for patellar tracking, patellar force ratios and locations of 

PF contact points were compared with experimental results previously published in 

the literature. All model predictions matched other experimental and theoretical 

studies with the exception of the force ratio of the patellar tendon to the quadriceps 

tendon. The magnitude of this ratio was lower than values obtained from other 

studies, although the change in the ratio with increasing knee flexion angle was 

consistent. 

Heegaard et al. (1995) used data from two cadaver limbs to create 3D models of 

both PF joints based on finite element modelling theory. The models were de

signed to predict PF kinematics, patellar tendon force, contact stress distribution 

patterns, and stresses in the cancellous bone of the patella. Patellar tracking pre

dictions were compared with experimental data collected previously on the same 

two limbs. Patellar tendon force values were slightly lower than the applied quadri

ceps force at 45° of knee flexion. Results were not reported for knee angles closer 

to full extension. The contact regions on the patella and femur were discretized into 

approximately 100 frictionless large-slip contact elements. The distribution of con

tact across the patella with increasing flexion angle was displayed, however the 

only quantitative values presented were peak medial and lateral facet pressure for 

each limb. Peak pressure on the lateral facet was greater near full extension than 

on the medial facet. At 45° flexion, average lateral facet peak pressure was 0.65 

MPa while average peak pressure on the medial facet was 0.48 MPa. 
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These models all predict joint contact force or stress values on the medial and lat

eral patellar facets. This provides more information about the distribution of contact 

force over the patellar surface and would indicate if one patellar facet was experi

encing higher or lower contact force or stress than the other facet. However, con

tact force is still averaged over the two regions and it is likely that localized regions 

of abnormal contact force would not be detected. 

Theoretical models are useful for investigating the influence of altered joint geome

try, joint loading or structural properties of ligaments and tendons on joint contact 

force magnitudes. This approach could be used for simulating injury, surgery or re

habilitation of the knee joint. The disadvantage of using an average, theoretical 

model is that the results are not necessarily applicable to a specific individual. Most 

studies that have reported subject-specific joint contact patterns or forces have in

dicated a high degree of variability between subjects (Heegaard et al., 1995, 

Singerman et al., 1995). The use of an average, generic joint model may not be the 

most accurate method for monitoring joint contact force of individual subjects. A 

simple model based on individual geometry and force inputs may be prove to be 

more useful for representing subject-specific differences in a longitudinal analysis. 

Theoretical models are also difficult to validate. Model validation is important to in

dicate how well the model predicts the actual physiological situation. In-vitro ex

perimental validation is currently the only method that has been used to assess the 

accuracy of model predictions (e.g. Ahmed et al., 1987). In-vitro experiments are 

invasive to the joint structures and are difficult and time-consuming to design so as 

to replicate the physiological situation. Therefore, these techniques are not ideal. 

Non-invasive MR imaging may aid in validating certain predictions from theoretical 

models, such as changes to joint geometry that may result from knee injury. 
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4.2.4 Force Model Parameters 

The current model described in this thesis is a two-dimensional model based on 

the work of Ronsky (1994). A goal for our future research applications is to adapt 

the model to three-dimensions so that distributions of contact stress may be de

termined. The following section outlines the model inputs that are required for 

mathematical models of the PF joint, different methods used to determine these 

parameters and the current status of these parameters for the model used in this 

thesis. 

4.2.4.1 Articular Surface Geometry 

In cases where a simplified 2D model of the PF joint is used, articular surface ge

ometry is not required to calculate contact force. Two geometric parameters, an

gles beta (P) and theta (9), are required to describe the relative direction of force 

vectors acting on the patella (Figure 4-5). Beta is the angle formed between the 

lines of action of the quadriceps and patellar tendons. Theta is the angle formed 

between the line of action of the patellar tendon and the resultant PF joint contact 

force vector. These two geometric parameters can easily be determined non

invasive^ from sagittal plane radiographs (Smidt, 1973, Matthews et al., 1977, 

Nisell, 1985, Macdonald et al., 1989), videofluoroscopy images (Hasler et al., 

1996) or MR images (Ronsky, 1994). 

To determine the location of the point or region of contact, articular surface profiles 

are required. For two-dimensional PF joint models, articular surface profiles have 

been obtained by tracing sagittal plane images from radiographs (Van Eijden et al., 

1986, Ahmed et al., 1987) or videofluoroscopy (Hasler and Herzog, 1998). The pa

tellar articular surface has also been greatly simplified and approximated as a flat 

surface in the sagittal plane (Yamaguchi and Zajac, 1989, Gill and O'Connor, 1996, 

Shelburne and Pandy, 1997). 
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Figure 4-5. Two-dimensional model of the PF joint depicting geometric pa
rameters 6 and [3. 

Knowing the shape of patellar and femoral articular surfaces in three-dimensions 

allows for the calculation of contact area and an estimation of contact stress. Ar

ticular surface profiles for three-dimensional PF joint models have been obtained 

primarily from animal joints or human cadavers. Joint surface shapes have been 

determined from measured heights of sections from cast knee models (Hirokawa, 

1991), manually digitized surface points (Hefzy and Yang, 1993), stereo-

photogrammetry (Blankevoort et al., 1991) and multi-station digital photogrammetry 

(Moss, 2001). These methods are invasive to the joint and not suitable for in-vivo 

studies. Computed tomography and magnetic resonance imaging have been used 

to obtain a series of 2D images at regularly spaced intervals across the knee joint 

that can be reconstructed to obtain a 3D surface shape (Ronsky, 1994, Heegaard 

et al., 1995). CT and MR imaging are non-invasive approaches that are suitable for 

longitudinal analysis of subjects. 
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Non-invasive MR imaging is the method used to determine 3D articular surface 

shapes for each subject in the current study. Using the 3D surface data, PF contact 

area may be calculated (Chapter 2.0, Section 2.3.6.4) and used to determine aver

age joint contact stress. 

4.2.4.2 Muscle and Ligament Geometry 

Muscle and ligament attachment points and lines of action are required in mathe

matical models of the knee joint for determining the direction vectors of forces car

ried by these structures. Lines of action of muscles and ligaments are also required 

to determine muscle moment arms, the distance from the joint centre to the aver

age line of applied force of the muscle or ligament. Ligament and muscle attach

ment sites, muscle lines of action, and muscle moment arms utilized in the majority 

of knee models have been determined primarily from human cadaver specimens. 

Wickiewicz et al. (1983) and Friederich and Brand (1990) both provide detailed 

muscle architecture of the human lower limb. They report muscle origin and inser

tion points, muscle fiber lengths, angle of muscle fibers, and physiological cross-

sectional areas (PCSA) from three and two cadavers, respectively. Garg and 

Walker (1990) reported 2D muscle and ligament attachment points from 23 ca

daver specimens. Herzog and Read (1993) reported attachment sites for muscles 

and ligaments, muscle moment arms, and lines of action for muscles and liga

ments in the sagittal plane in the form of polynomial regression equations as a 

function of knee joint angle exclusively. 

Non-invasive determination of subject-specific muscle and ligament lines of action 

eliminates the need to rely on average data from cadaveric specimens that may 

not be representative of the subject group being modelled. Sagittal plane radio

graphs or videofluoroscopy images have been used to determine lines of action 

and moment arms of the quadriceps and patellar tendons in two dimensions 

(Smidt, 1973, Kellis and Baltzopoulos, 1999(b)). MR imaging has also been used 

to determine muscle moment arms and muscle lines of action in three dimensions 
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(Wretenberg et al., 1996). The current study uses MR imaging to determine muscle 

lines of action and muscle moment arms in three dimensions for each subject 

(Chapter 2.0). 

4.2.4.3 Contact Characteristics 

For mathematical models of the PF joint, contact between the patellar and femoral 

surfaces must be defined before a contact force can be calculated. Frictionless 

contact has been assumed in numerous models of PF joint contact (van Eijden et 

al., 1986, Shelburne and Pandy, 1997, Gill and O'Connor, 1996, Ahmed et al., 

1987, Yamaguchi and Zajac, 1989). By assuming frictionless contact surfaces, the 

resultant P F joint contact force vector is directed perpendicular to the contact area 

region, or to the line of contact for a two-dimensional model. This assumption is 

valid for healthy knee joints with normal cartilage surfaces. For joints where carti

lage degeneration is known or suspected to exist, cartilage surfaces may not be 

frictionless if the cartilage is fibrillateci or eroded. An experimental study found that 

friction coefficients in rabbit knee joints with experimentally induced OA were 1.6 to 

7.8 times greater than in normal rabbit joints (Obara et al., 1997). It is not known 

how the frictional properties of human articular surfaces are affected by joint de

generation. If frictional forces were included in the PF joint contact model, the re

sultant joint contact force vector would have two components: a compressive force 

directed normal to the surface and a frictional force directed tangential to the sur

face. The resultant joint contact force would then be directed at an angle to the 

joint surface. 

Another common assumption in most PF joint contact force models is that the ar

ticular surfaces are rigid and contact occurs at a single point between the patella 

and femur. Contact has been modelled as either one-point contact for two-

dimensional models (van Eijden et al., 1986, Yamaguchi and Zajac, 1989, Gill and 

O'Connor, 1996, Shelburne and Pandy, 1997) or two-point contact for three-

dimensional models (Hirokawa, 1991, Hefzy and Yang, 1993). These three-
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dimensional models have calculated contact forces at two separate points on the 

medial and lateral patellar facets. This type of analysis provides more information 

about the medial-lateral distribution of contact force and stress over the patellar 

surface than the two-dimensional models that calculate one average contact force. 

However, articular cartilage is a viscoelastic material that compresses under load. 

Clearly contact between two joint surfaces does not occur at one or two single 

points. In order to include linear or non-linear elastic properties of the articular sur

faces for the model of PF joint contact force, a significant increase in computational 

complexity is required. Although the point contact assumption has limitations, this 

assumption enables simpler computations to provide an indication of contact force 

magnitudes. 

For the force model used in this study, frictionless contact surfaces have been as

sumed. The result of this assumption is that the resultant PF joint contact force 

vector is directed perpendicular to the articular surface. Point contact has also 

been assumed. For the two-dimensional model used for the current analysis, one 

point of contact between the patella and femur has been identified. For future stud

ies involving the development of a 3D patellofemoral joint model, contact area 

maps as determined in Chapter 2.0 (Section 2.4.1) may be used to identify the 

three-dimensional centroid of contact area or two centroids for the medial and lat

eral patellar facets. 

4.2.4.4 Muscular Force Distribution 

Muscular forces are usually neglected from theoretical PF joint models. In these 

cases, patellar tendon force and joint contact force are calculated as a ratio nor

malized to quadriceps tendon force. Other models have measured an externally 

applied knee extensor force (Smidt, 1973) or rearfoot force (Ronsky, 1994) and 

used those forces to calculate the force in the patellar tendon. Some in-vitro ex

periments have applied a known quadriceps force using a mechanical actuator or 

measured patellar tendon forces using a buckle transducer (e.g. Ahmed et al., 
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1987). Measured quadriceps and patellar tendon forces may be used as input to a 

mathematical model to calculate joint contact force or may be used as validation of 

a theoretical model. 

