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RESUME

Dans cette etude, un modele realiste tridimensionnel d'elements finis du genou hu-

main incluant Ie femur, Ie tibia, la rotule, leurs differentes couches de cartilage, les

menisques ainsi que les principaux ligaments est utilise comme base pour des anal-

yses nonlineaires par elements finis considerant un chargement en torsion interne et

externe sur Ie femur allant jusqu'a 10 N-m. Dans ce modele, les menisques sont

representes par un materiau composite d'une matrice solide renforcee par des fibres

de collagene dans les directions radiale et circonferencielle alors que 1'articulation qui

s'opere entre les differentes couches de cartilage ainsi qu'entre les couches de carti-

lage et les menisques, et 1'enroulement du ligament collateral interne autour du bord

tibial proximal sont modelises par un algorithme general de contact sans friction avec

grands deplacements. Afin de valider Ie modele, la charge appliquee au systeme ainsi

que les conditions aux rives ont ete choisies de maniere a simuler les essais experimen-

taux trouves dans la litterature. Le tibia etant fixe, Ie femur fut libere dans toutes

les directions de translation avec la rotation en flexion-extension fixee alors que la

rotation en varus-valgus a ete fixee pour quelques analyses et liberee pour d'autres.

Le modele a ete utilise dans la determination des roles respectifs des principaux lig-

aments lors d'un chargement en torsion interne et externe respectivement avec et

sans force de compression initiale et ce par 1'analyse et comparaison de la reponse en

rotation axiale du joint femoro-tibial ainsi que les forces resultantes detectees dans

les differents ligaments suivant une sequence de sectionnement de quelques ligaments.

Nos resultats montrent clairement qu'avec la rotation en varus-valgus fixee, les lig-

aments collateraux sont les principaux resistants a la torsion interne; alors qu'en
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rotation externe seule Ie collateral lateral joue un role majeur. De plus, les croises

sent interdependants lors d'un chargement en rotation externe alors que Ie PCL (liga-

ment croise posterieur) est apparu completement lache lors de la rotation interne. La

fixation de la rotation en varus-valgus pour Ie modele intact induit des changements

dans la distribution des tensions dans les difFerents ligaments seulement en torsion

externe. La charge de compression initiate de 1000N a cause une reduction drastique

dans la laxite rotatoire durant 1'application de moments de torsion allant jusqu a ±

0, 5 N-m accompagnee d'une diminution remarquable dans les tensions des ligaments,

a 1'exception de celle du ACL (ligament croise anterieur).

Le modele d' elements finis nous a permis egalement de determiner les regions de

contact ainsi que les forces de contact transmises a partir des differentes zones po-

tentielles a savoir les contacts femur/tibia, femur/menisque et menisque/tibia pour

les plateaux medial et lateral durant 1'application croissante du moment de torsion

au joint femoro-tibial. Les resultats ont montre que lors de 1'application du moment

de torsion interne, Ie menisque lateral est plus sollicite; en efiFet, la charge axiale

supportee par ce menisque etait superieure a celle supportee par Ie menisque medial

alors que durant 1'application d'un moment externe c'est Ie menisque medial qui de-

vient plus sollicite. L'analyse de ces memes regions et forces de contact ainsi que des

contraintes aux centroides des elements formant les couches de cartilage articulaire

montre que lors de la rotation interne, la zone du cartilage tibiale recouverte par

Ie menisque a ete principalement chargee dans la region centrale pres du bord du

plateau lateral alors que la zone non recouverte a ete chargee plutot posterieurement

sur la partie mediate de 1'epine tibiale. Similairement, lors du chargement en torsion

externe, Ie chargement maximal a ete obtenu pres de 1'epine tibiale mediate pour la

partie du cartilage non recouverte de menisque, et posterieurement pres de la zone

d'insertion meniscale sur Ie plateau lateral.



Vlll

Les resultats de cette etude concordent d'une maniere globale avec les etudes ex-

perimentales presentees dans la litterature, decrivant la cinematique du joint femoro-

tibial ainsi que Ie role des differents ligaments lors de la rotation axiale du femur ou

du tibia. II est important de souligner a ce niveau que Ie modele qui est entre nos

mains est Ie seul modele en 3-D dans la litterature qui, base sur une geometrie reelle

et precise, regroupe tous les constituants importants d' un genou a savoir: femur,

tibia, rotule, menisques et ligaments. Les modeles analytiques precedents manquent

de rigueur quant a la modelisation de quelques aspects mecaniques necessaires pour

1'accomplissement d'analyses elastostatiques et nonlineaires d'un modele de genou. Ce

modele ofFre done des avantages par rapport aux modeles existants parmi lesquels:

la discretisation en elements finis qui tient compte des surfaces articulaires neces-

saires pour 1'analyse nonlineaire de contact, la nature composite (non-homogene) du

menisque et 1'enroulement du ligament collateral interne autour du bord tibial prox-

imal.

Les resultats obtenus lors de cette etude sont d'un grand apport car Us nous per-

mettent de mieux comprendre la biomecanique du joint femoro-tibial et plus par-

ticulierement la fonction de chaque ligament quand Ie genou subit des charges de

torsion axiale. Ges connaissances seront sans doute tres benefiques et recherchees

dans d'autres disciplines liees a cette etude comme les etudes des protheses du genou

ou protheses ligamentaires ou encore dans Ie domaine de la prevention et traitement

des maladies et malaises du genou.
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ABSTRACT

Being a multi-compartmental structure, located between the body's two largest lever-

arms, and sustaining high forces, the knee is prone to injuries and chronic diseases

such as dislocation, arthiritis, ligamentous rupture, and meniscal tear. In many cases,

prompt and effective treatment can prevent the development of serious instability and

arthiritis. A proper understanding of the knee joint biomechanics significantly im-

proves the prevention and treatment ofkneejoin^- disorders and injuries. Furthermore,

total knee arthroplasty and prosthetic ligament replacement are two examples that

can directly benefit from such knowledge.

In this research, a realistic three-dimensional model of the entire human knee joint

including femur, tibia, patella, cartilage layers, menisci, and joint ligaments along

with a nonlinear finite element package program were used to investigate the response

of the tibiofemoral joint, neglecting the patellofemoral joint, at full extension under

internal-external torques of up to 10 N-m applied to the femur. The menisci were

represented as a non-homogeneous composite of a solid matrix reinforced by radial

and circumferential collagen fibres. The articulation of cartilage layers with each

other as well as with intervening menisci and the wrapping of the medial collateral

ligament with the tibia were treated as general large displacement frictionless contact

problems. Analyses were carried out with the tibia fixed while the femur was free

to translate in the proximal-distal, medial-lateral, and anterior-posterior directions;

the internal-external rotation was left free, the varus-valgus rotation was either fixed

or free while flexion-extension rotation was maintained fixed throughout the study.

The influences of selective sectioning of some ligaments and axial compression as a

preload on the joint response in axial rotation were also investigated.



By analyzing and comparing patterns of change in the femoral axial rotation as well as

in the total resultant ligament forces upon selective sectioning of particular ligaments,

our results showed that at full flexion with the coupled varus-valgus rotation fixed,

both collateral ligaments were the major restraints to internal rotation; however, only

the lateral collateral ligament played a major role in resisting external torque. The

cruciate ligaments were found to be interdependent (sectioning of one caused a large

drop in the tensile force of the other) during external rotation and that the posterior

cruciate ligament was completely lax during internal rotation. Setting the varus-

valgus free produced some major changes in the ligaments tensile forces only during

external rotation. The compressive preload of 1000 N caused a major reduction

in the rotary laxity during applied torque of ±0. 5 N-m and some decreases in all

ligaments tensile forces with the exception of the tensile force in the anterior cruciate

ligament. During internal rotation, the covered cartilage was loaded primarily in the

region located centrally and laterally at the lateral plateau; however, the uncovered

cartilage was primarily loaded in the region located posteriorly and laterally at the

medial plateau. During external rotation, the uncovered cartilage was mainly loaded

in the region located near the medial tibial spine; however, the covered cartilage was

mainly loaded in the region located posteriorly and medially at the lateral plateau.

In general, the predictions of the present study were found to be in a reasonable

agreement with the experimental results available in the literature.

The knowledge gained in the course of this research is expected to enhance our un-

derstanding of biomechanics of the tibiofemoral joint, particularly the function of the

ligaments in axial rotation. This will then be beneficial in the total knee arthroplasty,

prosthetic ligament replacement as well as in the treatment and prevention of knee

ligament injuries.
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CONDENSE

Le genou humain est une structure multi-compartimentale qui supporte des efforts

assez eleves pouvant atteindre cinq fois Ie poids du corps qui sont souvent, quand

elles sont combinees, la cause de plusieurs malaises comme la dislocation osseuse,

1'arthrite, rupture des ligaments et des menisques.

Dans plusieurs cas un traitement precoce et efficace peut s'averer suffisant pour freiner

Ie developpement de 1'arthrite et ameliorer la stabilite du genou. Une comprehension

detaillee de la biomecanique du genou" augmente notre aptitude a prevenir les desor-

dres du genou et nous aide a prescrire des traitements plus adequats et efficaces. Des

domaines comme la conception de protheses articulaires du genou et ligamentaires

sont deux exemples qui tirent profit de cette connaisance.

Le genou se compose de deux articulations fonctionnelles principales: la premiere, fe-

morotibiale, entre femur et tibia, de type double condylien et la deuxieme femopatel-

laire, entre rotule et femur, de type throchleen. L'ensemble des surfaces articulaires,

par Ie biais desquelles s'etablissent les differents contacts, ne sont pas tout a fait con-

gruentes, de ce fait, Ie mouvement relatif du tibia par rapport au femur lors d'une

simple flexion du genou est tres complexe, il peut etre represente par un mouvement

a six degres de liberte dans 1'espace. Ainsi, Ie tibia glisse posterieurement sur Ie fe-

mur dans un mouvement long s'accompagnant progressivement d'une rotation interne

dans Ie plan horizontal.

En tout, sept regions de contact sont recensees: entre menisques et cartilage tibial,

cartilage femoral et entre cartilage femoral et cartilage tibial, pour les cotes medial
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et lateral, respectivement, enfin Ie dernier contact est etabli entre cartilage femoral

et cartilage rotulien quand Ie mouvement de flexion s'amorce. II est a noter que lors

de cette flexion 1'activite musculaire au niveau des quadriceps est notable, des efforts

additionnels, variables en direction et amplitude, sont appliques par Ie biais du tendon

rotulien a la rotule. Ces articulations ont done pour principales taches de permettre

une grande mobilite de la jambe par rapport a la cuisse, de supporter des charges

tres elevees et brusques, de les orienter, et de les redistribuer uniformement sur les

surfaces de maniere a assurer la stabilile de la structure, sans pour autant charger

excessivement 1'une ou 1'autre des ces composantes.

Dans des conditions normales, menisques et cartilages sont fortement hydrates, cette

particularite dicte a ces deux composantes leurs plus importants comportements me-

caniques, soient une resistance en compression et permeabilite relativement faibles.

Ces comportements leurs procurent une grande capacite a absorber les chocs et re-

partir les charges qu'ils re^oivent uniformement sur une plus grande region de contact

afin d'y reduire les contraintes.

En plus, des muscles qui sont des structures biologiques actives, les ligaments, des

structures dites passives, participent a la stabilisation de 1'articulation et au controle

des deplacements en flexion, ainsi que lors d'autres mouvements combines. De plus

ces ligaments presentent des comportements difFerents lors de la flexion du femur et

1'application des chargements couples.

Les etudes experimentales menees dans Ie domaine de la biomecanique du genou hu-

main sont tres nombreuses et touchent plusieurs axes de recherche. On retrouve entre

autres des recherches qui s'interessent a la quantification des surfaces de contact et

des pressions de contact dans Ie but de mieux comprendre Ie mecanisme de transfert
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de charges a travers Ie joint et de pouvoir ainsi predire les zones de cartilages a haut

risque de developper des degenerescences du cartilage ou 1'esions meniscales. Beau-

coup d'autres recherches s'interessent au comportement de la structure ligamentaire

lors des chargements en elaborant des montages permettant la mesure des defor-

mations et des efforts dans les ligaments pour en evaluer Ie degre de laxite et ses

consequences sur la performance globale du genou.

Durant les deux dernieres decennies, des etudes basees sur des modelisations mathe-

matiques des contacts femorotibial et femopatellaire out enregistre des progres dans

Ie domaine de 1'analyse numerique et des techniques informatiques. Des modeles, au

depart simplifies, sont apparus dans Ie but de simuler aussi bien Ie comportement

dynamique que statique du genou. Ils considerent par exemple une approche 2-D,

dans un plan sagittal, du contact femopatellaire ou bien une approche 3-D decrivant

surfaces de contact articulaires par des polynomes de troisieme et quatrieme degre

tout en supposant un contact rigide entre elles. D'autres modeles n'ont pas pris en

consideration les geometries des surfaces articulaires, leurs interets s'orientaient prin-

cipalement a definir la contribution du systeme ligamentaire a la rigidite totale du

genou. Des approches plus realistes qui ont marque cette tendance ont tenu compte

cette fois des geometries complexes des surfaces articulaires, des contacts rigides ou

deformables ainsi du comportement non lineaire des ligaments, neanmoins la plupart

de ces approches faites sur Ie contact femorotibial n'incluant pas les menisques et

modelisent s'il ya lieu, Ie cartilage par une couche d'epaisseur uniforme. On trouve

aussi des modeles biphasiques qui, bien que basees sur une geometrie axisymetrique

des menisques, supposent un comportement anisotropique pour la phase solide du

tissu.
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Dans cette etude, un modele realiste tridimensionnel d'elements finis du genou hu-

main incluant Ie femur, Ie tibia, la rotule, leurs difFerentes couches de cartilage, les

menisques ainsi que les principaux ligaments est utilise comme base pour des analy-

ses non-lineaires par elements finis considerant un chargement en torsion interne et

externe sur Ie femur allant jusqu'a 10 N-m.

Dans ce modele, les menisques sont representes par un materiau composite d'une

matrice solide renforcee par des fibres de collagene dans les directions radiales et

circonferencielles alors que 1'articulation qui s'opere entre les differentes couches de

cartilage ainsi qu'entre les couches de cartilage et les menisques, et 1'enroulement

du ligament collateral interne autour "du bord tibial proximal sont modelises par un

algorithme general de contact sans friction avec grands deplacements.

Afin de valider Ie modele, la charge appliquee au systeme ainsi que les conditions

aux rives ont etc choisies de maniere a simuler les essais experimentaux trouves dans

la litterature. Le tibia etant fixe, Ie femur fut libere dans toutes les directions de

translation avec la rotation en flexion-extension fixee alors que la rotation en varus-

valgus a ete fixee pour quelques analyses et liberee pour d'autres.

Dans chapitre 2 on decrit la methode utilisee pour modeliser Ie probleme du contact a

grands deplacements et deformations. Lors, d'une analyse non-lieaire, deux portions

de surfaces initialement en contact peuvent se separer et revenir en contact a nouveau.

