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During the last few decades, mechanical human body models (dummies) have been developed in order 
to establish the effectiveness of protective safety measures in motor vehicles, such as seat belts and 
airbags. The most sophisticated versions of these dummies are articulated and multi-segmented to 
simulate all the major articulating joints and segments of the human body. Full-scale crash tests, in 
which a dummy is positioned in a vehicle prototype, are used to assess these safety measures. 
However, these tests are expensive and can only be done after a prototype has been built. 

Numerical simulations have become a valuable tool in the design process of the vehicle and 
application of safety measures. For these numerical simulations, numerical models of dummies have 
been developed. The body segments of these dummies are usually modelled as rigid bodies. The 
joints, which enable relative motion between the body parts, are often modelled as ball and socket 
joints or revolute joints. These joints suffice for the description of normal motion of human beings but 
are not applicable in the case of crash simulations in which large combined rotations and translations 
take place in a short time interval. The response of the dummy can be more human-like if the joint 
behaviour resembles human joint behaviour. 

Numerical human joint models can be divided in phenomenological models and anatomical models. 
Phenomenological models are used to describe the response of a joint without considering its real 
structures. They can therefore be interpreted as black-box models in which a prescribed displacement 
(translation/rotation) results in resistive moments and forces. Anatomical models have been developed 
to study the behaviour of the various structural components forming the joint. These models require 
accurate description of the anatomy and geometry. 

The objective of this report is to discuss the applicability of existing phenomenological joint modelling 
techniques for describing passive, dynamic, and impact joint motion. The subsequent aim is the 
development of a generalized phenomenological joint model in the combined multibody-finite element 
code MADYMO. For this purpose, the quantative and qualitative aspects of joint behaviour during 
passive and impact motion are investigated. Common to either joint motion is the resistance of a joint 
to applied translations or rotations: the stiffness. The stiffness is nonlinear and increases during the 
range of motion. The stiffness characteristics of the major human joints are available in a continuous 
format (for example, resistive torques in the shoulder as a continuous nonlinear functional expansion 
of multiple rotations) or discrete format (resistive varus-valgus torques in the knee as a function of 
discrete flexion angles). Grider physiological and external loads, each ariiciilatincj joint can exhibit 6 
degrees of freedom. From this knowledge, several physiological requirements were set. The joint 
modelling technique should: 

describe 3 translational & 3 rotational degrees of freedom, 
describe coupled joint motion, 
be based on experimental stiffness data, 
account for nonlinear stiffness characteristics. 



2 Summary 

This research shows that there are no modelling techniques available that satisfy the imposed 
requirements. The main joint modelling techniques that are implemented in human body modelling 
software have been confronted with the requirements. These techniques include the flexion-torsion and 
Cardan restraints, the application of a database of coupled resistive moment/force properties and 
limited ranges of motion in the Articulated Total Body model and applications of a stiffness matrix 
method. Although the individual techniques have their merits, it is concluded that there is no technique 
which can provide a joint model which satisfies all the requirements. The main problems are that 
translational and nonlinear coupled joint motion cannot be described. 

The current research has resulted in a modelling technique that does satisfy all necessary 
requirements. The technique is based on blending stiffness curves which are available in a discrete 
format. It provides an interpolation algorithm in order to obtain a continuous response from a number 
of discrete stiffness curves as a function of a directional dependency angle. In a sense, it is an 
extension of the formulation of the flexion component of the flexion-torsion restraint. The applicability 
of the technique depends on the available stiffness curves as a function of the degrees of freedom. A 
knee joint model is implemented in order to validate the technique. For this purpose, a literature review 
of the passive resistive properties as a function of the 6 degrees of freedom was done. In essence, the 
validation of the model is determined by the shape of the response surface. This surface shows the 
interpolation between the stiffness curves as a function of the degrees of freedom. It is shown that 
polynomial interpolation cannot be used when a large number of curves is available. Linear interpolation 
provides a smooth continuous response surface due to the number of curves and only small variations 
in slope. If there is a greater variation in slope between the curves, spline interpolation should be used. 
The passive flexion response of the knee joint model is compared to several anatomical knee joint 
models and a good behaviour is obtained. Essentially, the model is applicable for describing impact 
joint motion behaviour if motion is within the measurement range of motion. If motion occurs outside 
the range of motion, extrapolation of the stiffness curves should be considered with care. For this 
purpose, either new stiffness curves should be incorporated in the model or the current curves could 
be used in combination with an additional injury criterion. 
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Chapter 1 

Introduction 

Injuries resulting from motor vehicle crashes are one of the leading causes of death and disability in 
modern society. Due to increased safety measures concerning vehicle occupant protection, imposed 
on motor vehicles by the authorities, it has become essential for the automotive industry to already 
encorporate possible safety aspects in the earliest design stages. 