Hamstrings and quadriceps forces were estimated non-invasively for the current 

study using an EMG-force calibration procedure (Chapter 3.0). Coupled with 3D 

lines of action and moment arms of these muscles determined from MR images, 

the muscular force-sharing information may be added to the current model in two 

dimensions or used for future studies that may involve a 3D model. 

4.2.4.5 Externally Applied Force 

Some force models account for individual differences between subjects by measur

ing the amount of knee extensor or rearfoot force that each subject can generate 

(e.g. Smidt, 1973, Ronsky, 1994). The current model requires as input the isomet

ric rearfoot force applied by each subject onto a foot pedal during an MR scan of 

the PF joint. The measured force is used in a free-body diagram of the lower leg to 

estimate the patellar tendon force. Currently this force is measured using a 2D ax

ial load cell. In order to be applicable to a 3D model, a new load cell capable of 

measuring forces and moments in three directions must be implemented. 

4.2.5 Summary 

Patellofemoral joint contact force has been previously determined using a variety of 

methods. Experimental methods are invasive and often destructive to the joint. 

Therefore these methods are limited to use in animal or human cadaver joints. Ex

perimental methods often provide information about the distribution of joint contact 

force and stress. This information is necessary to accomplish the goal of determin

ing the relationship between contact stress and cartilage degeneration. Experimen

tal methods are also useful for validating theoretical models that predict joint con

tact force. However, most experimental procedures are destructive to the joint and 

cannot be used to monitor joint contact stress over a long period of time. 
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Mathematical models have been used to estimate PF joint contact force non

invasive^. Some models are purely theoretical, meaning that they were developed 

from the joint geometry of one or more specimens and they are used to calculate 

contact force based on a range of possible input forces. These types of models are 

useful for predicting changes in joint contact force that accompany a simulated in

jury, surgery or rehabilitation. Theoretical models based on average joint geometry 

cannot predict how individual subjects may respond and adapt to these changes. 

Certain mathematical models have been developed to use joint geometry and input 

forces measured from individual subjects. This type of analysis yields estimates of 

contact force that reflect variability in joint anatomy and kinematics that exists be

tween individuals. Subject-specific force estimates are also useful for monitoring 

subjects over time as they develop or adapt to joint injuries and disease. This ap

proach is the best method for meeting the overall objective of the current study, 

which is to determine whether a relationship exists between PF joint loading and 

cartilage degeneration. 

Two-dimensional models are easy to implement, as the geometric inputs are 

greatly simplified and relatively easy to determine using any type of non-invasive 

imaging. Three-dimensional models require either extensive knowledge of complex 

input parameters, or many assumptions and constraint equations that must be op

timized to solve for unknown quantities. Three-dimensional models have the ability 

to predict a contact force profile or stress distribution over the joint surface. Most 

2D and 3D models have been validated only for predicted joint kinematics or ten

don forces, not for contact force. All models involve assumptions about contact 

characteristics and to date, models of the PF joint yield contact force or peak pres

sure estimates at either one or two points on the whole patellar surface. 
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The 2D mathematical model of the PF joint that has been previously developed by 

our research group (Ronsky, 1994) will be used for this thesis. The original model 

assumptions made about muscle moment arms and muscle force distribution have 

been examined in Chapters 2.0 and 3.0. These model inputs are now applicable to 

subject-specific models of the P F joint for both healthy and injured knee joints. 

These model inputs may also be determined in two or three dimensions, depend

ing on the complexity of model used. The current status of the required model in

puts is that all are available in 3D with the exception of the external rearfoot input 

force. Therefore, the analysis for this thesis will be performed using the 2D model, 

with new procedures used to determine hamstrings muscle forces and muscle 

moment arms. In order to compare contact stress between different knee flexion 

angles of different individuals and between different time points for the same indi

vidual, a standard unit of comparison is desirable. By adjusting the rearfoot pedal 

input force generated by each subject so that the estimated PF contact force acting 

at the joint is the same, joint contact area may be compared as an indicator of the 

level of stress on the articular cartilage. 

4.3 METHODS 

Information regarding the subject group tested, data acquisition procedure, and 

most data analysis methods used have been described previously in Chapters 2.0 

and 3.0. These methods will be mentioned briefly in this section. This section will 

also outline how the results presented in the previous two chapters are used as in

puts to the PF force model. 

4.3.1 Subjects 

Five female subjects (age = 25.4 ± 4.3 years, height = 164.4 ± 4.3 cm, weight = 

56.6 ± 10.9 kg) with no knee injury history or knee pain volunteered to participate in 

this study and each signed a participant consent form. Subjects underwent a clini

cal examination performed by an orthopaedic surgeon to ensure that all knee struc

tures were intact and that the knee was clinically normal. All experimental proce-
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dures were approved by the University of Calgary Conjoint Faculties Research Eth

ics Board. 

4.3.2 Magnetic Resonance image Acquisition 

The MR data acquisition procedures have been outlined in detail in Chapter 2.0, 

Section 2.3.4 and Chapter 3.0, Section 3.3.3.2. Briefly, subjects were positioned in 

the bore of the scanner with one knee flexed at 15°, 30° or 45°. Plexiglas supports 

that fit into a slotted base were used to hold the knee at the desired angle. A 

wooden foot pedal at the end of the base board was connected to a pole of alumi

num square tubing that extended from the foot pedal to the wall. An axial load cell 

was attached to the end of this extension pole and was used to measure rearfoot 

force generated by the subject. Visual feedback was provided to the subject so that 

a consistent applied pedal force could be maintained for the duration of the scan. 

This applied pedal force was determined to be approximately 7.5% of the maximal 

force each subject could generate by pushing on the foot pedal. 

A 1.5 Tesla G E Signa magnetic resonance scanner (General Electric Medical Sys

tems, Milwaukee Wl) was used to acquire multiple, contiguous, sagittal knee im

ages (T2-weighted fast spin echo, TR = 5400 ms, TE = 79.7 ms). An anterior neck 

radio-frequency surface coil (Medrad Inc., Indianola, PA) was used for imaging. 

The scanner was located at Western Canada MRI Centre and trained MR tech

nologists collected all images. Images were collected with and without applied rear

foot loading at each of the three knee flexion angles (15°, 30° and 45°) for both the 

left and right limbs. 

4.3.3 Contact Force model 

The two-dimensional models of the lower leg and patellofemoral joint utilized for 

this study are depicted in Figure 4-6. There are several assumptions made for this 

model. The weight (W) of the lower leg, acting at the centre of gravity (CG), is as-



Figure 4-6. Two-dimensional mathematical models of the lower leg (a) and 
patellofemoral joint (b). 
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the foot pedal is assumed to be directed parallel to the base board in the MR gan

try. The forces and moment arms of the medial and lateral hamstrings were con

sidered as separate entities. For clarity they are shown as overlapping in Figure 

4-6a. In the model of the PF joint (Figure 4-6b), the articular surfaces are assumed 

to be frictionless. Therefore the resultant joint contact force Fc is directed perpen

dicular to the contact region. It was also assumed that the joint reaction force 

passes through the joint centre point. This force then does not create a moment 

about the joint centre and it is not necessary to know the magnitude of this force in 

order to perform a moment summation about the joint centre. 

The required parameters to calculate patellar tendon force are: rearfoot force FA, 

moment arm to rearfoot force d A , medial hamstrings force FM and moment arm d M , 

lateral hamstrings force F L and moment arm di_ and patellar tendon moment arm 

dp. By summing moments about the joint centre point, patellar tendon force F P may 

be calculated as: 

P _ ( F A x d A ) + ( F M x d M ) + ( F L x d L ) ^ 
dp 

where the symbol x denotes a cross-product of vector quantities. 

Once patellar tendon force F P is known, joint contact force Fc may be calculated 

as: 

sin(180-P) 
h c h p sin(P-e) { ] 

where p is the angle between the quadriceps and patellar tendons and 0 is the an

gle between the patellar tendon and resultant joint contact force vector F c (Figure 

4-6b). With joint contact force calculated, average contact stress oc may also be 

calculated: 
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where A is the contact area. The method to determine contact area from MR im

ages was described in detail in Chapter 2.0, Section 2.3.6.4. Contact area values 

for the subjects tested in this study were presented in Section 2.4.1. 

To compare PF joint contact force Fc and patellar tendon force Fp to other studies, 

these forces were also calculated as ratios to the quadriceps tendon force FQ. 

These dimensionless quantities are independent of applied load and therefore may 

be compared to other studies that may have used different loading levels. These 

ratios may be calculated simply using trigonometry and the angles p and 0 of the 

PF joint: 

^ _ s i n 0 8 0 - P ) 
F Q sine v ' 

^ =

S i " ' P - 9 > (4.5) 
F Q sine 

4.3.4 Model Input parameters 

This section outlines the methods used to obtain all of the required model parame

ters to perform the calculation of joint contact force. 

4.3.4.1 Muscle Moment Arms 

The method for determining muscle moment arms in-vivo from MR images is ex

plained in detail in Chapter 2.0. Briefly, lines of action of the patellar tendon, medial 

and lateral hamstrings tendons were digitized on each magnetic resonance image 

slice where these structures were present. Moment arms were calculated as the 

perpendicular distance between the line of action of each tendon and the joint cen

tre of the knee. For comparison, three possible joint centre reference points were 

identified on each MR image series for each subject at the three knee angles 

tested. Two of the joint centre points (the cruciate ligament intersection point and 

the tibiofemoral contact point) were anatomical locations within the joint. The third 

prospective joint centre (the instantaneous helical axis piercing point) was deter-
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mined from kinematic analysis of each subject's knee. Joint contact force and av

erage stress were calculated using moment arms measured from the three differ

ent joint centre locations. 

4.3.4.2 Muscle Forces 

Medial and lateral hamstrings muscle forces were estimated using electromyogra

phy to record muscle activity during a mock set up of the MR scan. It is not possi

ble to directly record surface EMG during the MR scan because the ferromagnetic 

properties of the electrode leads will cause distortion of the MR images. Therefore 

the hamstrings activity was recorded in the laboratory during a replication of the 

MR rearfoot loading exercise. The methods and results of this study were ex

plained in detail in Chapter 3.0, Sections 3.3 and 3.4. Briefly, each subject per

formed a series of maximal and sub-maximal isometric knee flexion and extension 

contractions at the three knee angles of interest for this study (15°, 30° and 45°). 

Isometric extensor or flexor force was measured on a dynamometer. Surface EMG 

signals from the quadriceps and hamstrings muscles were simultaneously re

corded along with external flexion or extension force. Corresponding EMG-force 

data points were grouped for each subject at each knee flexion angle for each 

muscle that was measured. A second order polynomial was fit through the raw 

EMG-force data points to create a "calibration" curve. With the EMG electrodes in 

the same locations, a mock representation of the MR rearfoot loading task was 

performed. The EMG amplitude recorded during the MR loading task was used 

with the EMG-force polynomial equations to estimate muscle force magnitudes of 

the quadriceps and hamstrings during the applied loading task. 

Each subject performed the EMG-force calibration procedure and MR loading ex

ercise on three separate days in the laboratory prior to performing the MR loading 

task during the actual MR image acquisition. The data collected during the three 

days of laboratory testing were used to determine a range of muscle force magni

tudes calculated from the average and standard error of the repeated measure-
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merits (Chapter 3.0, Section 3.4.4). The influence of different magnitudes of ham

strings muscle forces on joint contact force and stress was assessed using three 

different estimates of hamstrings muscle forces. The first estimate is negligible 

hamstring forces, which has been assumed in some other knee joint models in

cluding previous work by Ronsky (1994) using the force model described in this 

thesis. The other two hamstrings force estimates represent the lower and upper 

range of forces determined for each subject at each knee flexion angle. 