Pour chaque pas de charge, Ie programme utilise sert a identifier les zones de contact

et a quantifier les forces de contact qui y seront transmises. Une courbe exprimant

la contrainte en fonction de la penetration est requise pour chacun des types de

contact existant a savoir: cartilage-cartilage ou bien menisque-cartilage. Pour chaque

noeud qui penetre une facette cible, un ressort sera genere et auquel sera associe
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une rigidite obtenue de la courbe sus-mentionnee. Une generation automatique d'un

maillage en elements finis est faite. On a opte pour des elements solides a 8 noeuds

pour les differents cartilages, 81 elements pour Ie cartilage tibial, 244 elements pour

Ie cartilage femoral et 49 elements pour Ie cartilage patellaire. Les menisques sont

modelises par un materiau composite, soit une matrice tres peu compressible forcee

de fibres de collagene dans les directions radiale et circonferentielles. Des elements

solides 8 noeuds sont choisis pour modeliser la matrice solide avec un nombre total de

424 elements tandisque 1212 elements uniaxiaux ont ete necessaires pour modeliser les

fibres de collagene. Les structures osseuses: tibia, femur et rotule, sont consideres lors

des analyses comme trois corps rigides, representes chacun, par un noeud primaire qui

est Ie centre de masse de la structure osseuse. Ce choix est parfaitement justifie vu la

rigidite beaucoup plus elevee de 1'os devant celle des autres tissus mous en presence.

Au chapitre 3, on utilise Ie present modele pour determiner les roles respectifs des

principaux ligaments lors d'un chargement en torsion interne et externe respective-

ment avec et sans force de compression initiate et ce par 1'analyse et comparaison de la

reponse en rotation axiale du joint femoro-tibial ainsi que les forces resultantes detec-

tees dans les differents ligaments suivant une sequence de sectionnement de quelques

ligaments. Les resultats obtenus dans ce chapitre montrent clairement qu'avec la ro-

tation en varus-valgus fixee, les ligaments collateraux sont les principaux resistants

de la torsion interne; alors qu'en rotation externe seule Ie collateral lateral joue un

role majeur. Lors d'un chargement en rotation externe nos resultats montrent claire-

ment que les croises sont interdependant, cependant, Ie PCL est apparu completement

lache lors de la rotation interne. La fixation de la rotation en varus-valgus pour Ie

modele intact induit des changements dans la distribution des tensions dans les dif-

ferents ligaments seulement en torsion externe. La charge de compression initials
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de 1000N cause une reduction drastique dans la laxite rotatoire durant 1'application

de moments de torsion allant jusqu'a ± 0.5 N-m accompagnee d'une diminution re-

marquable dans les tensions des ligaments a 1'exception de celle du ACL. Le modele

d'elements finis permet egalement de determiner les regions de contact ainsi que les

forces de contact transmises a partir des differentes zones potentielles a savoir les

contacts femur/tibia, femur/menisque et menisque/tibia pour les plateaux medial et

lateral durant 1'application croissante du moment de torsion au joint femoro-tibial.

Les resultats montrent que lors de 1'application du moment de torsion interne, Ie

menisque lateral est plus sollicite; en efTet, la charge axiale supportee par ce menisque

est superieure a celle supportee par Ie menisque medial alors que durant 1'application

d'une torsion externe c'est Ie menisque medial qui devient plus sollicite. L'analyse

de ces memes regions et forces de contact ainsi que des contraintes aux centroi'des

des elements formant les couches de cartilage articulaire montre que lors de la rota-

tion interne la zone du cartilage tibiale recouverte par Ie menisque est principalement

chargee dans la region centrale pres du bord du plateau lateral alors la zone non

recouverte est chargee plutot posterieurement sur la partie mediale de 1 epine tib-

iale. Similairement, lors du chargement en torsion externe, Ie chargement maximal

est obtenu pres de 1'epine tibiale mediale pour la partie du cartilage non recouverte

de menisque, et posterieurement pres de la zone d'insertion meniscale sur Ie plateau

lateral.

Le chapitre 4 presente en detail la discussion des resultats obtenus. Les resultats de

cette etude concordent d'une maniere globale avec les etudes experimentales presen-

tees dans la litterature, decrivant la cinematique du joint femoro-tibial ainsi que Ie

role des differents ligaments lors de la rotation axiale du femur ou du tibia. Le mod-

ele qui est entre nos mains est Ie seul modele en 3-D dans la litterature qui, base
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sur une geometrie reelle et precise, regroupe tous les constituants importants d'un

genou a savoir: femur, tibia, rotule, menisques et ligaments. Les modeles analytiques

precedents manquent de rigueur quant a la modelisation de quelques aspects me-

caniques necessaires pour 1'accomplissement d'analyses elastostatiques et nonlineaires

d'un modele de genou. Ce modele offre done des avantages par rapport aux mod-

eles existants parmi lesquels: la discretisation en elements finis qui tient compte des

surfaces articulaires necessaires pour 1'analyse nonlineaire de contact, la nature com-

posite (non-homogene) du menisque et 1'enroulement du ligament collateral interne

autour du bord tibial proximal. A cause de 1'articulation multi-compartimentale qui

s'opere dans ce modele, un algorithme de contact plus performant sur Ie plan de

convergence qui tolere un certain niveau de penetration a ete utilise pour accomplir

1'analyse nonlineaire. Le niveau de rafRnement du maillage meme s'il parait etre

adequat pour cette analyse peut etre ameliore sur les surfaces du cartilage articu-

laire pour mieux modeliser Ie contact mais il faut s'attendre dans ce cas a des temps

d'execution beaucoup plus importants. Cependant, Ie modele presente est applicable

aux chargements quasi-statique a court terme et ne considere que la reponse elas-

tostatique du systeme, en negligeant sa reponse transitoire, sa viscoelasticite et les

mouvements de fluide qui s'y operent. De plus, les proprietes de materiaux de tous les

tissus ainsi que les deformations initiates dans les differents ligaments ont ete choisies

dans la litterature et un changement aussi minime que ce soit dans ces parametres ou

bien dans la geometrie du joint peut affecter les resultats obtenus mais on s'attend

a ce que les conclusions de ce travail demeurent valides. L'absence des capsules liga-

mentaires dans cette etude et les differentes conditions aux rives (Tibia fixe et femur

charge) peut egalement affecter les resultats.

Au chapitre 5, les conclusions de ce travail ainsi que des travaux futurs suggeres sont

presentes. Les resultats obtenus lors de cette etude sont d'un grand apport car ils
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nous permettent de mieux comprendre la biomecanique du joint femoro-tibial et plus

particulierement la fonction de chaque ligament quand Ie genou subit des charges de

torsion axiale. Ces connaissances seront sans doute tres benefiques et recherchees

dans d'autres disciplines liees a cette etude comme les etudes des protheses du genou

ou protheses ligamentaires ou encore dans Ie domaine de la prevention et traitement

des maladies et malaises du genou.
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CHAPTER I

INTRODUCTION

The knee is the largest and one of the most complex joints in the human body. It

is particularly prone to injuries and arthiritis. Some of the popular activities such

as skiing, football and running are responsible for thousands of knee injuries each

year. Severe injuries to the knee may result in tears of any or all the ligaments.

In addition, many forms of arthiritis affect the knee joint much more frequently

than other joints. Fortunately, new techniques and early diagnosis as well as more

sophisticated rehabilitation practices have enabled physicians to treat injuries much

more effectively. In many cases, prompt and effective treatment can prevent the

development of serious instability and arthiritis. Hence, a proper understanding of

knee joint biomechanics significantly improves the prevention and treatment of knee

joint disorders and injuries. Moreover, total knee arthroplasty and prosthetic ligament

replacement are two examples that can directly benefit from such knowledge.

1. 1 Biomechanics of the knee joint

It is not the author's intention to present all aspects of the knee joint biomechanics,

but to introduce those parts that are referred to often in this work. Information that

is beyond the scope of this chapter with regard to the function of ligaments, bony

geometry, articular cartilage, menisci, and the musculature is readily available in the

literature (Gray, 1973; Kapandji, 1970). This chapter briefly reviews the biomechanics

of the knee joint directly related to this research.
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The knee consists of two condylar joints, representing the medial and lateral

tibiofemoral articulations, and a sellar joint between the patella and trochlear groove

of the femur (Figure 1. 1) (Insall, 1984). The tibiofemoral and patellofemoral joints

are contained within a single synovial cavity. The tibiofemoral joint relies on mus-

cular, meniscal, and ligamentous support to maintain biomechanical and anatomical

integrity (Figures 1. 2- 1. 6). The knee joint transmits loads, participates in motion,

aids in conservation of momentum, and provides a force couple for activities involving

the leg (Kapandji, 1970). From the mechanical point of view, the knee is a compro-

mise that sets out to reconcile two of the joint almost mutually exclusive requirements,

great stability and mobility (Frankel and Nordin, 1980).
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The traditional description of the tibiofemoral joint is that of a modified hinge joint

with two degrees of freedom. These movements include flexion and extension around

the mediolateral axis, and rotation around a longitudinal axis. However, more re-

cent analyses indicate that the tibiofemoral joint has six degrees of freedom, three

rotational and three translational, occurring around three anatomic axes (Figure 1. 7)

(Goodfellow and O'Connor, 1978). Anatomical axes are vertical (or longitudinal),

transverse and anteroposterior. All joint motions may be described in a three-axis

system (Markolf et al., 1976). Each axis defines one rotation and one translation.

Flexion-extension is the rotation around the transverse axis; medial-lateral tibial

translation shares the same axis. Anterior and posterior translation, or drawer, of the

tibia occurs along the anteroposterior axis; the rotation along this axis is abduction

and adduction of the tibia. Varus-valgus stability is a measure of rotation around

this axis. Internal and external tibial rotation occurs around a longitudinal axis.

Compression and distraction of the joint is the translation along the same axis. A

description of the kinematic movement of the tibiofemoral joint is based, in large part,

on an analysis of the osseous anatomy and indicates that the joint movements are

coupled in a precise and predictable pattern. Knee flexion and extension comprises a

complex series of motions occurring between the femur and the tibia.

Far from being a simple hinge-type joint, rolling, sliding, and axial rotation occur

simultaneously during different portions of the knee's normal range of motion. Com-

parison of the weight bearing surfaces of the femoral and tibial condyles reveals the

femoral surface to be significantly larger than that of the tibia (Miiller, 1983). In

addition to this combination of rolling and sliding, axial rotation also occurs between

the femur and the tibia, especially as the knee nears extension. This rotation is called

the screw-home mechanism (Grood et al., 1984) or automatic rotation (Miiller, 1983)
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10

Examination of the femoral-tibial joint reveals its division into slightly different me-

dial and lateral condyles. The two femoral condyles are asymmetric in shape with the

medial femoral condyle longer and narrower than the lateral femoral condyle. Hence,

during extension, the medial condyle tends to spin, whereas the lateral condyle has a

greater degree of roll and slide. This results in internal femoral rotation, or relative

external rotation of the tibia. Automatic rotation is guided by tension developed in

the anterior (ACL) and posterior (PCL) cruciate ligaments (Figures 1. 8- 1. 9) (Girgis

et al., 1975; Kapandji, 1970; Muller, 1983). Superimposed on this rotation is ante-

rior translation of the tibia. During flexion, the opposite motions occur between the

femur and tibia. Flexion is associated with internal rotation of the tibia, posterior

translation of the tibia, and inferior glide of the patella. During flexion, rotation of

the tibia is initiated by the popliteus muscle ( Markolf et al., 1976; Reider et al.

1981) and continues as allowed by the geometry of the joint surfaces.

Active tibial rotation differs from automatic rotation in that it is caused by muscular

effort instead of passive elements. During voluntary rotation, the axis of rotation

passes through the medial compartment, not the center of the tibia because more

spin and less translation occurs between the medial condyle and plateau as compared

with the lateral compartment. During external rotation of the tibia, the lateral tibial

plateau slides posteriorly. The opposite kinematics occur with internal tibial rotation.

If the cruciate ligaments are damaged, the axis of rotation is displaced within the

medial compartment and may become located out of the joint entirely. This results

in abnormal and excessive motions between the articular surfaces (Noyes et al., 1983).

The menisci (Figure 1.4) perform two mechanical functions. First, they act to main-

tain the joint space by serving as shock absorbers when compressive forces are placed

on the knee (Grood et al., 1984). Second, they improve the congruency of the joint.
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Because the tibial plateaus are slightly convex, the placement of the meniscus in the

medial and lateral compartments provides a concave surface for articulation with the

femoral condyles. This increased congruency improves joint stability (Maquet and

Pelzer, 1977; Walker and Erkman, 1975), and decreases contact stresses on the ar-

ticular surfaces of the knee (Grood et al., 1984; Maquet and Pelzer, 1977; Walker

and Erkman, 1975). The menisci move during flexion, extension and rotation of the

knee. The medial meniscus has more extensive capsular and ligamentous attachments,

therefore, its motion is less than that of the lateral meniscus. During extension, the

menisci are pulled forward. This is accomplished by the meniscopatellar ligaments,

which transmit tension generated by contraction of the quadriceps muscle group.

External rotation of the tibia on the femur causes the medial meniscus to move pos-

teriorly while the lateral meniscus moves anteriorly. The reverse occurs with internal

tibial rotation (Kapandji, 1970). These meniscal motions occur due to the passive

tension generated in the meniscopatellar ligaments and due to geometric restraint of

the femoral condyles (Kapandji, 1970). In total seven contact regions are present in

the knee joint, the meniscus/tibial cartilage, femoral cartilage/meniscus and femoral

cartilage/tibial cartilage contact regions at both lateral and medial compartments, in

addition to femoral cartilage/patellar cartilage as knee flexion progresses.

The musculature surrounding the knee functions to move the joint throughout its

range of motion, often with great strength and power. The knee muscles also pro-

tect the knee by providing dynamic joint stability in support of the passive static

stabilization system. A third function of the thigh/knee muscles is the control of

the weight-bearing forces generated during athletic activities of daily living to reduce

the stress placed on the load-bearing joint surfaces, menisci, and ligaments. Muscle,

ligamentous, and other soft tissue restraints limit range of motion of the knee. Active
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flexion ranges from 125° to 140°, depending on the amount of hip flexion (Kapandji,

1970). Active tibial rotation reaches a maximum of 20° to 25° of internal rotation and

40° of external rotation (Kapandji, 1970). Voluntary tibial rotation does not occur

with the knee extended due to positioning of the tibial spines within femoral condyles

and the angle of insertion of hamstrings (Kapandji, 1970). Axial rotation reaches its

maximal range between 45° and 90° of knee flexion (Kapandji, 1970).

Because motion occurs in three dimensions, the ligaments of the knee must function

to protect the knee in all three planes. The four major ligaments of the knee, the

anterior cruciate (ACL), posterior cruciate (PCL), medial collateral (tibial collateral

or MCL), and lateral collateral (fibular collateral or LCL), provide the primary lig-

ament restraining force to resist abnormal motion. Biochemically, the ligaments of

the knee are composed primarily of Type-I collagen, with variable amounts of elastin

and reticulin. The collagen that makes up the ligaments is grouped into bundles with

characteristic sinusoidal waviness that allows the ligament to elongate or shorten

slightly in an accordion-like fashion to adapt to external stresses. Ligaments are vis-

coelastic materials and their nonlinear time- and history dependent properties have

been described in the literature (Lin et al., 1987; Woo et al., 1981; Woo et al., 1982).

Similar to other soft tissues, the mechanical properties of the ligaments are depen-

dent on age and sex. Noyes and Grood (1976) compared the mechanical properties of

human cadaveric ACL from younger and older human donors. They showed that the

force carried by the ACL decreased markedly with increasing age. The ACLs failed

at an average 1730 N for the younger humans (16-26 years) and only at 734 N for the

older group (48-83 years). Selected material properties, such as elastic modulus and

strain energy density, were shown to significantly decline with increasing age (Noyes

and Grood, 1976). Studies comparing the tensile behavior of the ACL and MCL
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from both animal and human cadaveric models gave conflicting results. Newton et

al. (1990) reported that the modulus of the normal rabbit MCL was nearly twice

that of the ACL. This in contrast to a study of human knee ligaments by Butler et

al. (1986), in which differences between the mechanical properties of the ACL, PCL,

MCL, and LCL could not be demonstrated. A review of the function of the ligaments

of the knee in axial rotation is given in a later section.