The introduction and improvement of mechanical and mathematical models of human beings is a 
prerequisite to establish the effectiveness of protective safety measures in motor vehicles. These safety 
measures include seat belts and airbags. In order to approximate the human behaviour as closely as 
possible, model modifications are made with the aid of experimental results. Mechanical models of 
human beings are called dummies. The most sophisticated versions of these dummies are articulated 
and multi-segmented to simulate all the major articulating joints and segments of the human body. 
However, effectiveness of the multi-segmented models to accurately predict live human response 
depends heavily on the proper biomechanical description and simulation of the articulating joints. 

The body segments of mechanical models of human beings (crash dummies) are usually modelled 
as rigid bodies which are connected by joints. The joints enable relative motion between the body parts 
and are often modelled as ball and socket joints or revolute joints. These joints suffice for the 
description of normal motion of human beings. However, in the case of crash simulations, during which 
large displacements (combined rotations and translations) take place in a short time interval, these 
joints are not applicable. In addition, these joints cannot describe life-like displacement in the joints: the 
knee joint is often modelled as a revolute joint but this does not correspond with experimental studies 
which conclude that the knee has no fixed center of rotation. 

Human joint models can be divided in phenomenological models and anatomical models. For 
example, Hefzy & Grood (1 988) applied this classification to knee models. Phenomenological models 
are used to describe the response of a joint without considering its real structures. They can therefore 
be interpreted as black-box models in which a displacement (translation and/or rotation) may result in 
prescribed resistive moments and forces. Anatomical models have been developed to study the 
behaviour of the various structural components in the joint such as the ligaments and the cartilage. 
These models require accurate description of the anatomy and geometry. Aaatomica! joint modelling 
techniques can consequently be subdivided on the basis of the considered deformation of the 
articulating surfaces of the bones in the joint: rigid body modelling and finite element modelling. As part 
of this research project, a literature review of human joint modelling techniques was previously written 
by Rademaker (1995). An overview was given of the available phenomenological and anatomical joint 
modelling techniques. 

In the biomechanics literature, the emphasis has been on the development of a modelling technique 
for individual joints. Most of the literature concerning joint modelling techniques concentrate on the 
modelling of the static, quasi-static or dynamical motion of the human knee. Hefzy & Grood (i 988) and 
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Hirokawa (1 993) both give an extensive review of the available knee models in the literature. However, 
the only universal modelling technique for describing anatomical joint motion has been described by 
Moeinzadeh (1981). Rademaker (1994) gives an extensive review of that modelling technique and its 
subsequent extensions and applications. Moeinzadeh applied the modelling technique to the knee joint 
and methods to model other joints have been discussed. However, these models could not be validated 
due to the lack of specific experimental data. For instance, research into the literature of impact 
biomechanics revealed that dynamic joint motion and impact joint motion are inherently different. For 
example, during regular dynamic joint motion the cartilage layers of the bones in the knee joint remain 
in contact. This surface contact and additional stability are maintained by the ligaments in the knee joint. 
Impact on the knee joint can result in rupture of these ligaments and a subsequent decrease in the 
resistive properties of the knee joint. It can therefore be concluded that dynamic and impact joint motion 
pose different requirements on a joint modelling technique. From the literature review (Rademaker, 
1993, it was therefore concluded that no generalized joint modelling techniques are available which 
are applicable for dynamic as well as impact joint motion. 

The objective of this research project is to discuss the application of the phenomenological joint 
modelling techniques for passive, dynamic and more specific impact joint motion. The applicability of 
the techniques will be verified by implementing a knee joint in MADYMO. MADYMO is a combined finite 
element/multibody program which has been developed for the simulation of vehicle-occupant interaction 
during impacts. This implementation will give more insight into modelling problems and computational 
differences. The eventual aim is to formulate and implement a generalized human joint model in 
MADYMO. To accomplish this aim, future separate research projects need to be defined for the 
implementation of human joints in MADYMO. In addition, recommendations need to be made for the 
applicability and validation of these joint models. 