4.3.4.3 Rearfoot Force 

During MR image acquisition, a subset of trials was recorded with isometric loading 

applied by the subject on a rearfoot pedal. Prior to the start of the MR scan, sub

jects were asked to match and hold a target voltage level that they had previously 

determined as a level of exertion that they could maintain for the duration of the 

scan. The applied rearfoot pedal force was measured during the scan using an ax

ial force transducer as previously described in detail (Chapter 3.0, Section 3.3.3.2). 

The average voltage level maintained during the scan was used with a voltage-

force calibration curve to calculate applied rearfoot force (Figure 4-7). The load cell 

was calibrated by adding weights in 1-kg (9.81-N) increments up to 70 kg (686.5 

N). The weights were added and removed three separate times and the load cell 

response recorded. Using a linear regression analysis the calibration equation for 

the load cell was determined as: 

F = -177.586 * V + 0.022, R 2 = 1.00 (4.6) 

where F is force in Newtons and V is load cell voltage in Volts. 

It is possible to adjust the applied rearfoot force such that the resulting P F joint 

contact force is constant for a set of trials. By prescribing a constant contact force, 

the resulting joint contact areas may be compared as an indication of the contact 

stress on the articular surface. This method could be used to compare joint contact 

patterns at different knee flexion angles within one subject, or between subjects in 
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a group. By rearranging Equations 4.1 and 4.2, the applied rearfoot force F A can 

be calculated as a function of a prescribed contact force Fc: 

F * d . (s in (P-e)/ "i p . - . 
h c ° p I / s i n ( 1 8 0 - B ) J ~ h M x a M " h ' - x a L 

F A = H ( 4 , 7 ) 

Load Cell Calibration 
800 I : . r-

0.0 -1.0 -2.0 -3.0 -4.0 -5.0 

Voltage [V] 

Figure 4-7. Calibration curve for axial force transducer used to measure ap
plied rearfoot force during MR scan. 

In order to maintain a constant joint contact force at each knee angle, the required 

change in applied rearfoot force with 15° flexion angle increments was examined 

for each subject and averaged across all limbs. 
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4.3.4.4 Rearfoot Force Moment Arm 

It was necessary to determine the moment arm from the knee joint centre to the 

line of action of the applied rearfoot force. Since three different joint centre points 

were used for the calculation of joint contact force, the moment arm to the applied 

force d A was computed from the three joint centres. The leg length (L) of each sub

ject was measured with a metre stick (±2.5 mm) from the tibiofemoral joint space to 

the bottom of the foot where the foot pedal force was applied. Therefore, the mo

ment arm distance from the tibiofemoral contact point is simply: 

d A = L * sina (4.6) 

where a is the angle between the horizontal and the lower leg (equal to half of the 

knee flexion angle), L is the leg length and d A is the perpendicular distance be

tween the joint centre and the direction of the applied force (Figure 4-8). 

\ 

Figure 4-8. Lower leg model depicting moment arm (dA) from tibiofemoral 
joint contact point (JCTF) to line of action of applied force (FA). When a differ
ent joint centre is used ( J C | H A ) , the new moment arm is d A + Ay. 

The moment arm in Equation 4.6 is calculated from the knee joint centre defined by 

the tibiofemoral contact point. If the IHA piercing point or the cruciate ligament in

tersection point were used as joint centres instead of the TF contact point, the 
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moment arm d A would have a different magnitude. To account for differences in 

the moment arm, the relative distance in the anterior-posterior direction between 

the TF contact point and each of the other joint centres was added to the moment 

arm when the other points were used. 

4.3.4.5 Patellar Angles 

In order to solve for PF contact force F c (Equation 4.2), the three force vectors act

ing on the patella were arranged to form a triangle and the unknown forces were 

solved using trigonometry. By first determining the patellar tendon force Fp (Equa

tion 4.1), the remaining parameters required to determine Fc are the angles 0 and 

P that define the relative orientation of the force vectors acting on the patella 

(Figure 4-9). These angles were determined for each MR image series. Two end-

points of the quadriceps tendon (Q 1 ( Q 2) and patellar tendon (Pi, P 2) were manu

ally digitized in each image slice where they were present. Image digitization is de

scribed in detail in Chapter 2.0, Section 2.3.6.1. The averages of each endpoint 

across all MR slices were computed and line segments were formed between the 

two average endpoints of each structure. The two lines were extended until they 

intersected and the angle p was calculated as the inner angle formed by the two 

line segments. 

P = cos - 1 (Q«P), (4.7) 

where Q and P are unit vectors denoting the direction of the quadriceps and patel

lar tendons, respectively and the symbol '•' indicates the vector dot product opera

tion. 

The angle 8 is the angle between the patellar tendon line of action and the resul

tant joint contact force vector. Since frictionless contact surfaces have been as

sumed for this model, the joint contact force vector is therefore directed perpen

dicular to the two-dimensional line of contact. The line of contact was defined as a 

line segment connecting two points (Ci and C 2 ) that define the limits of the contact 

region in the sagittal plane. The limits of contact area were determined on one MR 
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image slice from the series of interest. The chosen MR slice was the slice closest 

to the centroid of contact area, as previously determined in Chapter 2.0, Section 

2.3.6.4. The unit vector, C, indicating the direction of the joint contact force was de

termined as a vector perpendicular to the line of contact and passing through the 

intersection of the quadriceps and patellar tendon lines of action. The angle 0 was 

then calculated as: 

0 = cos~ 1(C«P), (4.8) 

where C and P are the unit direction vectors of the joint contact force and the patel

lar tendon line of action, respectively. 

Figure 4-9. Patellofemoral joint contact model depicting geometric parame
ters (3 and 0 that define the relative orientation of the three forces acting on 
the patella. Points Qi, 2, Pi,2 and C 1 i 2 were determined from MR images and 
were used to define the directions of the quadriceps tendon, patellar tendon 
and line of contact, respectively. 
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With the above model inputs calculated (muscle forces, muscle moment arms, ap

plied rearfoot force and moment arm and patellar angles), PF joint contact force 

(Equations 4.1 and 4.2) and average joint contact stress (Equation 4.3) maybe cal

culated. 

4.3.5 Statistical Analysis 

A two-level MANOVA was performed to test for differences in joint contact force 

and stress with knee flexion angle and the joint centre from which moment arms 

were measured. The contact force used for this test was calculated using the aver

age of the upper and lower estimated hamstrings forces. A p-value less than 0.05 

was required for significance. Power calculations were performed for knee angle 

effect and joint centre effect. 

Joint contact force and stress were compared between left and right knees when 

data were available. A paired T-test and a Wilcoxon matched-pairs signed-ranks 

test were performed to test for significant differences in contact force and stress 

between knees of the same subject. The paired T-test assumes the data follow a 

Gaussian distribution, whereas the Wilcoxon test may be used when the data are 

not normally distributed. With the small sample of data available from this study, 

the power of these tests was expected to be low. A p-value less than 0.05 was re

quired for significance in both tests. Power calculations were performed for the 

paired T-test. A second analysis was performed where differences in contact force 

between left and right legs were compared to differences between the same limb of 

different subjects. This second analysis was designed as a qualitative comparison 

of left and right knees since statistical analysis was not expected to yield significant 

differences. 

4.4 RESULTS 

The required force model input parameters were collected from a group of five sub

jects. Not all parameters were available for each subject at each knee angle (Table 
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4-1). Subject T4 chose not to undergo MR scanning due to a change in medical 

condition. This subject had previously met all inclusion criteria for this study and 

had completed the portion of the study involving EMG and muscular force testing. 

Therefore, joint geometry data were available for only four of the five subjects. MR 

scans were also not available at specific knee angles for other subjects. Time con

straints prevented the collection of MR images for the left limb of Subject T1 and 

the left limb at 15° flexion for Subject S4. Images at 45° for Subjects U1 and S7 

were not acceptable for analysis because of image distortion. Contact force and 

stress could only be calculated for subjects and knee angles for which joint geome

try was available. 

Table 4-1. Availability of data from study subject group. Muscle force esti
mates were available from five subjects. Joint geometry data from MR scans 
were available for four subjects (four right knees and three left knees) at the 
knee angles indicated. 

EMG - Muscle 
Force Data 

MR Scan - Exam Number and Knee Angles EMG - Muscle 
Force Data Right Leg Left Leg 

Subject ID # Exam # Knee Angles Exam # Knee Angles 

T1 6279 15°, 30°, 45° not collected 

U1 6772 15°, 30° 6773 15°, 30° 

S7 6960 15°, 30° 6961 15°, 30° 

S4 7479 15°, 30°, 45° 7480 30°, 45° 

T4 not collected not collected 

4.4.1 Internal Joint Geometry 

The relative orientations of the forces acting on the patella were required for the 

two-dimensional PF joint model used in this study. The angle between the quadri

ceps and patellar tendons (p) and between the patellar tendon and the resultant 

joint contact force vector (9) were calculated from digitized structures on the MR 

scans (Figure 4-10). Throughout a normal range of knee motion (0° to 120°), re-
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ported values for p and 9 decrease from approximately 160° to 110° and 70° to 

65°, respectively (Ahmed et al., 1987). Results from this study show that the overall 

average values for p between 15 and 30 degrees decreased from 133° to 126° and 

from 119° to 111° as measured from loaded and unloaded images, respectively. 

Between 30 and 45 degrees, p increased to 128° and 122° for loaded and 

unloaded images, respectively. Average values for 9 between 15° and 30° in

creased for loaded images from 67° to 72° and decreased from 63° to 60° for 

unloaded images. From 30° to 45° of flexion, 9 decreased to 71° for loaded images 

and increased to 69° for unloaded images. Both angles p and 9 were greater when 

isometric rearfoot loading was applied. P increased an average of 5.9° (4.8%) with 

applied loading and 9 increased an average of 2.3° (3.4%). This occurs likely be

cause the quadriceps and patellar tendons are taut instead of relaxed and the pa

tella becomes seated in the femoral groove when loading is applied. The greatest 

average increase in p and 9 with applied load occurred at 30° of knee flexion. 

Beta (p) Theta (e) 
150 
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o 
Ô) no 
c 

< - i n n 

80 

—•—no loading 
• with loading 

—•—no loading 
• with loading 

1 ! 1 I 

15° (n=6) 30° (n=7) 45° (n=3) 
Knee Angle 

• no loading 
• with loading 

15° (n=6) 30° (n=7) 
Knee Angle 

45° (n=3) 

Figure 4-10. Average (± 1 standard deviation) of angles p and 9 at each knee 
angle, p is the angle between the quadriceps and patellar tendons. 9 is the 
angle between the patellar tendon and the resultant joint contact force vec
tor. Angles were calculated from MR scans acquired with applied loading 
(squares) and without loading (circles). 
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4.4.2 Rearfoot Force 

Measured load cell voltages and the force-voltage calibration curve for the load cell 

(Figure 4-7) were used to calculate the rearfoot forces generated by each subject 

during the MR scan (Table 4-2). The target forces given to each subject to maintain 

were calculated as 7.5% of the maximal force each subject could exert during the 

leg press contraction. The actual force level maintained during each scan averaged 

7.1% of each subject's maximum voluntary effort, with a range of 5.9% to 7.6% of 

MVC. One subject repeated the MR scan three times at one knee angle. This sub

ject was able to maintain the rearfoot target force within 3 N (6.6%) between the 

three repeat trials. 