The knee joint must provide not only a wide range of motion, but also a sufficient

structural stability to transmit large loads from the femur to the tibia. These two

tasks impose an enormous mechanical burden on the knee joint. Yet throughout a

life span of many decades and millions of loading cycles, the knee joint shows little

or no evidence of wear (Lipshitz and Glimcher, 1979; Mow and Mak, 1986). A major

reason for this is the presence of the almost frictionless articular cartilage bearing

surface (with a coefBcient of less than 0. 01) (Dowson, 1981; Malcolm, 1976; Mow

and Mak, 1986; Unsworth and Dowson, 1975). The extraordinarily low wear rate

and friction coefficient result from the unique composition, structure, and material

properties of the cartilage tissues that enable them to bear and distribute the very

large loads of articulation at the knee (Paul, 1976). In general, at the patellar sur-

face, cartilage thickness ranges from 1 to 5 mm, whereas that at the femoral groove

is generally less than 2 mm. Over the femoral condyles and tibial plateau, cartilage

thickness ranges from 1 to 3 mm (Mow et al., 1990). The ability of the cartilage and

menisci to undergo and withstand large deformations is dictated by their viscoelas-

ticity, toughness, and resiliency which are in turn affected by the composition and

molecular organization of the tissues. These tissues are mainly composed of colla-

gen, proteoglycans, and elastin fibers (Black, 1988; Ewing, 1989; Frankel and Nordin,

1980). The predominant collagen is type I, which accounts for more than 90 % of the
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total collagen content. Depending on their proportions and orientations, these three

elements define the mechanical properties of the tissues. Similar to the cartilage, the

meniscus is a hydrated tissue. Water content contributes more than 70 % of its total

weight (Mow et al., 1990). In terms of the compressive behavior of the meniscus, the

composition of the tissue suggests that it should be considered a biphasic composite

material consisting of a porous-permeable solid phase (Collagen and proteoglycans)

and a flluid phase (water and dissolved electrolytes). The deformational behavior of

the meniscus is that of a fluid-filled, porous-permeable, fiber reinforced composite

solid matrix (Mow et al., 1992). Creep in cartilage and meniscus is caused by a

constant loading that forces the flow and perhaps exudation of interstitial fluid into

the joint space until equilibrium is reached. Equally important is the phenomenon of

stress relaxation that occurs when the tissue is subjected to the action of a constant

deformation. Although the initial stress on the tissue may be high, fluid redistribution

within the tissue allows stress relaxation to occur with time (Mow et al., 1984).

Because of its exposed position in the limb, great functional demands are placed

upon the knee by weight-bearing forces during day to day activities such as walking,

running and jumping. Postak et al. (1992) reported that the axial compressive,

axial torque, anterior-posterior shear, and medial-lateral shear loads can attain 6 to

7 times body-weight, 150 Ib-in (i. e., 17 N-m), 2 to 3 times body-weight, and 1 to

1. 5 times body-weight, respectively. Moreover, Chen and Black (1980) reported that

the ACL is routinely exposed to loads that vary from 70 N while ascending stairs, to

210 N with level walking, to 485 N while descending an incline, and to 630 N while

jogging. This appears to leave significant reserve for ACL protection with routine

activities, however, loads during aggressive athletic activities are yet unmeasured and

are certain to be significantly greater. Hence, being a two-compartment structure,
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located between the body's two largest lever arms, and sustaining high forces, even

with a poor degree of interlocking of the articular surfaces, the knee is susceptible to

injuries and chronic diseases such as dislocation, arthiritis, ligamentous rupture, and

meniscal tear. There is a vast amount of clinical literature that discusses these injuries

and diseases with regard to etiology, pathomechanics, and operative procedures.

Arthroplasty which is the partial or total replacement of the knee by a prosthesis

due to arthiritis (degeneration of the articular cartilage) is required in many cases

to relieve severe pain which has not responded to conservative medical management.

Although the surgical procedure for surface replacement prostheses may sacrifice the

ACL, PCL, or both, it provides motion and stability to the knee, and corrects dis-

abling deformity. Approximately 200, 000 total knee replacements are performed each

year in the United States (Niwa et al., 1992).

With the increasing number of ligament injury cases, most commonly ACL injuries,

there is a considerable research that is being conducted to reconstruct the ligaments

or to replace them with ligament prostheses. Artificial ligaments are used for two rea-

sons. The first reason is to stabilize the knee while an own ligament or a transferred

ligament gains enough strength to support the knee. The second reason is to com-

pletely replace an irreparably torn ligament. In this latter case, an artificial ligament

is used as a last resort, when one's own supporting structures have failed. Artificial

ligaments are of two types: synthetic and biological. They are also divided into two

classifications based on their adaptation to the body: biodegradable and permanent.

The different materials currently being tested include Dacron, polypropylene, bovine

tendon and carbon fibers.
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Meniscal tears in athletes are relatively common and may occur as an isolated injury

or in combination with injury to other structures. Controversy exists over whether

total or partial meniscectomy, excision of damaged meniscus, should be performed.

However, with the better understanding of the important role of the menisci in pro-

viding stability of the knee, this drastic practice is less frequently used nowadays

(Duval, 1989; Hainault, 1974; Niwa et al., 1992).

1.2 Literature review

This review section is divided into two parts: experimental and analytical studies.

The first part deals with the previous experimental works involving the gross load-

displacement characteristics in axial torque, the biomechanical role of the primary

ligaments of the human knee in axial rotation, the techniques used to determine the

contact areas and stresses at the tibiofemoral joint and the meniscal load-bearing

characteristics. In the second part, a condensed review of the analytical models

developed for the analysis of the biomechanics of the tibiofemoral joint.

1. 2. 1 Experimental studies

1. 2. 1. 1 Gross response and biomechanical role of primary ligaments

Historically, suspected ligamentous injury has been evaluated by the investigation

of the gross relative displacement of the tibiofemoral joint under the application of

a specified load to the knee. rantigan and Voshell (1941) measured the angular

rotation of knee-joint specimens by applying a torque of 15 Kgf-cm (i. e., 1. 5 N-m).
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At full extension practically no rotation occurred, but at 90° of flexion axial rotation

ranged from 6° to 24°. Rotations at intermediate flexion angles were not given. Their

research has been guided by the needs of clinical diagnosis. Their goal was to show the

relationship between ligamentous structures and changes in knee joint displacement

during clinical laxity tests when these ligaments are transected. Laxity is usually used

as the opposite sense to stiffness and is defined as the total amount of displacement

under specified loading. Although this methodology has been helpful in interpreting

clinical diagnostic tests, it did not answer many questions regarding the function of

the ligaments. This is partly due to the limitations of their test method. Indeed, their

technique depended on the order of ligament cutting and the relative magnitudes of

the changes in knee stability induced by a ligamentous deficit were difl&cult to quantify.

Instability is defined to be the state of the knee associated with ligamentous deficiency.

Hence, the complexity of the function and of interaction between muscles, ligaments,

menisci, tendons, and other joint soft tissues complicates the interpretation of clinical

tests used to assess their integrity. The importance of proper interpretation of these

clinical tests and the increased interest in the surgical reconstruction of knees with

ligament deficiencies has led to much study of the kinematics of normal and injured

knees and to the development of several techniques and devices to measure the knee

motion more precisely. Plane radiography before and after the application of forces

(Frankel and Burstein, 1971; Kennedy and Fowler, 1971; Torzilli et al., 1981), along

with mechanical systems (Edixhoven et al., 1987; Markolfet al., 1978) have been used

in vivo. In some of these studies (Edixhoven et al., 1987; Torzilli et al., 1981) axial

rotation of the tibia was unconstrained and measured during assessment of anterior

drawer (knee flexed at 90°) and Lachman (knee flexed at 15°) tests, but most of these

studies constrained the joint and measured motions in only one direction. Systems

to measure the complete in vivo motion of the knee have been developed (Markolf et
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al., 1978; Markolf, 1985; Oliver and Coughlin, 1987; Shiavi et al., 1987; Sydney et al.,

1987), but the variations, in part, due to anatomical and physiological diflFerences,

the level of relaxation of the subject, positioning of the measurement devices, and

movement of the devices to the bone or of soft tissue relative to the bone have made

the interpretation of the results difficult.

The literature shows that the most detailed knowledge of knee joint motion during

clinical examinations has been obtained from in vitro tests on cadaveric specimens

which involve direct meaourement of bone motion and allows controlled alterations,

such as sectioning of selected structures, to be carried out in the same specimen for

direct comparison. Moreover, in vitro tests provide indication of ligament function

during the absence of muscular activity which might be expected to occur during a

traumatic mechanism of injury where the external load occurs too rapidly for muscles

to react, with the ligaments providing the only constraint.

Wang and Walker (1974) designed an apparatus (rotary laxity rig and an automatic

Instron loading machine) to measure continuously the tibial torque rotation response

of 27 cadaver knees tested at 25° of flexion. The bones were cut about 15 cm above

and below the joint, and the capsule, quadriceps tendon and ligamentous structures

were preserved. In this study, the tibia was held so that it could move only by rotating

about its long axis and the femur was fixed at 25° flexion angle. The rotary torque

was imposed at the tibia by applying a force with a moment arm. Their results of the

primary laxity, defined as the rotation for a low torque of ± 5 Kgf-cm (± 0. 5 N-

m), and the secondary laxity defined as the additional rotation at the extremes of

motion at the maximum torque applied, demonstrated a wide variation of laxity

occurring in knee joints with no obvious correlation with age, sex, race or body

build. The average values of the primary laxity, the internal secondary laxity, and
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the external secondary laxity when applying ± 50 Kgf-cm (5 N-m) were reported to

be 18. 6°, 6. 96° and 7. 87°, respectively. They also studied the effect of meniscectomy

on axial rotary laxity and concluded that the menisci played a part in controlling

laxity, particularly primary laxity. Moreover, they reported that sectioning of the

cruciate ligaments (ACL and PCL) resulted in an increase in primary laxity that

ranged from 10 to 30 per cent, with an average increase of 23 per cent. Sectioning of

the collateral ligaments (LCL and MCL), however, resulted in an increase in primary

laxity that ranged from 35 to 73 per cent, with an average increase of 49 per cent.

Their studies on the effect of axial loading on laxity concluded that 100 Kgf axial

load reduced the primary laxity to 20 per cent of that at zero load. In this method,

although the relative load-transmitting roles of the ligaments in resisting the axial

torque is determined, the tensions generated in the individual ligaments, and hence

their specific mechanical responses, cannot be established. In another work, Wang

et al. (1973) studied the effect of flexion and internal and external tibial rotation

on the length patterns of the major ligaments of the knee. This approach involved

determination of the length change of ligaments from measurements of the changes in

distance between attachement sites. However, the results of length change are usually

expressed as relative to those measured corresponding to a reference state, e.g., 0°

flexion, of the joint. Since the state of slackness or pretension in the ligaments in

the reference state is not amenable to measurements, the results cannot directly be

interpreted in terms of ligament tension.

Markolf et al. (1976) measured torsional stabilities (stiffness and laxity) of 35 normal

cadaver intact knees (ages ranged from 53 to 73 years) at 0°, 10°, 20°, 45°, 90° and

135° flexion angles using specially designed apparatus in conjunction with manualex-

amination. The muscles and soft tissues were resected to within 12 cm of the joint line
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and the capsule and ligamentous structures were preserved. The femur was clamped

and served as the fixed reference to the torsion tests. Torque levels of approximately

8 N-m were applied manually to the tibia using an instrumented handle. Internal

and external ti ial rotations were measured by a rotary potentiometer aligned with

the long axis of the tibia. All rotation results were recorded with the tibia in a po-

sition of neutral varus-valgus angulation. Because the responses of all knees to all

modes of loading were nonlinear, reflecting increasing stiffness with load, they sub-

stituted a nonlinear response curve with a tri-linear variation and defined the slopes

of linear segments as stiffnesses (one neutral or midrange stiffness and two terminal

stiffnesses) and the horizontal distance between breakpoints as laxity. They studied

the contributions of the supporting structures such as ligaments, capsule, and menisci,

with respect to the torsional stability, by comparing the results obtained subsequent

to the removal of a component with those of the intact joint. Their findings after

sectioning of the medial collateral ligament indicated that it is the most important

structure limiting rotary laxity. External tibial rotation terminal stiffness was not

aflFected significantly by any of the sectioning procedures, while internal tibial rota-

tion stiffness was reduced to 50 to 70 per cent of the intact value at full extension

when the medial collateral was sectioned alone or in combination with the posterior

capsule. Although, this method gave the relative load-transmitting roles of the liga-

ments through their sequential sectioning in terms of the increase in axial rotation of

the tibia, the tensions generated in the individual ligaments, and hence their specific

mechanical functions, could not be established.

Piziali et al. (1977) developed an experimental system to measure the coupled, non-

linear load-displacement behavior of the in-vitro knee joint. Rastegar et al. (1979)

used this system to study the effects of fixed axes of rotation on the torsional load
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displacement characteristics of one in vitro human knee where the axis of rotation

is shifted up to 4. 5 cm medial-laterally, and anterior-posteriorly. Using the stiffness

method, selected displacements (axial rotation in this case) of the joint are imposed

and changes in the forces and moments required to create those displacements are

recorded. Piziali et al. (1980) utilized the foregoing experimental system to determine

the contribution of the cruciate ligaments to torsional load-displacement character-

istics and the effect of the condylar interference on torsional loads of one cadaveric

human (23 year-old male) knee at full extension. Using the stiffness method, they

modeled the knee by a 12 x 12 beam stiffness matrix. The axial rotation was applied

across the joint and the resulting forces and moments at each end of the joint were

measured using six-degree-of-freedom dynamometers attached to the tibia and the

femur. They concluded that the contribution of condylar contact to torsional loads

were negligible and the cruciate ligaments did not interfere with each other during

external tibial rotation and supported negligible loads. However, for internal tibial

rotation, they found out that the cruciates carried a considerable portion of the tor-

sional load as they wind around each other. For these studies, all applied rotations

were about a single axis which was centered medial-laterally and anterior-posteriorly.

Through use of the same technique, Seering et al. (1980) studied the function of the

cruciate and collateral ligaments, capsule and the popliteus tendon of two cadaveric

human knee joints during axial rotation at 0° and 30° flexion angle using the method

of sequential sectioning. The loads that they applied were relatively high (34 N-m

to 47 N-m), near the estimated failure levels of the ligaments of the knee joint. At

these load levels, they found out that for both 0° and 30° flexion angles of the knee,

the medial collateral ligament was more important in resisting internal tibial rotation

than external tibial rotation. From these results, they concluded that over this range

of flexion the attachment of the medial collateral ligament on the femur was anterior
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to its attachment on the tibia. It is important to note that these studies were per-

formed on single specimens, and while they are informative, their results cannot be

considered as average values. Although, these studies identified the load-transmitting

roles of the ligaments, they were not able to determine the tensions generated in the

individual ligaments.

A direct relationship between the stress exerted in the ligaments and the displace-

ment of the tibia relative to the femur has been difficult to determine quantitatively,

although many investigators have been trying to do so. To overcome this difficulty

several investigators have used the direct stiffness measurements in the ligaments.