In this report, a review is given of the main phenomenological joint modelling techniques which have 
appeared in the literature and are implemented in human body modelling software. In Chapter 2, the 
function of the main human joints is discussed and the joints are classified according to their freedom 
of motion. Research into the behaviour during joint motion results in a set of requirements for the 
phenomenological joint modelling techniques. Applications in human body modelling software such as 
MADYMO, GEBOD and the Articulated Total Body Model are then confronted with these requirements. 
In Chapter 4, a generalized phenomenological joint modelling technique is proposed which allows 6 
degrees of freedom in combination with dependent resistive properties (moments and forces). The 
applicability of the modelling technique is verified by modelling a knee joint and validating the model. 
The applicability of the knee joint model is compared to several anatomical knee joint models for 
passive and impact joint motion. For this purpose, injury mechanisms during impacts are discussed and 
requirements are determined for the modelling techniques. In Chapter 5 the requirements and the 
available modelling techniques are evaluated. The report is concluded by Chapter 6 in which 
recommendations are given for further research. 
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Chapter 2 

Properties of Human Articulating Joints 

2.1 Introduction 

The human body consists of numerous joints which connect body segments. For example, the knee 
joint connects the upper and lower leg. In the biomechanics literature, 3 major classes of human joints 
can be identified: 

1) 

2) 

3) 

fibrous joints or synarthroses, such as the junction of the fibula to the tibia, which are united by 
fibrous connective tissue and allow no relative motion, 
cartilageneous joints or amphiarthroses, such as the ribs and sternum, which are joined by the 
cartilage and have little or no relative motion, 
diarthrodial or synovial joints, such as the knee and shoulder, which consist of a joint cavity with 
an outer fibrous covering (capsule) and inner synovial membrane (cartilage layers) which allow 
a wide range of motion. 

In this report, the emphasis will be on the description of diarthrodial joints. The main diarthrodial joints 
in the human body are the shoulder, elbow, hip, knee, and ankle. The anatomy and physiological 
function of the shoulder joint is discussed in Appendix A (section A.3.1) while the knee joint is 
discussed in appendix B (section 6.2). For a detailed description of the anantomy, one is directed to 
handbooks of the human anatomy. 

In this chapter, the properties of diarthrodial joints are discussed. These properties include the 
specific function of the different joint components and the degrees of freedom. The degrees of freedom 
determine the possible range of motion in a joint. Due to the different variety of joints in the human 
body, it follows that in general a number of different motions is possible. For example, the hip allows 
only rotational motion while the knee combines rotational and translational motion. After the properties 
and behaviour during joint motion are discussed, a set of requirements for a generalized model of 
diarthrodial joints can be set. 

2.2 Diarthrodial joints 

One of the primary functions of diarthrodial joints is to facilitate motion between the surfaces of the 
connected body segments. It is therefore characterized by its large degree of articulating motion. The 
motion in a joint is dynamically controlled by muscles. It is furthermore statically constrained and 
stabilized by the shape of the articular surfaces of the body segments and the joint components. 
Although the individual anatomical forms and material properties of diarthrodial joints vary considerably, 
there are 2 components common to all diarthrodial joints: synovial fluid and connective tissue. The 
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primary function of the synovial fluid is to act as a lubricant: it has a high viscosity during static 
equilibrium to prevent flowing and a low viscosity during joint motion to limit heat development. 
Examples of connective tissue are articular cartilage, menisci, ligaments, and tendons. The cartilage 
layer is a protective tissue which covers the articulating bone surfaces and deforms elastically during 
short duration loading. The meniscus is a crescent-shaped disc and the primary function is mechanical 
force transmission between the articulating bones. The behaviour of the ligaments and tendons is often 
compared to that of spring-damper combinations. 

2.3 Degrees of Freedom 

In the biomechanics literature, the diarthrodial joints in the human body are often categorised by their 
translational and rotational degrees of freedom. These degrees of freedom define the freedom of motion 
in a joint and are mainly predetermined by the shape of the surfaces of the articulating bones. In 
addition, the range and type of motion can also be limited by the presence of capsule, ligaments, and 
muscles in the joint. The number of degrees of freedom depends on the physical function of the joint. 
This is confirmed if the degrees of freedom in the joints are considered more closely. For example, the 
knee joint connecting the upper and lower leg is mainly required to allow a rotation required for the 
mechanics of walking. The following types of joints can be found: hinge joint, rolling joint, saddle joint, 
ellipsoidal joint, ball and socket joint, and planar joint (Figure 2.1): 

A hinge joint has 1 rotational degree of freedom. The translational degree of freedom is prevented 
by a ledge perpendicular in the middle of the socket to the rotation axis and collateral ligaments. 
Examples of hinge joints are the joints between the phalanges of the finger and the femur-tibia joint 
in the knee (with a moving axis of rotation to allow rolling and gliding of the femur and tibia). 