Table 4-2. Rearfoot forces generated by each subject during the MR scan. 
Blank cells indicate no MR scan was collected at that knee angle. 

Subject Rearfoot Force (N) - Right Leg Rearfoot Force (N) - Left Leg Subject 
15° 30° 45° 15° 30° 45° 

T1 45.0 40.2 37.3 
U1 25.4 23.2 26.1 23.6 
S7 44.2 44.6 43.9 46.2 
S4 41.5 41.5 35.1 41.9 36.7 

4.4.2.1 Rearfoot Force Prediction 

A specific aim of this study was to predict the applied rearfoot forces that are nec

essary to maintain a constant resultant PF joint contact force between different 

knee flexion angles or between different subjects in a test group. Equation 4.7 was 

used to calculate the required rearfoot force at each knee flexion angle from a pre

scribed contact force (Figure 4-11). For a given target rearfoot force value, which 

was approximately 7.5% of each subject's maximal voluntary effort, resultant PF 

joint contact force increased with knee flexion angle (Figure 4.11a). The rearfoot 

input force required to maintain a constant PF joint contact force of 90 N decreased 

with increasing flexion angle (Figure 4.11b). Data for the remaining subjects is pre

sented in Appendix E. In order to maintain a consistent PF joint contact force, the 
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applied rearfoot forces on average over all subjects had to be reduced by 26 ± 17 

N and 13 ± 4 N when increasing flexion from 15 to 30 degrees, and 30 to 45 de

grees, respectively. 

Original Forces E q u a | J o i n t contact Forces 

15 R 30 R 45 R 15 R 30 R 45 R 

Knee Angle (deg) and Knee (L/R) Knee Angle (deg) and Knee (L/R) 

Figure 4-11. Applied isometric rearfoot force (black bars) and resultant PF 
joint contact force (grey bars) for subject T1. For a given target rearfoot force 
value, the PF joint contact force increases with knee flexion angle (a). The 
rearfoot input force required to maintain a constant PF joint contact force of 
90 N decreases with increasing flexion angle (b). 

4.4.3 Muscle Moment Arms 

Moment arms from the knee joint centre to the patellar tendon and to the medial 

and lateral hamstrings tendons were presented in Chapter 2.0, Section 2.4.4. 

These moment arms were calculated from three different joint centres for compari

son - the tibiofemoral contact point, the intersection point of the cruciate ligaments 

and the instantaneous helical axis piercing point. To assess the influence of mo

ment arm calculations on joint contact force and stress predictions, force and 

stress were calculated using moment arms determined from the three different joint 

centres (Figure 4-12). Joint contact force and stress results for each individual sub

ject are presented in tabular and graphical form in Appendix C. 

Moment arms calculated from the three different joint centres were previously 

found to be statistically different (Chapter 2.0, Section 2.4.4.1). However, when the 
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moment arm values from the different joint centres were used to calculate joint 

contact force, there was no statistical difference observed in contact force at a 

given knee flexion angle (F(2,6) = 2.11, p = 0.203). The statistical power of this test 

was calculated as 80%. Similarly there was no statistical difference observed for 

joint contact stress calculated with data from the different joint centres (F(2,6) = 

1.57, p = 0.282). The statistical power for this test was calculated as 36%.This in

dicates that if a difference in contact stress between the three joint centres exists, 

the probability of detecting this difference is 36%. A larger sample size is required 

to adequately assess the effect of joint centre on contact stress. 

With increasing knee flexion angle, joint contact force increased for all subjects ex

cept Subject U1 between 15 and 30 degrees for the IHA piercing point joint centre. 

The range of contact force values for all subjects and knee angles was 52 N to 255 

N, using average hamstrings force estimates. Joint contact stress also increased 

with flexion angle for all subjects except Subject S4, between 15° and 30° for all 

joint centres and Subject U1, between 15° and 30° for the IHA piercing point joint 

centre. Average contact stress values ranged from 0.25 MPa to 0.98 MPa over all 

knee angles. On average for all subjects, contact force and stress increased with 

flexion angle. This result agrees with other studies in the literature (e.g. Huberti and 

Hayes, 1984, van Eijden et al., 1986, Hirokawa, 1991, Singerman et al., 1995). The 

increase in contact force with knee flexion angle was found to be statistically sig

nificant when comparing 15° and 30° of flexion across the four subjects tested 

(F(1,3) = 18.00, p = 0.024). The statistical power of this test was calculated as 

80%. There was insufficient data at 45° of flexion to include this knee angle in the 

MANOVA statistical analysis. 

Contact stress was observed to increase slightly with knee flexion angle, however 

this increase was not found to be statistically significant between 15° and 30° of 

knee flexion (F(1,3) = 0.53, p = 0.521). The power of this test was calculated as 
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Average PF Joint Contact Force 
calculated using three joint centres 

15 (n=6) 30 (n=7) 45 (n=3) 
Knee Flexion Angle 

Average PF Joint Contact Stress 
calculated using three joint centres 

15(n=6) 30(n=7) 45 (n=3) 

Knee Flexion Angle 

Figure 4-12. Average (± 1 standard deviation) PF joint contact force (a) and 
stress (b) calculated using input parameters measured from three different 
knee joint centres: IHA piercing point (black bars), cruciate ligament inter
section (white bars), tibiofemoral contact point (grey bars). 

8%. This indicates that there is an 8% probability that a difference in stress values 

with increasing flexion angle could be detected. Contact stress increased by an 

average of 21% between 15° and 30°. For the same flexion angle increment, con-
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tact area increased by an average of 53% (Appendix A) and contact force in

creased an average of 74% (Appendix C). If contact area and force had both in

creased by the same percentage, contact stress would not change with flexion an

gle. The increase in contact area to correspond to an increase in contact force has 

been described as a potential mechanism for maintaining a relatively constant unit 

load at the patellofemoral joint (Fulkerson and Hungerford, 1990). 

Contact force and stress values were also compared between left and right limbs 

of the same subjects for each of the three joint centres. Data at 30° knee flexion 

were compared, resulting in a sample size of n = 3 for a paired T-test and a Wil-

coxon matched-pairs signed-ranks test. Neither test found statistically significant 

differences in the values for left and right limbs (Table 4-3). The statistical power of 

the paired T-test was calculated at less than 30% for both contact force and stress. 

Based on sample variances of 1000 N 2 and 0.02 Mpa 2 for contact force and stress 

data respectively, the sample sizes required to achieve statistical power of 80% are 

n=26 and n=14. 

Table 4-3. Results of left-right limb comparison for joint contact force and 
stress (n=3). A p-value less than 0.05 is required for significance for both 
tests. 

PF Joint Contact Force 
Joint Centre 

Method 
Paired T-test Wilcoxon Signed-Ranks Test Joint Centre 

Method t-statistic p-value z-statistic p-value 
I HA -0.648 0.583 0.000 1.000 
ACL -0.918 0.456 -1.069 0.285 
TF -1.197 0.354 -1.069 0.285 

PF Joint Contact Stress 
Joint Centre 

Method 
Paired T-test Wilcoxon Signed-Ranks Test Joint Centre 

Method t-statistic p-value z-statistic p-value 
IHA -0.530 0.649 0.000 1.000 
A C L -0.422 0.714 0.000 1.000 
TF -0.693 0.560 -0.535 0.593 

A qualitative analysis was also performed to examine the average inter-subject left-

right differences compared to the average intra-subject differences between the left 
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or right limb. For joint contact force, the average inter-subject left-right differences 

were smaller than intra-subject differences for either the left limb or right limb. For 

joint contact stress, the same pattern emerged except for data from the IHA joint 

centre, where left-right differences were within left limb and right limb intra-subject 

differences. 

In order to reduce the time required for MR image acquisition during the trials with 

applied rearfoot loading, the image field of view was reduced (Chapter 2.0, Section 

2.3.4). The result of the FOV reduction was that reference markers were not visible 

for this subset of images and the IHA piercing point could not be located with re

spect to the knee joint geometry measured loaded images. Therefore the moment 

arms used to calculate joint contact force in this study have been determined from 

unloaded MR images. The discrepancy in moment arm values calculated from 

unloaded versus loaded joint geometry was discussed in Chapter 2.0, Section 

2.5.2.4. Joint contact force and stress were subsequently calculated using the dif

ferent moment arm values from both unloaded and loaded images (Appendix D). 

On average, contact force and stress values calculated using moment arms meas

ured from loaded images were lower than the corresponding values calculated us

ing moment arms measured from unloaded images. This result is expected given 

that with applied joint loading the quadriceps and patellar tendons become taut and 

the patella is seated lower in the femoral groove. The patellar angle (3 (the sagittal-

plane angle between the lines of action of the quadriceps and patellar tendons) in

creases, which results in lower resultant contact force. Contact force values de

creased an average of 14% (16.7 N) and 18% (24.9 N) for moment arms measured 

from the cruciate intersection and TF contact point, respectively. Contact stress 

values decreased by the same percentages: 14% (0.07 MPa) and 18% (0.10 MPa) 

for the cruciate intersection and TF contact point, respectively. 
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4.4.4 Muscle Forces 

Hamstring muscle force estimates were determined in Chapter 3.0, Section 3.4.4 

from subject-specific EMG-force relationships. For each subject at each knee flex

ion angle, a lower and an upper estimate of hamstrings muscle forces were calcu

lated. These muscle forces were used in the subsequent calculations of joint con

tact force and stress. Contact force and stress were first calculated using zero 

hamstrings force, under the common assumption that hamstrings forces are negli

gible. This calculation provided a lower bound for contact force and stress values. 

Next the lower and upper estimated hamstrings forces were used to calculate mid-

range values and an upper bound for contact force and stress. The lower, mid-

range and upper values for contact force and stress were averaged across all sub

jects for each knee flexion angle and joint centre (Figure 4-13 and Figure 4-14). 

Individual data for each subject are presented in Appendix C. 

Effect of Hamstrings Contribution to Joint Contact Force 
250 

Hamstrings 
Level 

• upper 
range 

• lower 
range 

• no 
hamstrings 

iha act tf iha acl tf iha acl tf 

Joint Centre Method 

Figure 4-13. Effect of including hamstrings forces in the calculation of patel
lofemoral joint contact force. Grey bars indicate average contact force when 
hamstring forces were excluded. The increase in joint contact force by add
ing lower range and upper range estimates of hamstrings forces is indicated 
by the white bars and black bars, respectively. 
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Compared to values for contact force calculated assuming negligible hamstrings 

forces, contact force increased an average of 11 % (10.6 N) and 39% (34.2 N) 

when the lower and upper hamstrings force estimates were added to the model. 

These average values were constant across the three joint centre methods. Con

tact force values at 15° of knee flexion demonstrated the greatest percentage in

crease in contact force. Since contact force is lowest at 15°, an increase in magni

tude translates into a greater relative increase. Hamstrings forces were also largest 

at 15° for two of the four subjects. Contact stress values displayed the same trends 

as contact force values. With the addition of lower and upper hamstrings force es

timates, contact stress increased an average of 11% (0.05 MPa) and 39% (0.15 

M Pa), respectively. 