Buckle transducers were introduced by Salomons (1969) and have been used to mea-

sure forces in selected fiber bundles of the anterior cruciate ligament (Ahmed et al.,

1986, 1987; Barry and Ahmed, 1986; Lewis and Shybut, 1981; Pauolos et al., 1981).

Lewis et al. (1985) studied the biomechanical function of the four major cruciate

and collateral ligaments by measuring the in vitro ligament forces of seven cadaveric

human knees for ± 3. 7 N-m range of external-internal tibial torque at 0°, 20°, 45°,

and 90° flexion angles. In their studies, all soft tissues were removed except the lig-

aments, capsular structures, and patellar complex, the femur was clamped, and the

tibia was free to rotate about its long axis. Their findings concluded that the antero-

medial band of the anterior cruciate ligament was highly loaded during internal tibial

rotation near extension (85 N at full extension and 77 N at 20° flexion at 3. 7 N-m),

the posterior half of the posterior cruciate ligament was only loaded at 90° flexion at

± 3. 7 N-m, the medial collateral ligament was highly loaded during internal-external

rotations throughout the flexion range (27 to 47 N in internal rotation and 80 to

77 N in external rotation), and the lateral collateral ligament was highly loaded dur-

ing external rotation throughout the flexion range (94 to 77 N). Lewis et al. (1982)
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also used the same technique to measure the in vivo collateral ligament forces in the

stifle (knee) joints of living dogs during functional activities. The main purpose of

this study was to demonstrate the close intercation between muscles and ligaments

that occurs during in vivo function. Direct measurements of ligament strain have

been reported using mercury-filled strain gauges that were sutured to selected liga-

ment fibers (Edwards et al., 1970; Kennedy et al., 1977). Fiber strain measurements

also have been reported by attaching to the ACL miniature Hall-efFect transducers

having sharp barbs that penetrate into the ligament (Arms et al., 1984; Renstrom

et al., 1986). Arms et al. (1984) measured the strain in the ACL during a series of

passive (no muscle contraction) and active (with simulated quadriceps contraction)

tests of knee flexion with and without varus, valgus, and axial torques on the tibia.

In addition to inherent limitations of the transducers, uncertainties due to ligament

preshortening and inability to measure tension in ligaments with nonuniform cross

section, the localized measurements of ligament strain cannot be correlated with total

ligament force due to the fact that specific bands of the ligament are tensioned at

different portions of the loading cycle.

Askew et al. (1988) conducted a study involving 15 fresh cadaveric specimens. The

shaft of the femur was placed in a clamp secured to a GENUCOM machine, modified

for in vitro testing. This machine incorporates a six-degree of freedom spatial linkage

to measure the motion of the tibia relative to the femur and a three-dimensional

load cell to measure the forces and moments applied to the tibia. Flexibility tests

simulating clinical laxity examinations involving internal-external axial rotations and

axial torques were carried out at 0°, 30° and 90° of flexion. Again, although this

study was able to measure the load-displacement response of the knee joint, it did

not determine the tensile forces generated in the individual ligaments and hence their

biomechanical role.
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Recently, Markolf et al. (1990) used a completely new experimental approach to

the direct measurement of the total resultant force within the ACL of seventeen

cadaveric knees during internal-external tibial torques of 10 N-m applied manu-

ally at different flexion angles of 0, 10, 20, and 45 degrees. The base of the lig-

ament s tibial attachment was mechanically isolated with a coring cutter, and a

specially designed load-transducer was fixed to the bone-plug that contained the

ligament s tibial insertion so that the forces were directly measured by the load-

cell. In their tests, the femur was clamped and the angle of flexion was set in a

way that allowed unconstrained rotation of the tibia as torque was applied. These

authors concluded that at any level of torque, internal tibial torque always gen-

crated greater forces in the ACL than did external torque and that the forces in

the ACL that were generated by application of both internal and external tibial

torque increased as the knee was extended (ACL force ranged from 80 to 10 N

at 0° to 10° flexion angles respectively and was less than 10 N for flexion angles

greater than 10°). The total laxity, defined as the tibiofemoral rotation between

10 N-m of internal and external tibial torque, averaged 23. 6 degrees at full extension

and 37. 2 at 20 degrees of flexion. More recently, Wascher et al. (1993) used the

same technique developed by Markolf et al. (1990) to measure the total resultant

force in the posterior cruciate ligament of nine cadaveric knees at 0, 10, 20, 45, 60,

80, and 90 degrees of flexion. Total internal-external rotational laxities were given at

± 8 N-m of applied tibial torque at each angle of flexion before and after installation

of load cells to quantify the effects of the presence of the load cell on laxity of the

knee. Wascher et al. (1993) concluded that the mean force generated in the posterior

cruciate ligament by application of internal tibial torque was greatest at 90 degrees of

flexion and progressively decreased as the knee was extended to 45 degrees; at angles

of knee flexion of less than 45 degrees, the mean force in the PCL remained low, with
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the exception of a slight elevation at full extension. However, external tibial torque

generated measurable force in the PCL in only 8 of the 18 specimens (less than 30 N

at 5 N-m), and only at 80 and 90 degrees of flexion of the knee. The major sources of

error of this method are related to the cross-talk between the three channels of force

components of the load-cell which may cause the calculated resultant forces to vary

with the direction of the pull, and to the motion of isolated base of the ligament with

respect to the tibial plateau. Non-contacting movements of the plugs of bone, due to

cantilievered deflections of the load cell construct, also present a potential source of

error.

Bach et al. (1995) measured the strain in the posterolateral bundle (PLB) of the

anterior cruciate ligament (ACL) at different flexion angles (-10° to 120°) using a

liquid metal strain gauge (LMSG) implanted along the posterior fibers of the PLB.

Six degree of freedom displacements were monitored along with applied 5 N-m of

internal-external axial torque to 5 intact knee specimens (mean age 44. 2 years) at

15° of flexion. These authors also studied the effects of the capsule incision on the

internal-external axial rotation of the knee at 15° of flexion and concluded that the

incisions had no significant effect on the axial torque-rotation mechanics of the knee

joint. However, one major concern with this method is the fact that the gauge

attachment might not be sufficient to accurately measure the strain in the PLB.

1. 2. 1. 2 Contact areas and stresses in the tibiofemoral joint

In light of the emerging evidence regarding the adverse long-term consequences of

total meniscectomy, the high incidence of degenerative changes at the tibiofemoral

articulation has become a great source of clinical concern. In spite of the existence
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of well-accepted values of the resultant force magnitudes in the major ei ht bearing

joints, much remains to be learned concerning the distribution of these forces across

the contact surfaces. Solving this distribution problem is of great importance because

abnormal intraarticular load transmission is widely implicated in the initiation and

progression of osteoarthiritis. Menisci have often been considered worthless, and

a meniscal tear has been an indication of a prompt meniscectomy. However, recent

clinical evidence has shown that degenerative change of the articular cartilage is more

likely to occur after meniscectomy. Hence, quantifying the role of the menisci to load

bearing across the joint is crucial for its clinical implication in osteoarthiritis of the

tibiofemoral joint.

The first investigations, undertaken specifically to determine the meniscal load-bearing

characteristics, considered measurement of the tibiofemoral contact area. It was ar-

gued that load transmission across the menisci would be indicated if the measured

contact area included the surface normally occupied by the menisci. Walker and

Hajeck (1972) were the first to measure the location and size of the contact areas

in cadaver knee joints. They considered knee flexion angles from 0° to 120° using a

casting of bone cement. Average contact areas for lateral and medial condyles were

found to be 1.4 and 1. 8 cm2, respectively. Kettelkamp and Jacobs (1972) also mea-

sured the tibiofemoral contact area in vitro using a roentgenographic method. The

method consisted of determining the area of articular-surface contact by measuring

the radiolucent area on the roentgenogram of a minimally loaded (30-80 N) knee joint

that was surrounded by contrast medium. The measurement was limited to the first

35° of flexion. The mean lateral and medial contact areas were found to be 2. 97 and

4. 68 mm2, respectively, which are more than two times larger than those of walker

and Hajeck (1972). Maquet et al. (1975) performed similar experiment but applied a
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much greater compressive load (2200 N) across the joint, selecting loads to correspond

with estimated peak loads during walking. The measured tibiofemoral contact area

ranged from 20 cm2 at full extension to 11 cm2 at 90° flexion. However, when the

menisci were removed, the corresponding contact areas decreased to only 12 cm2 and

6 cm2, respectively, indicating a substantial load transmission across the menisci.

Walker and Erkman (1975) used a conventional miniature force transducer to measure

the relative magnitudes of the local force at various points on the tibial plateau. These

authors obtained results corresponding to a sequential increase in joint compressive

load up to 1500 N. Although exhibiting considerable variation, their results demon-

strated load transmission across the menisci. Fukubayashi and Kurosawa (1980)

measured the contact area and pressure distribution of the tibiofemoral joint under

various loads and at 0° flexion using the casting method and pressure sensitive color-

forming films (Prescale or Pressensor, Fuji Film Co. Ltd, Japan). At a load of 1000N,

the menisci occupied 70 % of the total contact area, and peak pressure magnitudes

with and without menisci were 3 and 6 MPa, respectively. The high pressure areas

were located on both the meniscus and uncovered cartilage in the lateral compartment

and only on the uncovered cartilage in the medial. The contact areas in osteoarthiritic

knees were found to be significantly larger than those in normal knees.

Seedhom and Hargreaves (1979) determined the meniscal load-bearing using an ap-

proach involving the comparison of the compressive load-deformation properties of the

knee joint measured with and without the menisci. They used an analytical model of

load transmission across the knee joint to interpret the results. They concluded that

an individual meniscus transmits 70 % to 99% of the load acting on the respective

knee compartment.
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Using a new plastic microindentation transducer, Ahmed and Burke (1983) measured

static pressure distribution on the tibial plateau, as well as the fraction of load trans-

mitted through the menisci. The study was carried out at various flexion angles of the

knee, with the joint being subjected to various compressive forces, with or without

an initial passive relative displacement between the joint members, i.e., an internal-

external rotation or anterior-posterior shift. They indicated that a significant fraction

of the joint compressive load was transmitted through the menisci (at least 50 % of

the total load) and that total meniscectomy causes a drastic alteration in the pressure

distribution on the tibial surface. Brown and Shaw (1984) measured contact stress

distribution across the tibiofemoral joint by using arrays of miniature piezoresistive

transducers inset superficially in the cartilage of the femoral condyles. For the intact

joint, the contact stresses rose approximately linearly with the applied loading. The

load allocation was higher in the medial compartment, 60. 4 % for the intact knee and

61. 4 % for the knee following meniscectomy.

More recently, Ateshian et al. (1994) used a stereophotogrammetry (SPG) system

for determining contact areas in diarthrodial joints. This method consists of evalu-

ating the proximity of the articular surfaces to determine joint contact areas using

precise geometric models of the joint surfaces obtained from the SPG system, and

precise kinematic data, also obtained from SPG. In their study, they compared the

SPG method to other commonly used methods such as dye staining, silicone rubber

casting and Fuji film contact measurement techniques which have often been used and

reported by other investigators. These methods yielded consistent contact patterns

for the incongruent tibiofemoral articulations.

Bylski-Austrow et al. (1994) studied the displacement of the menisci under joint

compression combined with internal-external torques and anterior-posterior forces at
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fixed flexion angles (0, 15 and 30 degrees). In their work, nine cadaveric knee joints,

in which the capsules, ligaments (except the LCL), articular cartilage, and menisci

were intact, were used. Meniscal displacements were measured radiographically. Au-

thors argued that the changes in position of the menisci would directly affect previous

estimates of the location and magnitude of high stresses on the menisci and articular

surfaces of the tibia and femur. Their results indicated that no radial displacement

was observed when increasing joint compression alone from 250 to 1000 N. With the

addition of external tibial torque to the compression, the lateral meniscus moved

anteriorly with respect to the tibial plateau. With an internal torque, the lateral

meniscus moved posteriorly. The medial meniscus moved anteriorly with internal

rotation and posteriorly with external rotation. These meniscus displacements are

measured with respect to the tibia. These authors also indicated that the relation-

ship between mean anterior-posterior meniscal displacement components and tibial

internal-external rotations was highly linear for both menisci. Increasing flexion angle

from 0° to 30° tended to increase the meniscal displacements. However, this method

had a number of limitations. The menisci were treated as rigid bodies while they are

actually deformable fibrocartilage tissue. Moreover, removal of the LCL, probably

eliminated some restraints to joint motion and therefore influenced meniscal motion.

1. 2. 2 Analytical model studies

Historically, researchers working on the mechanics of the human knee joint have

primarily focused on experimental studies, a trend that continues to persist. More

recently, with the development of more powerful computers which have made possible

to analyze more complex models, computational tools have been used in order to

obtain a better understanding of the complicated biomechanical behavior of the knee
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joint. Proper interpretation of experimental results, quantitative investigation of

the knee joint mechanisms, evaluation of surgical and diagnostic procedures, and

the design of artificial joints are some of the likely areas benefiting from such model

studies. Furthermore, parametric alteration of the input data can be used to simulate

a wide range of possibilities with clinical relevance.

In 1970, Edwards et al. developed a three-dimensional kinematic model to determine

the length of the cruciate and collateral ligaments. In this model, the motion of

the femur with respect to the tibia was described only by three degrees of freedom:

axial tibial rotation, flexion, and a translation in the proximal-distal direction. All

ligaments were assumed to be straight line segments, except for the medial collateral

ligament which was divided into two straight line segments to account for wrapping

around tibia. Crowninshield et al. (1976) extended Edwards's model by dividing

the cruciate, collateral, and capsular ligaments into 13 elements. They added two

additional motion components to the three utilized by Edwards et al. (1970); these

two degrees of freedom were a varus-valgus rotation and a translation in the anterior-

posterior direction. In addition to predicting length changes, the model developed

by Crowninshield et al. was also used to determine changes in joint stiffness with

flexion and selected ligament cutting. Crowninshield et al. assumed all ligaments

had material properties identical to the medial collateral ligament. Furthermore, all

ligaments were assumed to be strained to a maximum of 5% during passive flexion

Wismans et al. (1980) developed a three-dimensional analytical quasistatic model

of the knee joint that took into account the ligaments, capsule, and joint surface

geometry; however, the menisci were neglected in their model. The tibia was fixed

while the orientation of the femur was defined using Euler angles. The model was

based on moment and force equilibrium of the femur relative to the tibia. Their model



33

defines the ligaments and the capsule using seven nonlinear springs and the joint

surfaces by polynomials for three-dimensional geometry. In this model, the flexion-

extension motion was simulated by prescribing several flexion-extension angles. The

dependent variables of the problem, including the ligaments forces, are determined

from the equilibrium equations and the geometric compatibility conditions. Contact

areas between the femur and tibia were reduced to two contact points, and it was

further assumed that both the lateral and the medial articulating surfaces were always

in contact with each other. The model was limited since varus-valgus motions that

produce separation between a plateau and its opposing femoral condyle could not be

analyzed.

Grood and Hefzy (1982) derived analytical expressions describing the nonlinear, cou-

pled stiffness characteristics of the knee at a given joint position using the method of

matrix structural analysis. In a later work, Hefzy and Grood (1983) extended their

model to introduce two forms of geometric nonlinearities: ligaments wrapping around

the surfaces and wrapping of ligaments around each other. The path of the ligament

was determined by requiring it to take the shortest distance between insertion sites.

The condition of static equilibrium was used to calculate the force acting on the

bone at the auxilary nodes. To model the wrapping of ligaments, they used analytic

geometry to determine whether wrapping exists or not.

Andriacchi et al. (1983) developed a three-dimensional quasistatic model of the knee

joint for the purpose of simulating the effect of ligamentous reconstruction surgery.