The rolling joint or cylindrical joint has 1 rotational degree of freedom. A possible translational degree 
of freedom is prevented by ligaments. An example of a rolling joint is the joint between the caput of 
the radius and the proximal end of the ulna in the lower arm. 

The saddle joint consists of concave and convex articulating surfaces and has 2 rotational degrees 
of freedom. Examples of saddle joints are the sternoclavicular joint in the shoulder and the joint 
between the carpus and the metacarpale in the thumb. 

In an ellipsoidal joint, the 2 surfaces have a different convexíconcave curvature in the 2 perpendicular 
directions. Only 1 rotational degree of freedom is possible although deformation of the surface layer 
and deviations from the idealized ellipsoidal shape may enable more degrees of freedom. An 
example of an ellipsoidal joint is the joint between the radius and carpus in the wrist. 

A ball and socket joint has 3 rotational degrees of freedom. Typical examples are the glenohumeral 
joint in the shoulder and the hip joint. 

A planar joint has 1 rotational and 2 translational degrees of freedom. Examples of planar joints are 
the flat joints in the cervical spine between vertebrae and the scapulothoracic joint in the shoulder. 
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hinge joint rolling joint 

W 

saddle joint 

ellipsoidal joint ball and socket joint planar joint 

Figure 2.1: Types of joints in the human body (Lohman, 1972) 

2.4 Requsments of the phenomenological joint modelling technique 

In general, the basis for implementing joint models, is the availability of a database of joint properties. 
These properties can consist of resistive moments and forces acting in the joint and range of motion 
in the degrees of freedom. The resistive properties as a function of the applied translations or rotations 
is hereby defined as the stiffness of a joint. Common to all joints is the nonlinear stiffness behaviour: 
the resistive proerties increase for increasing magnitude of degree of freedom. Several experimental 
studies, concerning the stiffness behaviour and resulting resistive moments and forces in joints, have 
been investigated in this research project. These are discussed for the shoulder joint in Appendix A and 
for the knee joint in Appendix B. The most extensive research has been conducted at the Wright- 
Patterson Air Force Base (WPAFB) in Ohio (Appendix A). Experiments were done with volunteers in 
order to determine the passive motion characteristics. Hereby, passive motion implies that the muscles 
are inactive. This data consists of the range of motion and the resistive properties as a function of 
multiple rotations. More specific, continuous functions were determined that relate combined rotations 
io resistive moments and forces for the shoulder, hip, and elbow. However, for the knee and ankle no 
continuous relations have been determined. For the knee and ankle, the resistive moments and forces 
as a function of the degrees of freedom are only available as a function of discrete rotation angles. 

The main characteristics of a joint are the number of degrees of freedom and the accompanying 
nonlinear stiffness behaviour. Although joint motion can be categorised according to their degrees of 
freedom (Figure 2.1), there are instances, such as during impacts, where additional degrees of freedom 
should be taken into consideration. For example, during frontal impact on the lower leg, the femur and 
the tibia can show relative translational motion (Appendix B). This is often referred to as "drawer 
motion". Experimental studies furthermore shows that "coupled joint motion" occurs: a translation or 
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rotation in one direction can generate resistive forces and moments in multiple directions. This coupled 
motion is caused by the joint components such as the ligaments. From this knowledge, the following 
minimum set of requirements can be imposed on the phenomenological joint modelling technique: 

. the model should be able to describe 6 degrees of freedom (3 translations & 3 rotations), 
the model should allow coupled joint motion (a continuous response as a function of the degrees of 
freedom), 
the model is based on experimental stiffness data, and therefore 

e the model should account for nonlinear stiffness characteristics. 
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Phenomenological Joint Models in Human Body 
Modelling Software 

3.1 Introduction 

Phenomenological joint models are used to describe the response of joints without describing the 
geometrical structures. These joint models can therefore be interpreted as black box models in which 
the influence of joint components cannot be differentiated. For this purpose, the mechanical properties 
of the joint components (ligaments, cartilage etc.) are lumped into functions. These functions describe 
the relation between forces/moments and degrees of freedom. Examples are prescribed force- 
translation or moment-rotation functions. 

Phenomenological joint models have been discussed extensively in the biomechanics literature. A 
review of joint models of the shoulder, knee, hip, and ankle has previously been written as part of this 
research project (Rademaker, 1995). Research has mainly focused on joint modelling of the lower 
extremities and more specifically the knee joint. These models have mainly been used as part of larger 
2-dimensional models which predict human body dynamics (muscle load sharing and joint reactions 
during walking). In these models the body segments were idealized as rigid links whose positions are 
actively controlled at their connecting joints. An example of a phenomenological model of the knee is 
a simple hinged model. Hefzy & Grood (1988) and Engin (1979) provide extensive reviews of simple 
hinge models. However, it is not anatomically correct to model the knee as a hinge because the motion 
of the knee has no fixed center of rotation and relative translational motion can occur. 