Effect of Hamstrings Contribution to Joint Contact Stress 

acl tf iha 

Joint Centre Method 

Hamstrings 
Level 

• upper 
range 

• lower 
range 

• no 
hamstrings 

Figure 4-14. Effect of including hamstrings forces in the calculation of patel
lofemoral joint contact stress. Grey bars indicate exclusion of hamstring 
forces. The increase in average contact stress by adding lower range and 
upper range estimates of hamstrings forces is indicated by the open bars 
and black bars, respectively. 
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4.5 DISCUSSION 

The objective of this study component was to calculate joint contact force and 

stress and to determine the sensitivity of these variables to knee flexion angle, 

knee joint centre location and the inclusion of hamstrings forces. The results from 

this study were also used to predict the rearfoot loading that must be applied to 

produce a constant contact force at the PF joint. This procedure may be used in 

future studies to enable direct comparison between contact area maps at different 

knee angles or between different subjects. 

4.5.1 Assumptions 

The contact model of the PF joint assumes that contact occurs at one point and 

small deformations in the cartilage surfaces as the joint is loaded. Cartilage is vis-

coelastic and displays two types of mechanical behaviour under load. In the first 

few hundredths of a second after load is applied, cartilage deforms elastically. Over 

longer loading periods, water is exuded from the pores of articular cartilage and it 

deforms as a function of time (Kempson, 1973). For this study, the knee joint and 

PF cartilage are under isometric load for three minutes during MR image acquisi

tion. Based on experimental indentation tests, human articular cartilage deforms 

0.5 to 1.0 mm under applied stress of 2.8 MPa in the same three-minute span 

(Kempson, 1973). The contact stress calculated in this study is about four to five 

times less than that applied by Kempson (1973). Therefore it seems to be a rea

sonable assumption that deformation of the articular surfaces is very small. Results 

from experimental indentation tests of fibrillateci cartilage, however, show much 

higher deformations under the same level of load compared with healthy cartilage 

(Sokoloff, 1966). The assumption of point contact and small cartilage deformation 

may not be valid for future studies involving knee joints with cartilage degeneration 

present. 

Frictionless contact between the articular surfaces was assumed. As a result of this 

assumption, the joint contact force vector was directed perpendicular to contact re-
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gion. Ahmed et al. (1987) validated this assumption for a group of healthy knee 

joints. Therefore, for the subjects tested in this study, frictionless joint contact ap

pears to be a good assumption. Obara et al. (1997) have shown experimentally in 

animal joints with induced OA that friction at the knee joint is increased with joint 

degeneration. These results suggest that frictionless contact may not be a valid 

assumption in future studies of injured or diseased knee joints. If cartilage was fi-

brillated and could not be treated as frictionless then there would be an additional 

shear component of the joint contact force directed tangential to the contact sur

face. Resultant contact force vector would not be perpendicular but directed at an 

angle to the contact surface. The appropriate friction coefficient for osteoarthritic 

human articular cartilage would be required in order to include this additional fric-

tional force. However, experimental determination of this coefficient would not be 

trivial. 

4.5.2 Signif icance of Results 

Knee joint contact force normalized to quadriceps tendon force increased with in

creasing knee flexion angle (Figure 4-15). Patellar tendon force normalized to 

quadriceps tendon force decreased with increasing knee flexion angle (Figure 

4-16). These results are in agreement with results from other studies published in 

the literature (van Eijden et al., 1986, Ahmed et al., 1987, Yamaguchi and Zajac, 

1989, Hirokawa, 1991, Hefzy and Yang, 1993, Heegaard et al., 1995, Singerman 

et al., 1995, Gill and O'Connor, 1996 as summarized in Figure 4-2 and Figure 4-4). 

However, magnitudes of the ratios of PF joint contact force to quadriceps tendon 

force do not lie within the range of results from other studies for 3 subjects (5 joints 

total) at 15 degrees, and for 1 subject (2 joints) at 30 degrees of knee flexion. For 

the ratio of patellar tendon force to quadriceps tendon force, while most trials were 

within or close to the range of results reported in literature for 15 degrees, ratios 

were smaller than those reported in literature in 4 of the 7 joints (2 subjects) at 30 

degrees. This was not expected, given that these ratios of forces acting on the PF 
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joint were calculated from the patellar angles (3 and 6, which were not expected to 

differ significantly from reported values for other subjects. 

There are several possible explanations for this discrepancy in joint geometry 

measurements. Two-dimensional geometrical measurement techniques are sub

ject to out of plane errors resulting from incorrect PF joint alignment during imag

ing. This may have occurred either in the current study or in other reported studies 

(e.g. van Eijden et al., 1986, Ahmed et al., 1987). Joint misalignment is also possi

ble for in-vitro cadaveric preparations with external loading devices (e.g. Singer-

man et al., 1995). It is difficult to verify that true in-vivo physiologic loading is accu

rately reproduced in these in-vitro studies. Another concern when comparing in-

vivo geometry from the current study to cadaveric joint geometry from in-vitro stud

ies is the possible variation in internal joint geometry between subject groups (i.e. 

age and muscular tone). 
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Figure 4-15. Ratio of PF joint contact force to quadriceps tendon force calcu
lated using geometry from the loaded PF joint. Results from the current 
study are compared to the range of values reported in the literature by other 
investigators. 
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Knee joint loading may also be a significant factor. Most studies have measured 

joint geometry from the unloaded knee joint (e.g. van Eijden et al., 1986, Gill and 

O'Connor, 1996). This study is unique in that 3D joint geometry was measured un

der isometric knee joint loading. The patellar angles (3 and 9 increased on average 

when measured from the loaded joint compared to the unloaded joint, which corre

sponded to an average decrease in the ratio FC/FQ and an increase in the ratio 

FP/FQ. However, if the ranges of literature values were decreased or increased to 

correspond to the change that may occur by using loaded joint geometry, the dis

crepancy between other studies and the current study would be even greater. 

Therefore, joint loading is not suspected as a major factor to explain the discrep

ancy between results of this study and other reported studies. 
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Figure 4-16. Ratio of patellar tendon force to quadriceps tendon force calcu
late using geometry from the loaded PF joint. Results from the current study 
are compared to the range of values reported in the literature by other inves
tigators. 

The assumption that the resultant joint contact force vector is directed perpendicu

lar to the contact surface may not accurately represent the true situation. This as-
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sumption has been tested against the assumption that joint contact force acts at 

the contact area centroid (Ahmed et al., 1987). The maximum difference in the pa

tellar angle between the two estimates was 4° and this difference was not statisti

cally significant. Applying the result from Ahmed et al. (1987) to the data from the 

current study, an increase in the patellar angle 9 of 4° (average of 6%) would result 

in an average increase of 10% in the ratio F P / F Q and an average decrease of 15% 

in the ratio FC/FQ . These respective increases and decreases would position some 

of the calculated force ratios within the range of reported literature values. There

fore, the orientation of the joint contact force vector with respect to the contact sur

face is a potential source of error affecting the results of this study, but the exact 

orientation of the contact force vector was not investigated in this study. The two 

assumptions tested by Ahmed et al. (1987) should be further investigated for the 

specific non-invasive methods used in this study. 

It is also possible that there were errors in MR image digitization or that there was 

distortion in the images themselves due to joint motion artifact or a technical prob

lem with the scanner. However, no conclusive evidence of image distortion was 

found. While it is not possible to determine the exact source of the discrepancy in 

values between this and other studies, the most likely candidates are the assump

tion of joint contact force orientation and the variation in subject geometry between 

in-vitro and in-vivo studies. 

The magnitude of the contact stress values lie near the lower end within the range 

of published values (Figure 4-17). Contact stress values are typically calculated 

from contact force and area values, as in the current study. The upper range of re

ported contact stress might be high due to difficulties measuring joint contact areas 

with invasive experimental techniques such as pressure sensitive film or staining. 

Contact stress is inversely proportional to contact area and therefore an under

estimation of contact area results in an over-estimation of contact stress. The re

sults of the current study compare most closely with results of Hehne (1990) at 30° 
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for the minimal level of applied load, Ronsky (1994) at 45° and Heegaard et al. 

(1995) at 45°. 

In contrast to joint contact force and area values, which demonstrated a statistically 

significant increase with knee flexion angle, contact stress increased minimally with 

flexion angle and the change was not statistically significant. This result supports 

the idea that the contact mechanics of the knee joint are such that contact area in

creases as contact force increases so that contact stress is maintained at a con

stant level. 
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Figure 4-17. PF joint contact stress (MPa) as a function of knee flexion angle, 
calculated using the IHA joint centre. Results from the current study are 
compared to the range of values reported in the literature by other investiga
tors. 

4.5.2.1 Knee Joint Centre 

Statistically significant differences in the moment arms of the patellar tendon and 

medial and lateral hamstrings tendons were found when measured from the three 

different joint centre points - IHA piercing point, cruciate ligament intersection point 
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and tibiofemoral contact point (Chapter 2.0, Section 2.4.4.1). However, there were 

no statistically significant differences observed between joint contact force and 

stress values that were calculated using the different joint centres. Results from 

Chapter 2.0 also indicated a high variability between subjects of moment arms 

measured from the IHA piercing point compared with measurements from the other 

two anatomical joint centres. The same difference in variability between subjects 

was not observed for joint contact force and stress. These results indicate that, for 

the healthy knee joint, PF joint contact force and stress appear to be insensitive to 

the choice of joint centre for the mathematical model. Therefore, it may be suffi

cient to use an anatomical joint centre for the healthy knee joint. The cruciate liga

ment intersection point was found to lie closest to the functional joint centre and 

thus was the recommended anatomical joint centre. 

It is expected, however, that an anatomical joint centre will not be suitable for de

termining moment arm values for a model of knee joint injury. This is especially 

true for the example of the ACL-deficient knee joint, for which the cruciate ligament 

intersection point cannot be identified as a joint centre. The use of the functional 

joint centre based on the IHA is recommended in this case to fully account for 

changes in knee joint kinematics. Although the ACL-deficient knee joint is the ex

ample used throughout this study, there are also other conditions that afflict the PF 

joint that may result in altered joint kinematics. Knee joints affected by abnormal 

joint geometry (e.g. patellar dysplasia), varus/valgus joint malalignment or a signifi

cant muscle imbalance may exhibit altered patellar tracking patterns and conse

quently abnormal contact patterns. The use of the functional joint centre is recom

mended if altered joint kinematics are suspected. 

4.5.2.2 Hamstrings Force Inclusion 

The hamstring forces during the 7.5% leg press contraction range from 0 N to 59 N 

for the lateral hamstrings (roughly 10% of that subject's maximal lateral hamstrings 

effort) and from 0 N to 45 N for the medial hamstrings (approximately 6% of the 
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maximal medial hamstrings force). For most subjects the hamstrings forces are 

very small. However the effect of including hamstrings forces in the calculation of 

joint contact force is dramatic. Exclusion of hamstrings forces compared with in

cluding the lower range of hamstrings force estimates resulted in underestimation 

of the PF joint contact force by as much as 32% (subject S4, left knee at 30°). 