In this model, the proximal tibia and the distal femur were taken as two rigid bodies.

The ligamentous structures were idealized as 21 linear springs using finite element

methods. The menisci were modeled as two shear beam elements having shear, bend-

ing and axial stiffnesses. Ten hydrostatic elements resisting only forces perpendicular
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to their surfaces were selected to represent the contact surfaces. These elements were

arranged in two rows along the medial and lateral condyles. Each hydrostatic element

was a three-dimensional eight node brick element having four nodes attached to the

tibia and four nodes to the femur.

Moeinzadeh et al. (1983) developed a two-dimensional dynamic model considering

motion in the sagittal plane only. They described the relative dynamic motions be-

tween the femur and tibia and the forces in the joint. The tibia and femur were

modeled as rigid bodies with the femur being fixed. Only the two cruciate and the

two collateral ligaments, modeled as nonlinear elastic elements, were considered. The

profiles of the femoral and tibial articular surfaces were measured from X-rays using

a two-dimensional sonic digitizing technique. In their formulation, Moeinzadeh et al.

(1983) combined the three equations of motion of the tibia with the contact condi-

tion and the geometric compatibility of the problem to obtain a set of six nonlinear

differential equations with six unknowns which were solved using Newton-Raphson

iterative technique. Wongchaisuwat et al. (1984) presented another two-dimensional

anatomical dynamic model to analyze the planar motion between the femoral and

tibial contact surfaces in the sagittal plane. In their model, the authors considered

the tibia as a pendulum that swings about the femur. Newton-Euler equations were

then used to formulate the gliding and rolling motions.

Essinger et al. (1989) developed a three-dimensional mathematical knee model in

order to evaluate the mechanical behavior of three commercially available knee pros-

theses: The Total Condylar (Howmedica Inc., Rutherford), the P. C. A. (Howmedica

Inc., Rutherford), and the Freeman-Samuelson (Protek AG, Bern). The model was

based on the total energy minimization principle and took into account the articular
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surfaces and a simplified patellofemoral joint. Because this model was oriented to-

ward the evaluation of condylar-type knee prostheses, the tibial and femoral surfaces

were defined as deformable and rigid, respectively. In this model, the menisci were

not considered and friction was neglected. Their model simulated knee prostheses

behavior during flexion under physiological loading conditions by applying half of

the average body weight (400 N) on the proximal femur. This model generated the

kinematics of the joint, the motion of the center of contact, the quadriceps forces, the

pressure distribution on the tibial plateau, and ligament lengths and forces between

0° and 120° of flexion angle.

Garg and Walker (1990) also performed a model study in order to quantify the effect of

tibial surface geometry and component placement of a prosthesis on ligament length

change and maximum achievable range of motion. Despite the various computer

graphics presented, the bone geometry was described in qualitative way. The tibial

surfaces generated were used in the simulation to calculate the ligament length change

as a function of knee flexion angle and the maximum achievable range of motion.

Blankevoort et al. (1991) examined the problem of rigid contact in the knee model.

They tried to determine how the experimental verification of the knee model was

affected by the parameters of the contact and surface descriptions, i. e., the different

polynomial approximations of the tibial surfaces, the rigid and deformable contacts,

the linear and nonlinear deformable contacts, and the variation of the elastic modu-

lus of the linear deformable surface description. They indicated that the curvature

distributions had a second-order effect on the relevant mechanical variables, except

for plane approximation; there was no need for a more precise assessment of the

cartilage elastic modulus as values between 2. 5 and 20 MPa did not dramatically af-

feet the passive motion characteristics; and finally that the introduction of nonlinear
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deformable contact did not prove to be of any importance when moderate loading

conditions were assumed. Later, Blankevoort and Huiskes (1991) incorporated the

model proposed by Hefzy and Grood (1983) for ligament-bone interaction into the

above mentioned model and evaluated the eflFect of the bone intercation with the

medial collateral ligament on the axial and valgus rotations of the knee.

Loch et al. (1992) performed a theoretical model analysis to determine the role of the

ACL and the cartilage layer in the knee joint stiffness. In their study, the knee was

modeled with a generalized stiffness matrix to account for the structure, except the

ACL and the contact surfaces; the ACL and cartilage layer were treated separately.

The knee stiffness matrix for the specified condition was measured experimentally

for the human knee in vitro. The model was linear and valid for small motions

about the equilibrium position in which the stiffness was measured and a perturbation

technique was applied. Only qualitative documentation was given with the results of

the simulation.

Recently, Abdel-Rahman and Hefzy (1993) developed a two-dimensional dynamic

model of the knee joint to simulate its response under sudden impact. The knee

joint is modeled as two rigid bodies, representing a fixed femur and a moving tibia,

connected by 10 nonlinear springs representing the different fibers of the cruciate

and collateral ligaments and the posterior part of capsule. In this analysis, the joint

profiles were presented by polynomials. Model equations include three nonlinear

differential equations of motion and three nonlinear algebraic equations represent-

ing the geometric constraints. A single point contact was assumed to axist at all

times. Numerical solutions were obtained by applying Newmark method and the

Newton-Raphson technique. Knee response was determined under sudden rectangu-

lar pulsing posterior forces applied to the tibia. Later, Abdel-Rahman and Hefzy
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(1993) developed a three-dimensional dynamic model for the tibiofemoral joint. The

model consists of two body segments (the femur and the tibia) in contact which are

executing a dynamic motion within the constraints of ligamentous forces. Each of th

articular surfaces at the tibiofemoral joint were represented by a separate mathemat-

ical function. The joint ligaments were modeled as nonlinear elastic springs. The six

degrees of freedom joint motions were characterized using six kinematic parameters,

and ligamentous forces were expressed in terms of these six parameters. Knee re-

sponse was studied by considering sudden external pulsing loads applied to the tibia.

Model equations consisted of differential equations coupled with nonlinear algebraic

constraint conditions. These equations were also solved using the Newmark and then

the Newton-Raphson iteration technique. More recently, Turner and Engin (1993) in-

traduced a two-dimensional three body-segment dynamic model of the human knee.

The model includes tibiofemoral and patellofemoral articulations, the cruciate and

collateral ligaments and the patellar ligaments. The tibiofemoral and patellofemoral

contact forces as well as forces in various ligamentous structures were determined for

the extension of the knee under impulsive action of the quadriceps femoris muscle

group.

As for the finite element model investigations, to the author's knowledge, the only

realistic finite element model of the entire knee joint was recently developed by Bend-

jaballah et al. (1995) to determine the response of the tibiofemoral joint in full

extension under axial forces of up to 1000 N applied to the femur. This model is

employed in the current work to study the biomechanics of the tibiofemoral joint un-

der axial rotation and, hence, is described in more details in the subsequent chapter.

A few model studies of the menisci have also been performed assuming simplified

axisymmetric geometries for the normal condyles, tibial plateau, and menisci with no
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consideration of any of the cartilage layers or of ligamentous contribution (Hefzy et

al., 1987; Sauren et al., 1984; Spilker and Donzelli, 1992; Tissakht et al., 1989; Tis-

sakht and Ahmed, 1990). More recently, using similar axisymmetric geometries, an

analysis has been carried out considering femoral and tibial articular cartilage layers

of uniform thickness (Tissakht et al., 1994).

1.3 Shortcomings of the analytical studies

The literature review demonstrates that no realistic three-dimensional anatomical

knee model which includes both tibiofemoral and patellofemoral joints has yet been

developed. This is a reflection of the fact that the knee is one of the most complex

joints in the musculoskeletal system. Furthermore, the previous analytical studies

have not taken into account some of the mechanical features essential for a non-

linear elastostatic model study of the knee joint. These essential features involve the

complex three-dimensional kinematics of both tibiofemoral and patellofemoral joints,

the presence of cartilage layers and menisci with accurate articular geometries, the

non-linear response including large displacement articulation between cartilage layers

of tibia, femur, and patella with each other as well as with the menisci, and the

presence of the primary ligaments including the wrapping mechanism of the medial

collateral ligament. The results of previous model studies should, hence, be critically

evaluated in light of their underlying assumptions. Incorporation of the above features

is essential for the accurate prediction of response under various loading conditions.

However, such detailed calculation requires the use of advanced computer techniques

for both the geometric construction and subsequent stress analysis.
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1.4 Objectives

In this research, a realistic three-dimensional model of the entire human knee joint

including femur, tibia, patella, cartilage layers, menisci, and joint ligaments developed

by Bendjaballah et al. (1995) along with a nonlinear finite element package program

(Shirazi-Adl, 1989-a) are used to investigate the response of the tibiofemoral joint,

neglecting the patellofemoral joint, at full extension under internal-external femoral

torques. The first objective of this study is to attempt to isolate and assess the roles of

the major ligaments (cruciates and collaterals) in resisting internal-external torques,

with and without axial compression force, at full extension by analyzing and compar-

ing patterns of change in the femoral axial rotation as well as in the total resultant

ligament forces upon selective sectioning of particular ligaments. The second ob-

jective involves the prediction of regions of contact and the determination of contact

forces transmitted through the femur/meniscus, femur/tibia, and meniscus/tibia con-

tact regions at both lateral and medial compartments as internal-external torques are

applied on the intact knee joint. In meeting these two objectives, it is expected that

the knowledge gained in the course of this research will enhance our understanding

of the biomechanics of the tibiofemoral joint, particularly the function of the liga-

ments in axial rotation, which will then be beneficial in the total knee arthroplasty,

prosthetic ligament replacement as well as treatment and prevention of knee ligament

injuries.

1. 5 Organization of thesis

To help the reader form an idea about the organization of this thesis, a chapter-

by-chapter preview follows. Chapter 2 presents the formulation and finite element
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modelling of the tibiofemoral joint including details of the finite element m hes,

tibiofemoral joint component material properties, loading and boundary conditions

and the variables considered in the analysis. Chapter 3 presents the results of the

analysis. Chapter 4 is devoted to the discussion of the validation and implications of

these results, including the function of the ligaments and the contact regions of the

knee joint in axial rotation. Limitations of the model and their likely influence on

results are also assessed. Finally, conclusions of this study and recommendations for

future work are specified in Chapter 5.
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CHAPTER II

METHOD

2. 1 Introduction

Knee joint biomechanics are characterized by moving contacts between soft tissue lay-

ers separated by a thin layer of synovial fluid. These problems include the multibody

contact between the tibial articular cartilage, femoral articular cartilage and menisci,

the sliding contact between the retropatellar articular cartilage and the femoral car-

tilage, and the wrapping mechanism of the medial collateral ligament around the

proximal medial bony edge of the tibia. The complexity of such problems requires

implementation of sophisticated numerical methods for solutions.

The finite element method is ideally suited for obtaining solutions to knee joint con-

tact problems. This has been facilitated by powerful computers which have made it

possible to handle more complex models. However, most finite element analyses have

been applied to the study of hard tissue structures, as it relates to prosthetic devices.

Finite element formulations involving applications to soft tissues (Hefzy and Grood,

1987; Sauren et al., 1984; Spilker and Donzelli, 1992) have been presented recently;

however, a full nonlinear three-dimensional finite element analysis of the entire knee

joint of realistic geometry remains a computationally challenging task.
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2.2 Formulation

Due to the complex three dimensional kinematics of both tibiofemoral and

patellofemoral joints, the presence of cartilage layers and menisci; the nonlinear re-

spouse including large displacement articulation between cartilage layers of tibia,

femur, and patella with each other as well as with the menisci, the nonhomogeneous

composite nature of the menisci, and the presence of wrapping mechanism of the me-

dial collateral ligament around the bony edge of the tibia, the problem of knee joint

biomechanics is intrinsically nonlinear and hence nonlinear three-dimensional analy-

sis is required. The moving contact problem between different articular surfaces will

require that contact conditions be incorporated into the finite element formulation.

Initially, the analysis was carried out using the nonlinear finite element computer

program ADINA (ADINA, 1992) which has algorithms for nonlinear static and dy-

namic (frictionless contact only) analysis of large deformation frictional contact prob-

lems. These algorithms are based on the the formulations developed by Bathe and

Chauhdary (1984). ADINA offers two contact solution algorithms:

Algorithm 1 uses constraint functions to enforce all contact conditions at the

contactor nodes. In this algorithm, only the contact conditions of the contactor

nodes are considered. The compatibility of the incremental contactor surface

displacements and the incremental target surface displacements is only enforced

at the discrete locations corresponding to the contactor nodes.

Algorithm 2 uses Lagrange multiplier approach to enforce that, in the region

of contact, the contactor surface displacements are compatible with the target

surface displacements. The developed contact forces are calculated directly from
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the external loads, inertia force and the nodal point forces equivalent to the

current element stresses. Coulomb's law of friction is enforced by first evaluating

the distributed surface tractions from an estimate of the contact forces and then

updating the tractions corresponding to the conditions of sticking and sliding
contact.

As a first attempt, Algorithm 1, was used to determine the incremental response of

the tibiofemoral joint in full extension under axial forces of up to 1000 N applied

on the femur. The purpose of this analysis was to compare results obtained by

Bendjaballah et al. (1995) and those using ADINA program. A Comparison of

both results showed a difference in the values of contact forces and displacements.

However, since Algorithm 1 does not enforce the frictional conditions (frictionless

contact in our case) over the contact surface segments, high tangential stresses (of

the same magnitude as normal stresses) were generated causing distortions of the

articular contact segments. One way to fix this problem would be to refine the mesh

by making the contact surface segments smaller, however this could not be feasible

due, at least in part, to the relatively large amount of computational time and memory

size required to set up and solve the necessary equations. A second attempt was made

using Algorithm 2 which enforced the frictional conditions at the contact segments;

however, although the convergence criteria (force and moment) were satisfied, the

ADINA program failed to converge during the incremental analysis. This might be

due to the inner loop of iterations which Algorithm 2 contains for robustness of the

scheme. No information regarding the inner loop iteration is printed out and the user

has no control over these iterations.

In view of these fruitless preliminary attempts, an in-house nonlinear finite element

package program developed by Shirazi-Adl et al. (1986, 1987, 1989-a, 1989-b) was
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used to perf rm the static nonlinear finite element analysis of the the tibiofemoral joint

in axial rotation. Since the details of the formulation of the nonlinear finite element

program are available in the literature (Shirazi-Adl, 1984), only a brief review of the

analytical formulation is presented in this section.

Since the nonlinear finite element formulation of the in-house package program was

extensively used in spinal studies, it is capable of dealing with both geometrical and

material nonlinearities and large displacements and strains. The formulation is based

on the well-known Updated Lagrangian (U. L. ) approach in which the equations of

equilibrium for the next increment of deformation are expressed with respect to the

continually updated configuration of the structure (Shirazi-Adl et al., 1986). The rate

equations of equilibrium expressed with respect to a reference configuration, described

by Cartesian coordinates a,, can be written in the following virtual equation form:

^ SijSv^idv = /_ T, ^ri5 + / FiSvidV
v ^ srp ^v

(2. 1)

where Ti = s^nj and F, = -Sj, j are respectively the traction and body forces and Sy

is the unsymmetric nominal stress tensor (Shirazi-Adl et al., 1986). The superimposed

dot indicates the partial derivative with respect to the infinitesimal increment of

a time-like parameter deformation. Svi are arbitrary virtual velocity components

and St refers to the part of the reference surface on which tractions are prescribed.

Substitution of Sy in Equation 2. 1 by the Jaumann invariant stress rate, T^ of the

KirchhoflF stress r,j , and taking the current configuration as the reference for the

following increment, a, = xi, results in the following:

Elj kiDkLSDijdV + ^[-a. kDkj - Dikakj + CTikVj^}
v JV

6v^dV= I TiSvidS+ I Fi6vidV
v

(2. 2)
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For the bulk elements, E^i can be expressed as follows:

E

'i3kl = Y^lsi ks]l + 
^ _ ^ 

SijSkl] (2. 3)

where E and v are the Young's modulus and Poisson's ratio of the material, respec-

lively. This constitutive relation defines a hypoelastic material with no dependence

on the current state of stress and the deformation history. To account for the large

relative displacements at the articulating surfaces, Shirazi-Adl et al. (1986) developed

a method for employing continuous examination of the possibility of contact between

the contacting surfaces. After each increment of the load, the perpendicular distance

is computed between a set of points on the contactor surfaces and triangular plane

elements on the target surfaces. If the perpendicular distance of a point is found to be

smaller than a specified gap-limit and furthermore if its projection on the plane of the

same lower triangle is found to be inside the boundary, then it is assumed that contact

has occurred at the point examined. The frictionless contact constraint is modeled

by generating an element for the next increment of the load. This link element is

assumed to possess nonlinear stress-strain characteristics which yield high stiffness in

compression but none in tension. The stiffness in compression increases as the per-

pendicular distance between two surfaces decreases. As for the problem of nonlinear

wrapping mechanism of the MCL around the proximal medial bony edge of the tibia

and its peripheral attachments to the medial meniscus, a nonlinear finite element

technique that analyzes the wrapping of uniaxial elements around general solid body

edges developed by Shirazi-Adl (1989-a) was used. In this formulation, The body

edges may be fixed or allowed to deform during the course of loading. This formu-

lation accounts for both large displacements and large strains. Shirazi-Adl (1989-a)

approached the problem of wrapping uniaxial elements by developing an incremental

stiffness matrix for the whole wrapping element which accounts for the change in the



46

direction of the element caused by the contact with the rest of the structure. In this

manner, the degrees of freedom of all the nodes (end and contact nodal points) are

coupled assuring identical axial force in the sub-elements. A detailed description of

this formulation is readily available in the literature (Shirazi-Adl, 1989-a).

2. 3 Geometry and mesh

Merging computer-assisted tomography, direct digitization and measurements, Bend-

jaballah et al. (1995) reconstructed the detailed geometry of an entire human knee

joint specimen of a 27-year-old woman. The finite element model is briefly outlined

for the sake of completeness.

A rigid body representation was considered for each bony structure: tibia, femur and

patella. This is time-efficient in a non-linear analysis and accurate owing to their much

larger stiff'ness compared to that of soft tissues. Each bony structure was represented

by a primary node located at its centre and by a set of local convective coordinates

system that rotates with the rigid body. The finite element mesh generation was

then automatically performed leading to 81 8-node solid elements for both medial

and lateral tibial articular cartilages, 244 8-node solid elements for femoral cartilage,

and 49 8-node solid elements for patellar articular cartilage. For meniscal tissues,

a non-homogeneous composite model of a matrix of ground substance reinforced by

a network of radial and circumferential collageneous fibres was considered. Due to

their shapes, the meniscal tissues were modeled by solid elements in the radial, cir-

cumferential, and axial directions resulting in a total of 424 8-nod solid elements for

both menisci. A total of 1212 truss elements reinforcing these solid elements was also

used to model the collagen network throughout the meniscal material in radial and
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circumferential directions. Moreover, 39 uniaxial elements modeled various ligaments

of the knee joint, the anterior and posterior bundles of the anterior cruciate ligaments

by three elements each; the anterior and posterior bundles of the posterior cruciate

ligaments by three elements each; the anterior, posterior and superior bundles of the

lateral collateral ligament by three elements; and finally, the patellar ligament by

nine elements. Special attention was focused on the medial collateral ligament that

wraps around the proximal medial bony edge of the tibia in addition to its peripheral

attachments to the medial meniscus. This ligament was modeled in its proximal part

by 15 trusses in the anterior, posterior and inferior bundles, each bundle starting

from the femoral bony insertion to the distal outer surface of the medial meniscus

and connected to a wrapping element to give a total of five wrapping elements for the

distal part of the medial collateral ligament. The overall finite element mesh is shown

in Figures 2. 1 and 2. 2. In Figure 2. 2, each ligament bundle is represented by a 2-node

truss element; also shown is the attachment of the medial collateral ligament to the

periphery of the medial meniscus: ACL, anterior cruciate ligament; PCL, posterior

cruciate ligament; LCL, lateral collateral ligament; MCL, medial collateral ligament.

For the frictionless non-linear contact problem modeling articulation at the

tibiofemoral and the patellofemoral joints, seven potential contact areas were iden-

tified. These are, first, the medial femoral condyle against medial tibial cartilage

and proximal medial meniscus; distal medial meniscus against medial tibial carti-

lage. Second, three similar contact regions on the lateral side of the tibiofemoral joint

were also determined. Finally contacting regions were defined at the patellofemoral

joint between the femoral cartilage and the retropatellar articular cartilage. In th

non-linear finite element model, the femoral articular cartilage surface and the distal

meniscal surfaces were considered to be the contactor surfaces represented by nodal
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M

Figure 2. 1: A typical posterolateral view of the finite element mesh representation of
cartilage layers and menisci using 8-node solid elements: M. medial; L, lateral. The
ligaments as well as rigid bodies representing tibia, femur, and patella are not shomi.
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Figure 2. 2: Finite element i-nodel of menisci and ligaments. The bony structures and
articular cartilage layers are not shown.
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points while tibial and patellar cartilage surfaces and proximal meniscal surfaces were

on the other hand, taken as target areas modeled by triangular patches. For this rep-

resentation of the contact problem, a total number of 758 contactor nodal points and

740 target triangular facets were used.

2.4 Material properties

For the present finite element analysis of the model taking into account only the

tibiofemoral joint at a fully extended position, the material properties were derived

from the data available in the literature. As discussed earlier, the bony structures were

modeled by rigid bodies. The articular cartilage layers were assumed to be isotropic

with an elastic modulus of E = 12 MPa and Poisson's ratio of ̂  = 0. 45 (Brown et al,

1983; Hayes and Mockros, 1971; Hayes et al., 1972). Similar values for elastic moduli

have been used in previous finite element analyses (Galbraith and Bryant, 1989;

Little et al., 1986). For the representation of the menisci; a composite of isotropic

matrix reinforced by collagen fibres was considered. The elastic modulus of the matrix

was chosen as £' = 8 MPa which is close to values obtained from measurements on

specimens cut in the radial direction at the deep parts of the menisci (Tissakht and

Ahmed, 1993; Whipple et al., 1984). This value is in accordance with the observation

that meniscal tissue is roughly one-half as stiff in compression as articular cartilage

(Fithian et al., 1990). The Poisson ratio was taken as i/ = 0. 45. These moduli were

used in the hypoelastic constitutive relations employed in the finite element program.

The non-linear material properties for collagen fibres were chosen to be similar to those

for disc collagen fibres used in the spinal model studies of Shirazi-Adl et al. (1986)

and Shirazi-Adl (1989-b) (Figure 2. 3). In the 30 /^m to 150 jum thick membrane on the
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proximal surface as reported by Fithian et al. (1990) or in the 200 /j,m thick membrane

as suggested by Whipple et al. (1984), the j&bres are randomly oriented resulting

in nearly equal properties for meniscal specimens in the radial and circumferential

directions yielding elastic moduli of 70 MPa and 50 MPa, respectively (Whipple et

al., 1984). A mean value of 60 MPa was assumed in this work for the purpose of the

following calculations. In the deep region of menisci, the collagen fibres are reported

to be predominant in the circumferential direction (Bullough et al., 1970) with a

mean tensile elastic modulus of about 170 MPa (Fithian et al., 1989). The equivalent

collagen fibre content in each direction was then evaluated based on the equilibrium

equation of a meniscal specimen under tension, developed to relate a homogeneous

orthotropic material to a non-homogeneous composite one as that used in the model:

.-SEC
'T = aES/c + E.M (2. 4)

Where a is the collagen fibre volume fraction content, EM = 8 MPa is the estimated

elastic modulus of the matrix, E^EC and EjEC 
are the strain-dependent non-linear

elastic secant moduli of the meniscus as a homogeneous orthotropic material and

collagen fibres, respectively. Equation 2. 4 was employed for several strain magnitudes

yielding an averaged fibre volume fraction content of 14 % in the circumferential

direction in the deep parts of menisci and 7 % in both directions in the superficial

regions.

Material properties for different ligaments were derived from data available in the

literature, some specific parameters most commonly reported for ligaments are the

ligament stiffness K, linear elastic modulus E, initial or reference strain, non-linear

strain level parameter ei, ultimate stresses and strains, and energy density at failure

(Butler et al., 1986; Race and Amis, 1994). From these data, the stress-strain curves
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Figure 2. 3: Stress-strain curve of collagen fibre.
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relating nominal stress to engineering strain were reproduced assuming a non-linear

quadratic stress-strain behavior for low strains and a linear behavior for strains higher

than 2ei as suggested by Wismans et al. (1980):

0-

0-

a-

0 for
^e2/4ei for
£;(e-6i) for

6 < 0
2ei > 6 >0
e > 2ei

(2. 5)

The linear elastic moduli of the anterior cruciate ligament, ACL, and lateral collateral

ligament, LCL, have been reported by Butler et al. (1986). The linear elastic modulus

for the medial collateral ligament, MCL, was obtained from the stiffness values used

in a previous model study (Andriacchi et al., 1983) accounting for the ligament's cross

sectional area measured directly on the specimen. The elastic modulus of the patellar

tendon was based on the ligament stiffness values reported by Hirokawa (1991) while

data for the anterior and posterior bundles of the posterior cruciate ligaments, aPCL

and pPCL, were derived from recent measurements performed by Race and Amis

(1994). The nonlinear strain level parameter known also as the linear strain limit

parameter was set at about ei= 0. 03 for all ligaments (Butler et al., 1986), while the

reference strain for each ligamentous bundle defined as the strain at no external load

was derived from earlier studies (Blankevoort et al., 1991; Grood and Hefzy, 1982;

Wismans et al., 1980) and is listed in Table 2. 1. The stress-strain curves for the ACL,

LCL, PCL and MCL are shown in Figure 2. 4.

In the event of contact between a contactor point and a target facet, a two-node con-

tact gap element is automatically generated by the contact, algorithm in the program

which is assumed to have a modulus of 100 MPa in compression and nil in tension.

The contact between adjacent bodies is assumed to initiate at distances below 0. 15
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Table 2. 1: Areas and reference strains for ligament bundles.

Area Reference

Ligament Bundle (mm2) strain (%) Reference

ACL anterior (aACL) 21
posterior (pACL) 21

3. 1 Grood and Hefzy (1982)
2

POL anterior (aPCL) 45
posterior (pPCL) 15

-2 Wismans et al. (1980)
-2

LCL anterior (aLCL) 6
superior (sLCL) 6
posterior (pLCL) 6

3

3

3
Wismans et al. (1980)

MCL anterior (aMCL) 14
inferior (iMCL) 7
posterior (pMCL) 14

3

3

3
Blankevoort et al. (1991)
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Figure 2.4: Stress-strain curves of the ligaments.
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mm (i. e. gap limit). These alues were chosen based on a number of preliminary

studies on the effect of contact parameters on predicted results (Bendjaballah et al.,

1995).

2. 5 Loadings, boundary conditions and parameters

The present nonlinear stress analysis is performed considering the tibiofemoral joint

only in full extension. For the sake of validation of the model predictions, the load

applications and boundary conditions are set to be as close as possible to those in

experimental studies. The tibia is fixed while the femur is free to translate in the

proximal-distal, medial-lateral, and anterior-posterior directions; the varus-valgus ro-

tation is first fixed and then left free while flexion-extension rotation is maintained

fixed throughout the analyses. This allows to apply an axial torque at the primary

node positioned approximately at the centre of mass of the femur instead of attempt-

ing to locate the joint mechanical balanced point, the position of which varies with

load. The reconstructed joint has an initial varus-valgus alignment of 6° and flexion of

5°. In the presence of initially prestressed ligaments, the axial torque is incrementally

applied to reach the maximum value of ± 10 N-m while the tibia is completely fixed.

Additional analyses are also carried out in which the femoral varus-valgus rotation

is restrained while the ligamentous structures are selectively sectioned to simulate a

ligament-deficient knee for the purpose to isolate and assess the role of ligaments.

Moreover, to study the effect of compressive preload on the axial rotational laxity of

the tibiofemoral joint, a preload of 1000 N was applied on the femur, while the axial

torque was varied from 0 N-m to ± 10 N-m.
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In this work, neglecting the patella, the response of the tibiofemoral joint in the fully

extended position is predicted under internal-external torques applied to the femur in

increments of 0. 5 N-m up to 10 N-m. For each increment, two iterations are executed

to obtain a satisfactory convergence on the overall equilibrium, contact forces, strains

and stresses in uniaxial and solid elements. Also, due to the presence of initial strains

in the ligaments, in every case, six iterations are executed to obtain a satisfactory

convergence on these parameters.
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CHAPTER III

RESULTS

3. 1 Introduction

In this chapter, the results are presented only for the tibiofemoral joint at full ex-

tension under internal-external torques applied to the femur. The predicted load-

displacement data of the femoral shaft for intact and ligament-deficient tibiofemoral

joints under internal-external torques are first presented. The total ligament forces

of intact and ligament-deficient tibiofemoral joints are then investigated. The forces

transferred through the femur-meniscus, femur-tibia, and meniscus-tibia contact re-

gions along with the contact areas within the intact tibiofemoral joint are subsequently

presented. Finally, special attention is given to the load-bearing of both lateral and

medial menisci during internal-external femoral axial rotations. It is important to note

that in this study, the terms internal rotation and external rotation refer to femoral

internal axial rotation and femoral external axial rotation, respectively; however in

the literature, they often refer to tibial internal axial rotation and tibial external axial

rotation, respectively. A discussion of the results of the proposed method and those

available in the literature is given in a later chapter.