Comparing the upper estimate of hamstrings forces to the calculation of joint con

tact force with no hamstrings forces shows that the contact force in several in

stances nearly doubles (subject S4 at 15° right, 30° left and 45° left and subject U1 

at 15° right and 15° left). In several subjects however there is considerable variabil

ity between contact force calculated using the upper and lower limits of the ham

strings force range. The maximum change in contact force between these two 

cases is 63% (subject S4 at 15° right). 

Given that contact force and stress are sensitive to the inclusion of hamstrings 

forces in the mathematical model of knee joint contact, it is recommended that 

these muscle forces be included in the joint contact model. The inclusion of ham

strings forces is expected to be especially important for understanding how joint 

contact force and stress are affected by a joint injury such as an ACL rupture. The 

methods presented for muscular force partitioning may also be applied to the quad

riceps muscles. Although this analysis was not presented in the current study, indi

vidual quadriceps muscle forces may also be important to include in a future 3D 

model of the PF joint. The quadriceps muscles could provide information about 

medially or laterally directed forces acting on the patella that may be related to 

other PF joint conditions such as joint malalignment, patellar dysplasia and abnor

mal patellar tracking. 

4.5.2.3 Applied] Rearfoot Force 

Theoretically, the applied rearfoot forces that are required to produce constant joint 

contact forces at varying knee angles are possible to predict. All of the input quanti

ties (joint geometry, muscle forces and moment arms) are known. It is a simple 
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matter to rearrange the equations for contact force to solve for the required rearfoot 

force (Equation 4.7). In order to implement this procedure with new test subjects in 

future studies, preliminary MR scans are required in order to determine joint ge

ometry and muscle moment arms at the knee angles of interest. Currently, prelimi

nary scanning would be performed on a different day to allow time for image proc

essing. With technological advances and improvement in image quality, it may be 

possible to automate the digitization procedure and enable real time analysis of 

MR images. Currently, time and cost are prohibitive factors for acquiring multiple 

MR images. 

An alternative method is to determine from a group of healthy subjects the average 

change in rearfoot force that is required to produce constant joint contact forces at 

each knee flexion angle. For the group of four subjects in the current study, the av

erage changes in rearfoot force level were -26 ± 17 N from 15° to 30° and - 1 3 + 4 

N from 30° to 45°. Given the variability in these values, a larger group of subjects 

should be investigated before these average changes in rearfoot force are used in 

practice. Also based on the subject group from the current study, it is unlikely that 

one joint contact force magnitude can be used for all subjects. If image acquisition 

times could be reduced, there would be more flexibility in the rearfoot force level 

that subjects could sustain for the duration of each scan. Perhaps more extensive 

subject training could also be applied to make the rearfoot loading levels more re-

peatable across subjects. 

The advantage of maintaining a constant joint contact force for a group of subjects 

is that contact stress distributions may be compared on the basis of the contact 

area map alone. This technique may be used to simplify the force model analysis 

and potentially make non-invasive in-vivo joint contact stress determination more 

widely available as a clinical tool. It may also be possible to use the magnitude of 

contact area as an indication of articular cartilage material properties. For example, 

if a constant joint contact force is maintained for a group of subjects, an abnormally 
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high contact area value for one subject may be indicative of softened articular carti

lage in early stages of joint degeneration. 

4.5.3 Future Directions 

A limitation of this model is the simplification of the three-dimensional joint struc

tures as a two-dimensional representation. However, motion of the knee joint oc

curs primarily in the sagittal plane and the forces acting in this plane are much 

greater than soft tissue forces that may act out-of-plane. Therefore it seems to be a 

reasonable assumption to study the healthy PF joint in two dimensions. For future 

studies, the model of the PF joint may be applied to study injured or diseased 

joints. In order to learn more about the relationship between contact force and joint 

degeneration it will be useful to know more about the distribution of contact force 

over the patellofemoral contact surface. This study made significant steps toward 

the construction of a 3D PF joint model. Currently all of the model inputs needed to 

calculate joint contact force are available in three dimensions with the exception of 

the applied rearfoot force. Implementation of a 3D force transducer is required to 

measure applied rearfoot forces and moments in three directions. With this final 3D 

model input acquired, steps may be taken to construct a 3D model of the P F joint. 

The methods described in this thesis may be used to obtain the required model in

puts. 

A future goal of the research is to examine changes to joint contact force and 

stress that may accompany joint degeneration. Previously published studies sug

gest that joint contact force and stress may be significantly reduced in individuals 

with degenerative joint disease (Macdonald et al., 1989, Herzog et al., 1998). A 

non-invasive method for determining in-vivo joint contact force and stress would be 

useful for identifying these changes that occur with early joint degeneration. By 

monitoring contact force and stress non-invasively, early joint degeneration may be 

detected and, where possible, an intervention may be recommended to slow the 

process of cartilage degeneration. 
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The model developed in this study is unique in that it uses subject-specific model 

inputs determined non-invasively from the loaded knee joint, hamstrings muscle 

force estimates, and a functional joint centre based on individual knee kinematics. 

Inclusion of these parameters in the mathematical model has made the model 

more versatile and applicable to both healthy and injured knee joints. The method

ologies used to calculate the model input values account for individual differences 

in joint anatomy and functional joint adaptations that may occur with knee injury. 

In this preliminary study, a sample of healthy knee joints was used to test the 

mathematical model and to make recommendations for improving the overall proc

ess of subject-specific model input acquisition. Model results in general showed 

good agreement with previously published data. The results from this study may be 

used to form a portion of baseline data from normal, healthy joints that in future will 

be compared with model results from subjects with knee injuries. This study has 

made significant progress toward the overall objective of the research, which is to 

understand the relationship between joint contact mechanics, joint injury and the 

development of degenerative joint disease. 
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5.0 SUMMARY 

The overall objective of this research is to understand the link between abnormal 

joint contact mechanics and cartilage degeneration. As a first step to meet this ob

jective, joint contact modelling has been used to non-invasively quantify joint con

tact force and stress, which have been experimentally linked to cartilage break

down. It is logical to compare groups of subjects with differences in knee geometry 

or kinematics that may be most likely to exhibit abnormal joint contact force and 

stress. Certain knee injuries such as ACL rupture have been associated with al

tered knee kinematics and a high incidence of OA. This is an example of a subject 

group that may be monitored over time to determine if and how abnormal joint con

tact leads to joint degeneration. However, joint modelling for these purposes must 

reflect the fact that all individuals adapt to knee joint injury differently. 

Joint kinematics may change as a mechanism of reducing ligament strain or avoid

ing unstable joint positions. Muscular activity around the knee may increase to add 

stability to the joint. It is important to account for these subject-specific differences 

when quantifying joint contact mechanics. By including these parameters in a knee 

joint model, it may be possible to predict differences in joint contact force for a va

riety of subjects without having to make additional assumptions to account for knee 

injuries or pathologies. 

The main objective of this thesis was to modify an existing two-dimensional model 

of the patellofemoral joint to include information about subject-specific differences 

in moment arms about the knee joint centre and muscular force distribution around 

the knee joint. These model input values are known to change with knee flexion 

angle and are suspected to be altered with knee joint injury. As a preliminary study, 

a small sample of healthy knees was used to determine these model inputs and to 

calculate joint contact force based on this additional information. 
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Magnetic resonance imaging was used in this study for non-invasive acquisition of 

in-vivo subject-specific 3D joint geometry. Moment arms for input to a PF joint 

model may be calculated directly from digitized structures on the MR images, pro

vided that the location of a joint centre reference point is known. The joint centre is 

not a fixed point in the joint, but changes with knee flexion angle and with joint 

kinematics. Chapter 2.0 of this thesis presented the methods for non-invasively lo

cating three different joint centre points on the MR images, from which moment 

arms could subsequently be measured and compared. Two of the joint centres 

were anatomical locations within the joint - the tibiofemoral contact point and the 

cruciate ligament intersection point. These points have been used as joint centres 

in many previous experiments reported by other researchers. Manual digitization of 

MR images was used for this study to locate these anatomical joint centres. 

A technique described by Boyd and Ronsky (1998) for in-situ moment arm deter

mination in the cat knee was adapted to this study to determine human knee joint 

moment arms non-invasively and in-vivo. Knee joint kinematics for each subject 

were described using an instantaneous helical axis, about which the shank seg

ment rotates with respect to the thigh segment during knee motion. The reference 

markers that defined the thigh and shank segments for kinematic analysis were 

also visible in MR images. These markers allowed the IHA vector to be located in 

image coordinates relative to anatomical structures. The joint centre was located in 

each image as the point where the IHA vector pierced a mid-sagittal plane in the 

knee joint. This point has been termed the functional joint centre because it is cal

culated solely based on knee kinematics. 

The three joint centres were compared on the basis of: (a) relative distance be

tween the functional joint centre and the anatomical joint centres, (b) magnitude 

and variability of moment arm values when calculated from the three joint centres 

and (c) joint contact force and stress resulting from using the different moment arm 

values as input to the mathematical model. The functional joint centre was consis-
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tently located closer to the cruciate ligament intersection point than to the tibio

femoral contact point. These preliminary results suggest that if an anatomical point 

was desired for simplicity of computation, the cruciate intersection may be the bet

ter point to choose because it lies closer to the joint centre defined by joint kine

matics. 

Moment arms measured from the IHA piercing point displayed higher inter-subject 

variability than moment arms measured from the anatomical joint centres. The 

functional joint centre is computationally more complex to determine and is there

fore affected by numerous error sources. Some of these errors result from 3D 

marker position reconstruction, marker movement, coordinate transformation, poor 

MR image quality or image distortion. Importantly, it is also likely that the IHA more 

accurately reflects true differences in subject knee kinematics that are not repre

sented when an anatomical joint centre is used. If the error sources could be re

duced, the differences in moment arm would more accurately represent true inter-

subject variability. The moment arm magnitudes were statistically different when 

measured from the three joint centres, however there was no statistical difference 

in joint contact force or stress calculated using the different moment arm values. 

Future assessment of a larger sample of healthy knees is recommended to deter

mine if this finding is true in general for all healthy knees or if high variability in con

tact force and stress calculations contributed to the lack of statistical significance. 

However, the preliminary results of this study suggest that it may be sufficient to 

use an anatomical joint centre for the healthy knee joint rather than using the more 

complicated method of locating a functional joint centre. At present it is not known 

if this assessment is also true for the injured knee joint. Future study is recom

mended to determine whether an anatomical joint centre location is also represen

tative of the functional joint centre in the case of a subject group with knee injuries 

that have resulted in altered knee joint kinematics. 
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The IHA piercing point was found to be insensitive to segment coordinate system 

construction and in most cases also insensitive to the choice of mid-sagittal pierc

ing plane. The accuracy of the IHA piercing point as a knee joint centre is difficult 

to ascertain as it is dependent upon a number of factors. Image quality is a major 

factor that requires a considerable investment in time and equipment to improve. 

The imaging sequences chosen for this study were determined after lengthy pilot 

testing to be the optimal sequences for the requirements of this particular study 

and the equipment available. Perhaps by using a different MR scanner or a specific 

knee joint coil for image acquisition the images could be clearer and acquisition 

times could be reduced. Marker movement during kinematic trials and between ki

nematic trials and MR image acquisition is likely the largest contributor to inaccu

rate calculation of the IHA piercing point. In order to reduce marker movement, the 

following improvements over the methods presented in this study are recom

mended: 

1. Optimize the spatial arrangement of skin-mounted markers. A smaller rigid triad 

of markers could possibly be attached more securely to the thigh and shank 

segments, to reduce the effects of soft tissue movement. 

2. Collect the kinematic data and MR images at the same facility. This would 

eliminate the need to remove markers between data collection sessions. 

3. Use a surface imaging coil specific to the knee joint. A knee coil would likely be 

less cumbersome than the anterior neck surface coil and may not interfere with 

the marker system. 

4. Adjust imaging sequences in order to acquire images with a larger field of view. 

This would allow more freedom in positioning a minimum of three markers per 

segment. 

Muscular force distribution was also estimated as part of this study. Forces in the 

hamstring muscles had been previously assumed to be negligible for purposes of 

calculating joint contact force from a mathematical model of the lower leg and PF 

joint. This assumption may not be valid for the ACL-deficient knee in which ham-
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strings co-contraction has been shown to increase to compensate for lost joint sta

bility. Surface EMG was used to non-invasively quantify muscle activity and to pre

dict hamstrings muscle forces during the rearfoot loading task that was performed 

during a subset of MR scans. EMG data could not be acquired simultaneously with 

MR images because the ferromagnetic properties of the EMG leads would create 

image distortion. 

To evaluate muscle force distribution the custom-built rearfoot loading device was 

arranged in a mock set-up of the MR scanner in the laboratory. Each subject first 

performed isometric knee flexion and extension exercises on a dynamometer while 

torque and EMG data were simultaneously recorded. Quadriceps and hamstrings 

forces were calculated using the measured torque and the hamstrings and patellar 

tendon moment arms, previously determined in Chapter 2.0. Based on relative 

PCSA values reported in the literature, quadriceps and hamstrings forces were 

partitioned into individual muscle or muscle group forces. The corresponding mus

cle force and EMG values were used to construct calibration curves for each mus

cle at the knee flexion angles of interest. With EMG electrodes maintained in the 

same locations, subjects performed the mock MRI rearfoot loading task in the labo

ratory. This exercise was performed at approximately 7% of each subject's maxi

mal effort. A range of EMG values were calculated based on the average and 

standard error of three repeat MR loading trials performed on three different days. 

The range of EMG values from the MR loading trials were used as independent 

variables with the EMG-force polynomial equations to calculate a range of esti

mated hamstrings forces. These hamstrings forces were used as input to calculate 

patellar tendon force and subsequently PF joint contact force. The effect of ne

glecting or including hamstrings forces was examined. 

Regression analysis showed that a second-order polynomial was the dominant or

der to fit the EMG-force data from each muscle in this study, based on data from 

five subjects. The EMG-force relationships for the medial and lateral hamstrings 
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and for the three quadriceps muscles appeared to have similar characteristics. 

Therefore it may be a reasonable estimation to measure muscle activity from only 

one muscle within the hamstrings and quadriceps groups. The estimated ham

strings forces during the MR loading task ranged from zero to ten percent of a sub

jects' maximal hamstrings activity. In most cases the predicted hamstrings forces 

were very small. However, when hamstrings forces were included in the model of 

PF joint contact, joint contact force in some cases nearly doubled compared to the 

case where hamstrings forces were assumed negligible. For all subjects tested, 

joint contact force increased when hamstrings forces were included in the model. 

For future work involving ACL-deficient subjects, hamstrings activity may be even 

greater and therefore it is recommended that hamstrings force be included in the 

model of joint contact to prevent underestimating joint contact forces. 

The objective of this preliminary study was to explore the effects of muscle moment 

arm calculations and the inclusion of hamstrings muscle forces on the outcome of 

PF joint contact force. Due to the exploratory nature of this study, only a small 

sample of healthy subjects was tested and in most cases data sets were incom

plete as a result of difficulties in acquiring MR images of consistent quality. Statisti

cal analysis of results was performed where sample sizes were adequate. How

ever, trends observed in the data were often not statistically significant. In most 

cases the values determined from the PF joint contact model agreed with results 

reported by other researchers. By examining the results from this preliminary 

study, many valuable recommendations have been made for future studies involv

ing both normal and pathological subject groups. 

The methods used in this study have been adapted from other studies for specific 

application to this project. The use of the IHA to determine muscle moment arms 

was originally presented as an in-situ study in the cat knee (Boyd and Ronsky, 

1998). This work has now been adapted to the in-vivo situation. Clearly, some re

finements in methodology are required before the in-vivo technique will become 
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consistent and reproducible. Prediction of hamstrings antagonist forces using 

EMG-force calibration was previously presented by Kellis and Baltzopoulos (1997). 

Their work has been adapted for the current study to include partitioning of exten

sor and flexor forces into specific muscles and muscle groups. The knowledge of 

individual muscle forces will become more important for a three-dimensional PF 

joint model in order to include medial and lateral force directions. 

Some of the study results suggest that contact force and stress are not significantly 

different when force model inputs are calculated with the new methods presented 

in this study. This is the case for moment arms measured from different joint cen

tres. Though the moment arms themselves were statistically different when meas

ured from the three joint centres, there was no statistical difference in joint contact 

force or stress calculated using the different moment arm values. In contrast, the 

results for inclusion of hamstrings forces indicate that joint contact force and stress 

are substantially increased when hamstrings forces are included in the model, 

compared to when they are assumed to be negligible. 

The methods presented in this study have contributed to making the PF joint con

tact model more applicable to study subjects with knee injury, by accounting for 

changes in knee structure and function that may accompany joint injury. Another 

significant contribution of this study is the progress made toward a 3D model of the 

PF joint. Analysis of joint contact mechanics in three dimensions may, in future 

studies, be able to provide an in-vivo determination of contact stress distribution. 

The strength of the modelling procedure presented in this study is the ability to 

non-invasively determine specific model input values that reflect the variability be

tween individuals. This is expected to be useful in a clinical setting because all in

dividuals adapt differently to joint injury and to various treatment options. Currently 

there is a lack of non-invasive methods available to accurately assess patient con-
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dition and to evaluate the success of conservative or surgical treatment interven

tions. 

The muscular force partitioning technique could be used to identify the presence of 

a muscle imbalance that may result in joint malalignment and anterior knee pain. 

The future goal of incorporating quadriceps and hamstrings muscle forces into a 

3D mathematical model of the knee joint is also very promising for identifying se

vere cases of muscle imbalance or joint malalignment that result in abnormal joint 

contact force and stress distributions. A common example is the weakening of the 

vastus medialis muscle that often accompanies a ligament injury in the knee. The 

effectiveness of muscle strengthening through physiotherapy may be evaluated 

using the muscle partitioning technique. In severe cases, this type of analysis has 

the potential to indicate that a surgical intervention such as a tendon transfer is re

quired to restore normal joint contact stress levels before joint degeneration pro

gresses. 

The method presented for non-invasively relating joint kinematic parameters to in

ternal joint geometry may provide information about the changes in joint function 

that accompany knee injury and how joint function relates to contact mechanics. 

This would be a significant step toward understanding the mechanical behaviour of 

the PF joint and the complex link between joint mechanics and joint degeneration. 

This method may also be applied to understand the relationship between joint 

structure and function. For example, patellofemoral joint kinematic parameters 

could be related to the underlying joint geometry non-invasively using MR imaging. 

This may help to identify abnormal patellar tracking patterns and to understand the 

joint surface characteristics that may affect or be affected by patellar kinematics. In 

a clinical setting, the ability to relate joint kinematics to surface geometry may en

able more accurate and efficient patient diagnosis. For example, the etiologies of 

anterior knee pain and patellofemoral pain syndrome are broad and often specula-
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tive for each individual patient. This type of analysis may be able to aid in determin

ing the exact causes of these knee disorders on a patient-specific basis. 

The results of this study have provided insight into the factors that most greatly af

fect joint contact force and stress in the patellofemoral joint. These factors are 

speculated to be important for fully understanding the relationship between joint 

contact mechanics and degenerative joint disease. 
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APPENDIX A JOINT CONTACT AREA 

Table A-1. Contact area values determined for each subject from MR scans 
without (unloaded) and with (loaded) applied rearfoot loading. Shaded cells 
indicate values for which statistical analysis was performed. 

Subject ID Contact Area (mm*) Contact Area (mm*) Contact Area (mm*) 
and Knee at 15° at 30° at 45° 

(L/R) Unloaded Loaded Unloaded Loaded Unloaded Loaded 
S4 R • 

• • • 171.4 286.4 
S 4 L 125.8 217.6 127.6 208.2 
S7 R : :- : ; * ' - •' ' • . 

S 7 L 194.2 252.3 238.6 305.5 
U1 R 175.2 •4?-"- ' 

U1 R 229.4 199.7 208.9 272.2 
T1 R 204.3 344.5 

Average 172.0 204.8 220.4 278.3 167.8 279.7 
Std. Dev. 59.8 52.5 80.0 41.8 38.5 68.4 

E 
E 

ra 
Sì 
< 
u ra *-* c 
o o 

400 

350 

300 

250 

200 

150 

100 

50 

0 

PF Joint Contact Area 
Determined Without and With Joint Loading 

S4 S7 

• Unloaded 
• Loaded 

15R 30R 45R 30L 45L 15R 30R 15L 30L 15R 30R 15L 30L 15R 30R 45R 

Knee Angle and Limb (L/R) 

Figure A-1. PF contact area comparison across all subjects and knee flexion 
angles. 
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Figure A-2. PF joint contact area plotted on the patellar surface for the right 
knee of Subject U1 at 15° (top row) and 30° (bottom row). Data for unloaded 
and loaded trials are presented in the left- and right-hand columns, respec
tively. 
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Figure A-3. PF joint contact area plotted on the patellar surface for the left 
knee of Subject U1 at 15° (top row) and 30° (bottom row). Data for unloaded 
and loaded trials are presented in the left- and right-hand columns, respec
tively. 
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Figure A-4. PF joint contact area plotted on the patellar surface for the right 
knee of Subject S7 at 15° (top row) and 30° (bottom row). Data for unloaded 
and loaded trials are presented in the left- and right-hand columns, respec
tively. 
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Figure A-5. PF joint contact area plotted on the patellar surface for the left 
knee of Subject S7 at 15° (top row) and 30° (bottom row). Data for unloaded 
and loaded trials are presented in the left- and right-hand columns, respec
tively. 
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Figure A-6. PF joint contact area plotted on the patellar surface for the right 
knee of Subject S4 at 15° (top row), 30° (middle row) and 45° (bottom row). 
Data for unloaded and loaded trials are presented in the left- and right-hand 
columns, respectively. 
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Figure A-7. PF joint contact area plotted on the patellar surface for the left 
knee of Subject S4 at 30° (top row) and 45° (bottom row). Data for unloaded 
and loaded trials are presented in the left- and right-hand columns, respec
tively. 
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APPENDIX B MUSCLE MOMENT ARMS 

Table B-1. Patellar tendon moment arms determined for each subject using 
three different knee joint centres: the IHA piercing point (IHA), the intersec
tion of the anterior and posterior cruciate ligaments (ACL) and the tibio
femoral contact point (TF). Shaded cells indicate values for which statistical 
analysis was performed. 