3.2 Load-displacement results

The predicted axial torque-axial rotation curves of the femoral shaft for the intact

tibiofemoral joint when the varus-valgus rotation is left free (TY^O) or fixed (TY=0)
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exhibit, as shown in Figure 3. 1, an increasing stiffness with increasing internal-

external torques. In Figure 3. 1, the computed axial rotations represent the change

in femoral axial rotations relative to the configuration with initial ligamentous pre-

stress forces. Figure 3. 1 indicates that the constraint on the varus-valgus rotation

has negligible effects on the femoral internal axial rotations whereas it substantially

decreases the femoral external axial rotations. Indeed, an internal torque of 10 N-m

applied at full extension results in internal rotations of 22° and 22. 5° for the cases

in which the femoral varus-valgus rotation is fixed or left free, respectively; however,

an external torque of 10 N-m applied at full extension results in external rotations

of 21. 6° and 28. 3° for the cases in which TY=0 and TY^O, respectively. Along with

primary axial rotation, coupled femoral displacements are also computed that are

shown in Figures 3. 2-3. 5. Similar to the axial rotations, the coupled displacements

are evaluated at the femoral primary node relative to their magnitudes in intact, cases

following the application of initial ligamentous forces. Letting the varus-valgus ro-

tation free results in larger coupled displacements of the femur particularly during

external rotation. Hence, the restraint of the varus-valgus rotation diminishes the

laxity of the knee joint. The coupled axial translation is shown in Figure 3. 4 and

is noted to be upward in both directions. In the case where both varus/valgus and

flexion/extension rotations are restrained, this translation remains the same every-

where on the femur. However, in the case where the varus-valgus rotation is free,

these coupled displacements depend on the location of the primary node chosen to

represent the femur and, hence, they cannot be classified as the coupled translations

of the femur as a whole. Figure 3. 5 shows that a minimal coupled varus rotation of

0. 6° accompanies 10 N-m of internal torque at full extension, whereas approximately

4. 5° of coupled valgus rotation is seen at lON-m of external torque.
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In order to assess the role of the major ligaments in resisting internal-external torques

at full extension, a selective sectioning of particular ligaments is performed. Both

varus-valgus and flexion-extension rotations are fixed throughout the analyses. Again,

it is important to note that the computed axial rotations of the ligament-deficient

joint represent the change in femoral axial rotation relative to the configuration of

the ligament-deficient joint with initial ligamentous prestress forces. Isolated or com-

bined sectioning of the ACL and the PCL produces only minor increases in torsional

laxity with the tibiofemoral joint in full extension (Figures 3. 6, 3. 7 and 3. 8). However,

isolated sectioning of the MCL caused a significant increase in the internal torsional

laxity but only minor changes in the external torsional laxity (Figure 3. 9). On the

other hand, isolated sectioning of the LCL produced significant increases in both in-

ternal and external torsional laxities (Figure 3. 9). Thus, the MCL can be considered

an important restraint to the femoral internal axial rotation. Moreover, the LCL lig-

ament seems to be the major restraint in both internal and external rotation. Indeed,

as shown in Figure 3. 9, sectioning of the LCL brings the internal and external laxities

to approximately 32° at only 6 N-m torque and 37° at 9 N-m torque, respectively.

Figure 3. 10 shows the effect of a 1000 N compressive preload on the axial rotation of

the femur under internal-external torques. In this figure, the absolute axial rotations

represent the relative increase in femoral axial rotations from their initial ligamen-

tous prestress forces; however, the relative rotations represent the relative increase in

femoral rotations from the compressive preload condition. The compressive preload

caused a significant decrease in the primary laxity, defined by Markolf et al. (1976)

to be the total angular rotation for a torque of ± 0. 5 N-m. Moreover, the compressive

preload produced a decrease of the relative axial rotations during any level of internal

torque up to 10 N-m and during external torque of magnitude under 5 N-m. Thus,
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the effect of the compressive preload is predominately a marked increase in the joint

stiffness near the neutral position (0 N-m).
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Figure 3. 10: Femoral axial rotation at full extension as a function of the applied
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3. 3 Ligament forces

Under no external load, the joint is initially compressed due to the prestress in some

ligaments (Table 2. 1). With the varus-valgus rotation being constrained, the total

initial tensile forces of the intact model are respectively, 17 N in the ACL, 12 N in

the PCL, 20 N in the LCL and 24 N in the MCL (see Figure 3. 11), whereas, when

the varus-valgus rotation is set free, these tensile forces become, 13 N in the ACL, 5

N in the PCL, 30 N in the LCL 14 N in the MCL (see Figure 3. 12). By comparing

results in Figures 3. 11 and 3. 12, it is interesting to note that the ligament tension

response varies with changes in the boundary conditions on the varus-valgus rotation

of the joint. Indeed the results corresponding to a restrained varus-valgus rotation

indicate that the application of external torque generates relatively high forces in the

ACL, LCL and PCL. The total tensile forces carried by these ligaments at 10 N-m of

external torque are respectively, 268 N in the ACL, 287 N in the PCL and 292 N in

the LCL, however, the force resisted by the MCL is less than 50 N during any level of

external torque up to 10 N-m. These results also show that during internal rotation,

only the LCL and MCL are relatively loaded. At 10 N-m of internal torque, the total

tensile forces in the LCL and MCL are 271 N and 242 N, respectively. The PCL does

not carry any load during any level of internal torque beyond 1 N-m. The ACL does

not play a major role in the restraint of internal rotation and its total force is less

than 40 N at 10 N-m of internal torque. On the other hand, representative results

of ligament tensile forces computed when the varus-valgus rotation is left free clearly

show that the cruciate ligaments, particularly the ACL, are under relatively high

tension during external torque. The total tensile forces carried by these ligaments at

10 N-m of external torque are respectively, 335 N in the ACL (although the tensile

force reached 348 N at 9 N-m of external torque), 267 N in the PCL, 186 N in the
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LCL and 210 N in the MCL. At 10 N-m of internal torque the total tensile forces in

the LCL and MCL reach 310 N and 215 N, respectively. The PCL does not carry any

load during any level of internal torque beyond 0. 5 N-m. The ACL plays a relatively

major role in resisting internal rotation and its total tensile force is less than 75 N at

10 N-m of internal torque.

With the varus-valgus rotation being restrained, isolated sectioning of the ACL results

in an increase in the the total forces of the LCL and the MCL and a significant

decrease in the total force of the PCL during external rotation; however, it produces

only minor changes in the total tensile forces of the LCL and MCL during internal

rotation (Figures 3. 13-3. 15). Similarly, sectioning of the PCL causes an increase in

the total LCL and MCL forces and a significant decrease in the total force of ACL

during external rotation; in contrast, only minor changes are produced during internal

rotation (Figures 3. 13, 3. 14 and 3. 16). The combined sectioning of both the ACL and

PCL seems to have the same effects as the isolated sectioning of the ACL or the PCL.

Figure 3. 16 indicates that sectioning of the LCL results in a large increase in the

ACL forces during external torque. Indeed, at 9 N-m of external torque, the ACL

tension force computed in response to the sectioning of the LCL exhibits the greatest

variation in terms of tension magnitude and is evaluated to be approximately 577 N.

The PCL exhibits the second highest variation in terms of tension magnitude and

its tensile force reaches 501 N at 9 N-m of external torque (Figure 3. 15). However,

the MCL tensions computed in response to LCL sectioning exhibits relatively minor

variations with the largest tensile force being 112 N evaluated at 9 N-m of external

torque (Figure 3. 14). On the other hand, the sectioning of the LCL during internal

rotation causes the ACL to become completely slack while relatively a high increase

in the tensile forces of the PCL and the MCL is produced.
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The isolated sectioning of the MCL seems to produce a substantial increase in the

total tensile forces of the ACL and LCL during internal rotation. At 10 N-m of

internal torque, the LCL tensile force computed in response to the sectioning of the

MCL yields the highest variation in terms of tension magnitude and is evaluated to

be approximately 580 N. The ACL exhibits the second highest variation in terms of

tension magnitude and its tensile force reaches 389 N at 10 N-m of internal torque. On

the other hand, isolated sectioning of the MCL does not produce any changes in the

tensile force of the PCL which remains completely slack during internal rotation. As

shown in Figures 3. 16, 3. 13 and 3. 15, the selective sectioning of the MCL in external

torque causes only minor increases in the tensile forces of the ACL, LCL and PCL.

Figures 3. 17 and 3. 18 indicate that, under the compressive preload of 1000 N, the

PCL remains slack and does not carry any load during the internal rotation and

during applied external torques of up to 4. 5 N-m. This means that it requires higher

values of external torque (> 4N-m) to generate tensile forces in the PCL. Similarly,

under the compressive preload, the LCL remains completely slack within the range

of 0 to 4 N-m of internal-external torques and it requires higher values of internal-

external torques (> 4 N-m) to produce tensile forces in the LCL. On the other hand,

in the range of 0 to 5 N-m of internal-external torques, the compressive preload seems

to cause an increase in the total forces of the ACL with only minor changes in the

range of 5 to 10 N-m (Figure 3. 19). The MCL exhibits some decreases in the total

forces showing less resistance to the internal-external torques due to the effect of the

compressive load (Figure 3. 20)
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3.4 Contact forces and areas

The forces transferred through the femur-meniscus, femur-tibia, and meniscus-tibia

contact regions for both lateral and medial compartments are computed for each

incremental internal-external torque and verified to almost completely equilibrate

the total load in the joint. Analysis of contact forces indicates that in the intact

tibiofemoral joint, the medial compartment carries more load during external rotation

than does the lateral compartment; however, the reverse holds during internal rotation

(see Figure 3. 21). At 10 N-m of external torque, the medial and lateral compartments

share the generated axial load of 689 N at ratios of 88% and 12%, respectively.

However, at 10 N-m of internal torque, the medial and lateral compartments share the

generated axial load of 437 N at ratios of 25% and 75%, respectively. The contribution

of the menisci in the load bearing is demonstrated by evaluating the portion of axial

compartmental load transmitted through menisci as compared with the whole axial

compartmental load (see Table 3. 1)

Analysis of the stresses in the tibial cartilage layers, at the centroid of solid elements,

indicates that the maximum principal stresses are oriented approximately normal

to the contact surfaces which are almost completely in compression (Figure 3. 22).

In Figure 3. 22, tibial cartilage elements with no stress bar are in low tension (less

than 0. 1 MPa), however tension stress values of 0.4 MPa and 0.8 MPa are computed

at 10 N-m of external torque in two small medial tibial covered cartilage elements

located respectively, in the anterior third and close to the outer boundaries and in the

posterior third and close to the inner boundaries. At 10 N-m of internal torque, these

normal stresses are greater in lateral plateau as compared to those in the medial one

(Figure 3. 22-a). A maximum compressive stress of 2. 2 M.Pa in the lateral plateau is
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Table 3. 1: Loads transmitted by menisci as a ratio of total compartmental load for
the intact tibiofemoral joint at full extension.

Torque
(N-m)

External Torque
(N-m)

Internal Torque
(N-m)

2.5
5

7.5
10
2.5
5

7.5
10

Ratio of compartmental load

Lateral

93
92
88
50
81
62
44
37

(%)
Medial

16
11
9

14
41
29
49
62
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computed in the covered cartilage located centrally and laterally. As for the medial

plateau, a maximum compressive stress of 0.8 MPa at 10 N-m of internal torque is

obtained in the uncovered cartilage located posteriorly and laterally. However, at 10

N-m of external torque, the normal stresses are much larger in medial plateau than

those in the lateral plateau (Figure 3. 22-b). A maximum compressive stress of 3.2

MPa in the medial plateau is computed in the uncovered cartilage located close to

the tibial spine (Figure 3. 22-b). As for the lateral plateau, a maximum compressive

stress of 1.3 MPa at 10 N-m of external torque is obtained in the covered cartilage

located posteriorly and medially.

At 10 N-m of internal torque, tensile strains in collagen fibres are found to be higher

in medial meniscus than in lateral meniscus. In medial meniscus, the tensile strains

of circumferential and radial fibres are mainly between 0. 5% and 3.5% with some

circumferential and radial fibres exhibiting 4% to 7. 2% strains in the inner boundaries

of the anterior and the posterior third and 4% to 8.3% strains in the distal surface

of the central third of the medial meniscus, respectively. In lateral meniscus, most

of the tensile strains of circumferential and radial fibres range from 0. 5% to 2. 5%,

however, some radial fibres, in the distal layer of the meniscus, exhibit 3% to 4. 5%

strains.

At 10 N-m of external torque, the tensile strains of circumferential and radial fibres

of both menisci are mainly between 0. 5% and 3%. However, some radial fibres show

higher strain values of 3% to 8. 5% and 4% to 6% in the anterior third of the medial

meniscus and in the proximal inner boundaries of the posterior third of the lateral

meniscus, respectively. Yet, an isolated radial fibre element, located in the proximal

inner boundaries of the anterior third of the medial meniscus, undergoes a high strain

value of 15. 4%. The strains in the matrix element of this radial fibre are also high with
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the largest normal strain computed to be 10.5% in the posterior-anterior direction. As

for the circumferential fibres, some exhibited higher strain values of 3% to 7% and 3%

to 6% in the proximal inner boundaries of the anterior third of the medial meniscus

and in the proximal inner boundaries of the posterior third of the lateral meniscus,

respectively. Nevertheless, an isolated circumferential fibre element, located in the

distal layer of the posterior third of the lateral meniscus, undergoes a high strain of

14. 7%. Besides, the strains in the matrix element of this circumferential fibre are also

high and the largest one is computed to be 7% in the medial-lateral direction. As

predicted, both isolated radial and circumferential fibres, which exhibit large strain

values, are located in the cartilage contact areas where high stresses are present.
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CHAPTER IV

DISCUSSION

4. 1 Introduction

In this study, a realistic three-dimensional model of the entire human knee joint in-

eluding femur, tibia, patella, cartilage layers, menisci, and joint ligaments developed

by Bendjaballah et al. (1995) along with a nonlinear finite element package program

(Shirazi-Adl et al., 1986, 1989-b) were used to investigate the response of tibiofemoral

joint, neglecting the patellofemoral joint, at full extension under internal-external

torques. To the author's best knowledge, such a model describing interactions be-

tween femur, tibia, menisci and ligaments is the only one available in the literature.

In the finite element modeling of the joint, Bendjaballah et al. (1995) gave special

attention to the precise reconstruction and discretization of the menisci and articular

cartilage surfaces, knowing their relative importance in joint biomechanics. The fi-

nite element discretization of the knee joint model accounted for the articular surfaces

needed for the nonlinear contact analysis, the composite (non-homogeneous) nature

of the menisci, the wrapping of the medial collateral ligament around proximal tibia

and various other ligaments. In this study, the level of mesh refiinement appears

to be adequate, nevertheless a more refined discretization of the cartilage articular

surfaces could improve the contact modeling as well the prediction of stresses in the

cartilage layers. Although, the articular cartilage, the meniscal tissue and ligaments

exhibit a time-dependent, viscoelastic behavior under an applied load, the present

study considered the elastostatic response only in which the transient response, the

viscoelasticity and fluid movements of these tissues are neglected. Thus, the model
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is best suited for short term quasi-static loadings. The author would like to em-

phasize the fact that the material properties were taken from the literature, hence,

changes in these properties as well as joint geometry may affect the predictions but

the conclusions of the work are not expected to be influenced. Moreover, the liga-

ment initial strains were estimated from the literature. Although the variability of

these parameters between individual knee joints is expected to be fairly high, such

variations might influence the predicted results but not the general conclusions of this

work. Furthermore, it is important to note that the absence of the joint capsule in

the present model could affect the predicted laxities and ligament forces. As for the

boundary conditions, it is important to emphasize that in this work, the femur was

loaded while the tibia was left fixed which is the contrary to what often is taken in

experimental studies. These different boundary conditions might have some effects

on the predicted results, the extent of which is not yet determined. Besides, in the

literature except for Askew et al. (1988) and Blankevoort et al. (1988), the experi-

mental studies of the response of the knee joint in axial torque have often overlooked

the coupled varus-valgus rotations. Because of the multi-compliant articulation of the

knee joint, a more convergent contact algorithm was used to perform the present non-

linear finite element analysis which allowed some penetrations of contacting bodies

into each other.

4.2 Analysis and comparison of predictions with previous works

It needs to be noted that all of the experimental studies on the biomechanics of

the knee joint in axial rotation considered the femur fixed and applied the torque

on the tibia, which is the opposite of what was performed in this study. Thus, in

the literature, internal or external rotation refers to internal tibial or external tibial



91

rotation, respectively. However, in this study, internal or external rotation refers to

femoral internal or femoral external rotation, respectively.