Subject ID 
and Knee 

(L/R) 

Moment Arm (mm) at 
15° 

Moment Arm (mm) at 
30° 

Moment Arm (mm) at 
45° 

Table B-2. Medial hamstrings tendon moment arms determined for each sub
ject using three different knee joint centres: the IHA piercing point (IHA), the 
intersection of the anterior and posterior cruciate ligaments (ACL) and the 
tibiofemoral contact point (TF). Shaded cells indicate values for which statis
tical analysis was performed. 

Subject ID Moment Arm (mm) at Moment Arm (mm) at Moment Arm (mm) at 
and Knee 15° 30° 45° 

(L/R) IHA ACL TF IHA ACL TF IHA ACL TF 
S 4 R 23.4 28.3 22.1 
S 4 L 45.6 27.6 21.7 38.4 26.8 19.9 

S 7 L 18.1 26.9 21.6 22.7 26.7 19.0 
U1 R 32.3 
U1 R 45.3 25.1 20.9 23.0 24.6 19.0 

41.6 27.8 20.9 

Average 31.6 28.9 23.6 28.4 28.9 22.5 34.5 27.6 21.0 
Std. Dev. 9.6 3.5 2.7 10.7 3.6 3.3 9.7 0.8 1.1 
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Table B-3. Lateral hamstrings tendon moment arms determined for each sub
ject using three different knee joint centres: the IHA piercing point (IHA), the 
intersection of the anterior and posterior cruciate ligaments (ACL) and the 
tibiofemoral contact point (TF). Shaded cells indicate values for which statis
tical analysis was performed. 

Subject ID 
and Knee 

(L/R) 
S4 R 
S 4 L 
S 7 R 
S 7 L 

Moment Arm (mm) at 
15° 

Moment Arm (mm) at 
30° 

Moment Arm (mm) at 
45° 

20.7 30.8 26.8 24.1 32.3 28.0 
U1 R 
U1 R 
T1 R 

45.1 23.8 21.6 25.4 27.0 22.7 
25.7 BUI 22.1 2810 25.1 42.7 29.4 23.9 

Average 24.0 22.9 19.3 26.3 25.4 20.6 32.0 25.7 19.7 
Std. Dev. 13.0 6.6 6.0 7.2 3.9 4.5 13.8 3.5 3.7 
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Figure B-1. Muscle moment arms for the patellar tendon (top), medial ham
strings tendon (middle) and lateral hamstrings tendon (bottom). Moment 
arms were measured from three different joint centres - the IHA piercing 
point (black bars), the cruciate ligament intersection point (white bars) and 
the tibiofemoral contact point (grey bars). 
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APPENDIX C JOINT CONTACT FORCE AND STRESS 

Table C-1. Contact force values determined for each subject using knee joint 
moment arms measure from three joint centres: the IHA piercing point (IHA), 
the intersection of the anterior and posterior cruciate ligaments (ACL) and 
the tibiofemoral contact point (TF). Hamstrings forces used to calculate con
tact force were an average of the upper and lower range of predicted forces. 
Shaded cells indicate values for which statistical analysis was performed. 

Subject ID 
and Knee 

(L/R) 

Contact Force (N) at 15° Contact Force (N) at 30° Contact Force (N) at 45° Subject ID 
and Knee 

(L/R) IHA ACL TF IHA ACL TF IHA ACL TF 
S4 R 141.0 188.0 206.4 
S4 L 156.5 118.8 130.3 203.8 180.9 193.5 
S7 R HP mmm 
S7 L 807 

146.0 

111.9 129.4 159.2 215.4 254.6 
U1 R 

807 

146.0 HQ U1 R 

807 

146.0 HQ 83.9 109.4 113.2 129.2 
T1 R 

807 

146.0 HQ 
213.9 186.0 204.6 

807 

146.0 HQ 

Average 97.0 83.2 94.0 133.8 146.6 165.1 186.2 184.9 201.5 
Std. Dev. 41.9 24.9 25.4 32.2 42.8 49.1 39.5 3.6 7.0 

Table C-2. Contact stress values determined for each subject using knee 
joint moment arms measure from three joint centres: the IHA piercing point 
(IHA), the intersection of the anterior and posterior cruciate ligaments (ACL) 
and the tibiofemoral contact point (TF). Shaded cells indicate values for 
which statistical analysis was performed. 

Subject ID Contact Stress (MPa) at Contact Stress (MPa) at Contact Stress (MPa) at 
and Knee 15° 30° 45° 

(L/R) IHA IHA ACL IHA ACL TF 
S 4 R 0 50 ' . ' . . ' . • • • •. , : 0.49 0.66 0.72 
S4 L 0.72 0.55 0.98 0.87 0.93 
S7 R '."' '.Ve' -

S 7 L 0.32 0.52 0.71 0.83 
U1 R 
U1 R 0.73 0.36 0.42 0.40 0.42 
T1 R 0.62 0.54 0.59 

Average 0.48 0.41 0.47 0.50 0.53 0.60 0.70 0.69 0.75 
Std. Dev. 0.19 0.08 0.10 0.16 0.16 0.17 0.25 0.17 0.17 



PF Contact Force calculated using 3 Joint Centres 
Lower Error Bars = no hamstrings, Upper Error Bars = 95% conf. interval upper limit 

15R 30R 45R 30L 45L 15R 30R 15L 30L 15R 30R 15L 30L 15R 30R 45R 

Knee Angle and Leg (L/R) 

Figure C-1. PF joint contact force for each subject at each knee angle for which data were avail
able. The applied rearfoot force (pale grey bars) is shown alongside contact force estimates cal
culated using three different joint centres - IHA piercing point (black bars), cruciate ligament in
tersection point (white bars) and tibiofemoral contact point (grey hatched bars). 



PF Contact Stress calculated using 3 Joint Centres 
Lower Error Bars = no hamstrings; Upper Error Bars = 95% conf. interval upper limit 

15R 30R 45R 30L 45L 15R 30R 15L 30L 15R 30R 15L 30L 15R 30R 45R 

Knee Angle and Leg (L/R) 

Figure C-2. PF joint contact stress for each subject at each knee angle for which data were 
available. Contact stress was calculated using force estimates from three different joint 
centres - IHA piercing point (black bars), cruciate ligament intersection point (white bars) 
and tibiofemoral contact point (grey bars). 
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APPENDIX D COMPARISON OF UNLOADED AND LOADED JOINT 
GEOMETRY FROM MR SCANS 

Patellar Tendon Moment Arm calculated using joint geometry 
from loaded and unloaded MR scans 

15 deg (n=6) 30 deg (n=7) 45deg (n=3) 

Medial hamstrings moment arm calculated using joint geometry 
from loaded and unloaded MR scans 

35 -

E 30 -

E 25 -... 
E 20 - . _ -

< 15 -

E 10 -
o 
S 5 - ... 

0 -

• acl_U 
• acl_L 
• tf_U 
Btf L 

15 deg (n=6) 30 deg (n=7) 45deg (n=3) 

Lateral hamstrings moment arm calculated using joint geometry 
from loaded and unloaded MR scans 

15 deg (n=4) 30 deg (n=3) 45deg (n=3) 

Figure D-1. Moment arms calculated from the two anatomical joint centres 
(acl and tf) using joint geometry digitized from unloaded (_U) and loaded (_L) 
MR images. 
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Contact force and stress comparison using joint 
geometry from loaded and unloaded MR scans 

250 

200 

Z 150 -
0) 
u o 100 -

50 -

15deg(n=6) 30 deg (n=7) 45deg (n=3) 

15deg(n=6) 30 deg (n=7) 45deg (n=3) 

Figure D-2. PF contact force (top) and stress (bottom) calculated using the 
two anatomical joint centres (acl and tf) and joint geometry determined from 
unloaded (_U) and loaded (_L) MR scans. Contact area used to calculate con
tact stress was determined from loaded images. Contact force and stress are 
lower when geometry from the loaded images is used. 
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APPENDIX E REARFOOT FORCE PREDICTION TO YIELD UNI
FORM PF JOINT CONTACT FORCES 

Original Forces (b) 

15 R 30 R 15 L 30 L 
Knee Angle (deg) and Knee (L/R) 

240 

200 

160 

120 

Equal Joint Contact Forces 

I rearfoot 

1 PF contact 

15 R 30 R 15 L 30 L 
Knee Angle (deg) and Knee (L/R) 

Figure E-3. Applied isometric rearfoot force (black bars) and resultant PF 
joint contact force (grey bars) for subject U1. For a given target rearfoot force 
value, the PF joint contact force increases with knee flexion angle (a). The 
rearfoot input force required to maintain a constant PF joint contact force of 
90 N decreases with increasing flexion angle (b). 

15 R 30 R 15 L 30 L 15 R 30 R 15 L 30 L 

Knee Angle (deg) and Knee (L/R) «née Angle (deg) and Knee (L/R) 

Figure E-4. Applied isometric rearfoot force (black bars) and resultant PF 
joint contact force (grey bars) for subject S7. For a given target rearfoot force 
value, the PF joint contact force increases with knee flexion angle (a). The 
rearfoot input force required to maintain a constant PF joint contact force of 
90 N decreases with increasing flexion angle (b). 
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Figure E-5. Applied isometric rearfoot force (black bars) and resultant PF 
joint contact force (grey bars) for subject S4. For a given target rearfoot force 
value, the PF joint contact force increases with knee flexion angle (a). The 
rearfoot input force required to maintain a constant PF joint contact force of 
90 N decreases with increasing flexion angle (b). 
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APPENDIX F MATLAB ALGORITHM TO IMPLEMENT SINGULAR 
VALUE DECOMPOSITION METHOD FOR RIGID 
BODY TRANSFORMATION 

% Sòderkvist algorithm to determine rigid body rotation & translation 

% From: I. Sòderkvist and P.A. Wedin (1993) 

% Determining the movement of the skeleton using well-configured markers 

% J . Biomech. 26:1473-1477. 

% Same algorithm is described in: 

% J.H. Challis (1995) A procedure for determining rigid body transformation 

% parameters, J . Biomech. 28, 733-737. 

% The latter also includes possibilities for scaling, reflection, and 

% weighting of marker data. 

% 

% Input: 

% x: 3-D marker coordinates in position 1 (3 columns, one row for each marker) 

% y: 3-D marker coordinates in position 2 (same format) 

% Output: 

% R: rotation matrix 

% d: translation vector 
0 / 
/o 

% the rigid body model is: y = R*x + d 

% 

f unction[R,d, rms]=getSoder(x,y) 

[nmarkers,ndimensions]=size(x); 

mx=mean(x); 

my=mean(y); 
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% construct matrices A and B, subtract the mean so there is only rotation 

for i=1 :nmarkers, 

A(i,:)=x(i,:)-mx; 

B(i,:)=y(i,:)-my; 

end 

A = A'; 

B = B'; 

% The singular value decomposition to calculate R with det(R)=1 

C=B*A'; 

[P,T,Q]=svd(C); 

R=P*diag([1 1 det(P*Q')])*Q'; 

% R=R'; 

% Calculate the translation vector from the centroid of all markers 

d=my'-R*mx'; 

% calculate RMS value of residuals 

sumsq = 0; 

for i=1 :nmarkers 

ypred = R*x(i,:)' + d; 

sumsq = sumsq + norm(ypred-y(i,:)')A2; 

end 

rms = sqrt(sumsq/3/nmarkers); 