4.2. 1 Kinematics of the tibiofemoral joint in axial rotation

Figure 4. 1 shows that internal torques of 10 N-m applied to the intact tibiofemoral

joint with varus-valgus rotation fixed, result in internal rotations of 22° at full exten-

sion. With the varus-valgus rotation fixed, the same load of 10 N-m of external tibial

torque has been reported to result in external rotations of the tibia of about 10° to

15° at full extension (Lipke et al., 1981; Markolf et al., 1976). Similarly, external

torques of 10 N-m result in external rotations of 22° at full extension, while rotations

of 10° (Markolf et al., 1976; Piziali et al., 1980) and up to 25° (Lipke et al., 1981;

Shoemaker and Markolf, 1985) have been reported by others (see Figure 4. 1). With

the varus-valgus rotation left free, the total axial rotary laxity at ± 3 N-m, i.e. the

total amount of axial rotation between the limits of 3 N-m of internal torque and 3

N-m of external torque, is computed to be 26° which is although higher than the av-

erage value for four specimens (18. 5°) reported by Blankevoort et al. (1988), it is very

close to their largest value of 25°. Figures 4. 2 and 4. 3 compare the internal-external

rotations and the coupled varus-valgus rotations, respectively, with those reported by

Askew et al. (1988) for the intact knee at full flexion with the varus-valgus rotation

free under applied internal-external torques. Taking in consideration that the present

tibiofemoral joint model has an initial flexion angle of approximately 5°, the predic-

tions, hence, show a reasonable agreement between our results and the ones obtained

by Markolfet al. (1976) and Askew et al. (1988). Although the results obtained by

Bach et al. (1995) (shown in Figure 4. 1) are for the case where the flexion angle is

15°, they give an idea about the scatter in the axial rotary laxity values published in



92

the literature due to smallness of samples studied, the variations in the specimens,

and the lack of precision in the measurements.

During internal rotation with the varus-valgus rotation fixed, of all the primary liga-

ments (ACL, LCL, MCL and PCL), isolated sectioning of only the LCL or the MCL

yields a significant increase in internal rotary laxity. At full extension, the anterior

cruciate ligament plays a minor role in the restraint of internal rotation while the

posterior ligament is completely ineffective. These predictions are in accordance with

the results of the ligament forces in which the PCL does not carry any load during

any level of internal torque higher than 0. 5 N-m and the tensile force in the ACL is

less than 40 N during the whole loading (see Figure 3. 11). The literature agrees with

our results in that the MCL is a major restraint to the external rotation of the tibia

(Ahmed et al., 1987; Lewis et al., 1985; Markolfet al., 1976; Seering et al., 1980) and

that the external rotational laxity of the tibia is siguificantly increased only when the

posterolateral structures and/or the lateral collateral ligaments are cut (Grood et al.,

1988; Lipke et al., 1981; Shoemaker and Markolf, 1976)

During external rotation and with the varus-valgus rotation fixed, our study shows

that sectioning of only the LCL results in a significant increase in the external rotary

laxity. This is in contrast with experimental results reported in the literature (Lipke

et al., 1981; Markolf et al., 1976; Piziali et al., 1980; Shoemaker and Markolf, 1985).

These authors reported that only the sectioning of the MCL or the ACL that causes

increases in internal laxity of the tibia.
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4.2.2 Role of the primary ligaments in axial rotation

Although, the above mentioned authors were able to determine the relative load-

transmitting roles of the ligaments under the applied load, the tensions generated

in the individual ligaments, and hence their specific mechanical responses, could not

often be determined. Our results for the forces in the ACL during internal-external

torques with the varus-valgus rotation fixed are in general agreement with the results

reported by Markolf et al. (1990) (see Figure 4. 4)

It is interesting to note that the ACL and the PCL are interdependent during external

rotation since the sectioning of one causes a large drop in the tensile force of the other

(Figures 3. 16 and 3. 15). Hence, the effects of one ligament cannot be determined in

the absence of the other. Figure 3. 11 shows that the ACL and PCL are both loaded

in external rotation and not in internal rotation, a behavior that is primarily due to

the orientation of these ligaments. In comparison with collaterals in the joint under

axial torque, the cruciates are at a disadvantage due to smaller lever arms whereas

at an advantage due to their more inclined orientation.

This is the first study that determines the ligament forces with the varus-valgus ro-

tation left free. Hence, no published data are available for comparison. However, it is

interesting to note that during internal torque, setting the varus-valgus rotation free

generates only minor changes in the distribution of tensile forces in the ligaments.

Nevertheless, during external torque, some major changes were produced due to the

unrestraint of the varus-valgus rotation. Indeed, these results underline the impor-

tant effects of the coupled varus-valgus rotation parameter on the ligament tension

response. Additional tests, in which the individual sectioning of the ligaments dur-

ing internal-external torques with varus-valgus rotation left free, are planned to be
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performed in the near future. The tensile forces in collaterals are directly influenced

by the presence or absence of coupled varus-valgus (TY) rotations. This is evident

when comparing Figures 3. 11 and 3. 12 accounting for the coupled rotations given in

Figure 3. 5.

The compressive preload of 1000 N causes a sharp decrease in the primary laxity.

This is in agreement with the results of Wang et al. (1974) who reported that a

compressive preload of 1000 N applied to the knee joint at 25° of flexion caused the

reduction of the primary laxity, defined as the rotation for a low torque of ± 0.5 N-m,

to 20 % of that at zero axial Load. In our case, the compressive preload of 1000 N

causes a reduction of the primary laxity to 25 % of that at zero axial load. Moreover,

the total torsional laxity (between ± 10 N-m) was decreased approximately by 12%

in presence of a compress! ve preload of 1000 N which is in agreement with the results

of Shoemaker and Markolf (1985) who reported that an application of 925 N of axial

joint load caused a 16% decrease in the total torsional laxity (between ± 10 N-m).

Our results also show that the compressive preload causes a decrease in all ligament

forces with the exception of the tensile force in the ACL which is in agreement with

the findings of Markolf et al. (1990) who reported that the joint load did not act to

protect the ACL from high forces that are generated by applied internal or external

tibial torque. This might be due to the fact that the compressive preload causes the

femur to translate posteriorly (about 3 mm coupled posterior translation at 0 N-m

and 1000 N compressive force) generating higher tensile forces in the ACL.

4.2.3 Mechanics of load transmission in axial rotation

In the present complex multibody contact problem, the analysis predicts the regions

of contact as well as the transmitted contact force at each node with its target element
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on the opposing surface, he orientation of the contact surface varies from one region

to another depending on the spatial geometry of proximal articulating surfaces of

tibial cartilage and menisci. Analysis of predicted results at each load step verifies

the equilibrium of external and internal loads, accounting for the ligamentous forces

as well.

To the author's best knowledge, this is the first study that determines the contact

regions and computes the forces transferred through the various contact areas of the

tibiofemoral joint under internal-external torques. At 10 N-m of internal torque, the

medial and lateral compartments share the generated axial load of 437 N at ratios of

25 % and 75 %, respectively. On the other hand, during external torque, the medial

and lateral compartments share the generated axial load of 689 N at ratios of 88%

and 12%, respectively. During internal rotation, the lateral meniscus carries a larger

portion generated axial load (122 N) than does its counterpart (67 N); on the other

hand, during external rotation the medial meniscus carries a larger axial load (87 N)

than does the lateral one (41 N).

Analysis of the contact forces and regions on tibial plateaus and stresses at the cen-

troid oftibial cartilage layers (Figure 3. 22) indicates that during internal rotation, the

covered cartilage is loaded primarily in the region located centrally and laterally at

the lateral plateau; however, the uncovered cartilage is primarily loaded in the region

located posteriorly and laterally at the medial plateau. On the other hand, during

external rotation, the uncovered cartilage is mainly loaded in the region located near

the medial tibial spine; however, the covered cartilage is mainly loaded in the region

located posteriorly and medially at the lateral plateau.
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4. 3 Clinical implications

In this study, the determination of the axial rotary laxity and the tensile forces in

the primary ligaments of the tibiofemoral joint provides a quantitative basis for the

evaluation of the changes likely to be found during the examination of knees with

ligament disruption. It is very important to determine the magnitude of change in

the femoral axial rotation as well as in the total resultant ligament forces because it

is these magnitudes that are often the basis of the clinical diagnosis.

Our results show that when any primary ligament is sectioned, the tibiofemoral joint

becomes more lax during internal-external torques. Furthermore, these results do

delineate the expected magnitude of change in either rotary laxity or ligament forces

due to a ligament disruption. Indeed, sectioning of one or both cruciate ligaments in

full extension without coupled varus-valgus rotation produces only minor changes in

torsional laxity which would most likely not be detectable in a clinical examination.

On the other hand, our findings after sectioning of the LCL during internal-external

torques with the varus-valgus rotation of the femur fixed, indicate that the LCL is

the most important ligament in resisting axial rotation. When the LCL is sectioned,

axial rotary laxity increases by 15 degrees and 10 degrees in full extension at 9 N-m

and 6 N-m of external and internal torques, respectively. However, after sectioning of

the MCL during internal-external torques with varus-valgus rotation fixed, our results

indicate that the MCL is important in limiting only the internal rotation since axial

rotary laxity increases by 14 degrees and only 1. 6 degrees in full extension at 10 N-m

of internal and external torques, respectively.

As far as the change in the magnitude of the tensile forces in the ligaments upon

selective sectioning of particular ligaments, our findings indicate that sectioning of
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the LCL results in large increases in the ACL and PCL forces during external torque.

Indeed, at 9 N-m of external torque, the ACL and PCL tension forces computed

in response to the sectioning of the LCL are evaluated to be approximately 577 N

and 501 N, respectively. The high loads in both cruciate ligaments are generated

to account for the loss of the LCL. Although, knowing that the ACL fails at an

average load of 1730 N for the younger humans and only 734 N for the older group

(Noyes and Grood, 1976), this appears to leave some reserve for the ACL protection

in the younger humans but external torques higher than 10 N-m, may cause serious

damage to the ACL of the older population (older than 47 years). Similarly, the

sectioning of the MCL generated a high tensile force of 580 N in the LCL under 10

N-m of internal torque. Therefore, the risk of failure of the ACL in axial torque is

substantially increased when either of the collateral ligaments are damaged. It is

important to note that such high forces are obtained during only one type of loading

(axial torque in this case) and hence, combined loading conditions (e. g., combined

anterior-posterior translations and axial torque) are expected to generate a much

complex ligamentous response pattern yielding much higher tensile forces in the ACL.

Moreover, our results suggest that near extension, the forces that are generated in

the four primary ligaments, particularly in the eructates, are relatively high during

external torque which might explain some of the ligamentous injuries during skiing.

Indeed, external femoral torque when knee is near extension can be produced when

a skier crosses the tips of the skis and the upper part of the body is thrust forward

over an extended knee (Markolf et al., 1990).
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CHAPTER V

CONCLUSIONS

In this work, a realistic three-dimensional model of the entire human knee joint in-

eluding femur, tibia, patella, cartilage layers, menisci, and joint ligaments along with

a nonlinear finite element package program were used to investigate the response

of the tibiofemoral joint, neglecting the patellofemoral joint, at full extension under

internal-external torques of up to 10 N-m applied to the femur. For the sake of

validation of the model predictions, the load applications and boundary conditions

were set to be as close as possible to those in experimental studies. The tibia was

fixed while the femur was free to translate in the proximal-distal, medial-lateral, and

anterior-posterior directions; the internal-external rotation was left free, the varus-

valgus rotation was first fixed and then left free while flexion-extension rotation was

maintained fixed throughout the analyses.

The model was used to isolate and assess the role of the major ligaments (cruciates and

collaterals) in resisting internal-external torques, with and without axial compression

force, at full extension by analyzing and comparing changes in the femoral axial

rotation as well as in the total resultant ligament forces upon selective sectioning of

particular ligaments. Our results have shown at full flexion with the varus-rotation

fixed, the collateral ligaments (LCL and MCL) were the major restraints to internal

rotation; however, only the LCL played a major role in resisting external torque.

Moreover, our findings suggested that the ACL and the PCL are interdependent

(sectioning of one caused a large drop in the tensile force of the other) during external

rotation and that the PCL is completely lax during internal rotation. Setting the
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varus-valgus free was shown to generate some major changes in the distribution of

the ligaments tensile forces only during external rotation. Although, no tests, in which

the individual sectioning of the ligaments during internal-external torques with the

varus-valgus rotation left free, were performed in this study but it is expected that the

results could yield somewhat different conclusions as far as the role of the ligaments,

particularly during external torque, are concerned. Furthermore, the compressive

preload of 1000 N caused a major reduction in the axial rotary laxity during applied

torques of ±0. 5 N-m and some decreases in all ligaments tensile forces with the

exception of the tensile force in the AGL.

The model was also used to predict the regions of contact and to determine the con-

tact forces transmitted through the femur/meniscus, femur/tibia, and meniscus/tibia

contact regions at both lateral and medial compartments as internal-external torques

were applied to the intact tibiofemoral joint. The results obtained implied that during

internal rotation, the lateral meniscus carried a larger axial load than did its coun-

terpart; on the other hand, during external rotation the medial meniscus carried a

larger axial load than did the lateral one. Analysis of the contact forces and regions

on the tibial plateaus and stresses at the centroid of tibial cartilage layers suggested

that during internal rotation, the covered cartilage was loaded primarily in the re-

gion located centrally and laterally at the lateral plateau; however, the uncovered

cartilage was primarily loaded in the region located posteriorly and laterally at the

medial plateau. On the other hand, during external rotation, the uncovered cartilage

was mainly loaded in the region located near the medial tibial spine; however, the

covered cartilage was mainly loaded in the region located posteriorly and medially at

the lateral plateau.
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In general, the predictions of the present study were found to be in a reasonable

agreement with the experimental results available in the literature describing the

kinematics and role of the ligaments in axial rotation. Moreover, it is important

to emphasize the fact that the present model describing interactions between femur,

tibia, menisci and ligaments is the only one available in the literature. The previous

analytical studies have not taken into account some of the mechanical features essen-

tial for a realistic non-linear elastostatic model study of the knee joint. Hence, the

present model offers a number of advantages over existing analytical models in that its

finite element discretization accounted for the articular surfaces needed for the non-

linear contact analysis, the composite (non-homogeneous) nature of the menisci, the

wrapping of the medial collateral ligament around proximal tibia and various other

ligaments. Moreover, the level of mesh refinement of the present model appeared

to be adequate, nevertheless a more refined discretization of the cartilage articular

surfaces could improve the contact modeling as well as the prediction of stresses in

the cartilage layers. However, the present model is best suited for short term quasi-

loadings since it considered only the elastostatic response of the knee in which the

transient response, the viscoelasticity and fluid movements of these tissues were ne-

glected. Furthermore, the material properties and the ligament initial strains were

taken from the literature, hence, changes in these parameters as well as joint geome-

try may affect the predictions but the conclusions of the work are not expected to be

influenced. In addition, the absence of the joint capsule in the present model and the

different boundary conditions (the tibia was fixed while the femur was loaded) could

affect the predicted results. Due to the multi-compliant articulation of the knee joint,

a more convergent contact algorithm was used to perform the present nonlinear finite

element analysis which allowed some penetrations (less than 1, 6 mm).
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The knowledge gained in th course of this research is expected to enhance our un-

derstanding of the biomechanics of the tibiofemoral joint, particularly the function of

the ligaments in axial rotation, which will then be beneficial in the total knee arthro-

plasty, prosthetic ligament replacement as well as knee ligament injuries treatment

and prevention.

Furthermore, the relative accuracy of the present model under the single load condi-

tions considered so far suggests future studies to explore the role of the ligaments and

the mechanics of load transmission of the joint including the patellofemoral articu-

lation at different flexion angles and under combined loading conditions to establish

the functional mechanism of the knee joint in general and to clarify the criteria for

the clinical assessment of complex ligamentous and meniscus injuries in particular.
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