The application of the available phenomenological joint modelling techniques for implementation in 
a multibody/finite element program, such as MADYMO, have thus far not been investigated. For this 
purpose, a minimum set of requirements has been derived in the previous chapter. From investigation 
of human joint behaviour during motion, the following requirements can be imposed on the 
phenomenological joint modelling technique: 

the model should be able to describe 6 degrees of freedom (3 translations & 3 rotations), 
the model should allow coupled joint motion (a continuous response as a function of the degrees of 
freedom), 
the model is based on experimental stiffness data, and therefore 
the model should account for nonlinear stiff ness characteristics. 

In this chapter, the phenomenological joint modelling techniques which have been implemented in 
human body modelling software such as the Articulated Total Body (ATB) model, and MADYMO are 
confronted with the set of requirements. The current dynamic joint modelling techniques in MADYMO 
consist of a Cardan restraint and flexion-torsion restraint. The joint modelling techniques are dynamic 
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in the sense that resistive moments can be prescribed for rotations. Furthermore, user-defined joints 
can be implemented in MADYMO (MADYMO Users’ Manual 3D, 1994). A user-defined joint permits 
the user to allow more degrees of freedom in a joint and allows coupled relationships to be described. 
User-defined joints have been used to model joints using a stiffness matrix format. 

3.2 Current dynamic joint modelling techniques in MADYMO 

MADYMO offers the possibility to define 2 dynamic joint models: the Cardan restraint and the flexion- 
torsion restraint (MADYMO Users’ Manual 3D, 1994). These restraints are available for kinematic joints 
that do not constrain the relative orientation of 2 interconnected bodies: ball and socket joints (3 
rotational degrees of freedom) and free joints (6 degrees of freedom). The dynamic joint models are 
hereby superpositioned over the function of the kinematic joint to prescribe torques or moments on the 
connected bodies. These torques depend on rotations angles that define the relative orientation of joint 
coordinate system. In essence, ball and socket and free joints are treated differently in comparison to 
kinematic joints. This is because the joint degrees of freedom that are used for defining the relative 
orientation, Euler parameters, are not angles of rotation which can be correlated to resistive torques. 
A resistive torque is hereby specified as a nonlinear function of the corresponding joint degree of 
freedom. A resistive torque is positive in case the load tends to reduce the joint degree of freedom. The 
difference between the Cardan restraint model and the flexion-torsion restraint model is determined by 
the angles that are used to define the relative orientation of the joint coordinate systems on the body 
segments. 

The main disadvantages of the Cardan and flexion-torsion restraints are that they only consider 
rotations in a joint. Theoretically, the restraints can therefore only be applied to joints where rotations 
are predominant such as the shoulder and hip. Inherent to the restraint models is that they cannot be 
used to describe translations in a joint, such as anterior-posterior drawer motion in the knee, or coupled 
rotationaVtranslationa1 joint motion. In order to describe resistance against translations, point restraints 
can be superimposed over the function of the restraints. However, the definition of the poin-restraints 
is not specifically developed for this purpose. In general, both restraints can be defined in one joint to 
provide the possibility to model a complicated dependency of joint torques on the relative orientation 
of the joint coordinate systems. Of course, this does not improve the insight into joint model and the 
individual function of the restraints. The possibilities of modelling human joints as a Cardan restraint 
or a flexion-torsion restraint in MADYMO will be discussed in the following sections. 

3.2.1 Cardan restraint 

In the Cardan restraint, the relative orientation of 2 joint coordinate systems is described by means of 
3 successive rotations (Figure 3.1). These rotations define the orientation of a joint coordinate system 
j relative to joint coordinate system i. Initially, both coordinate systems are assumed to be parallel and 
no resistive torques are allowed in this position. The sequence of rotations is such that the first rotation 
41 is carried out about the xj’-axis of coordinate system i. The second rotation 8 is about the intermediate 
yj*-axis and the third rotation w is about the intermediate zi*-axis. This x-y-z sequence of rotations is 
often referred to as the Bryant or Cardan angle rotation sequence. The accompanying transformation 
matrix F&, mapping the orientation of the xi*-, yi*-, zi’-axis coordinate system to the xi*-, yi*-, zi*-axis 
coordinate system is defined as: 
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Figure 3.1: Relative orientation of coordinate systems in the Cardan 
restraint system (MADYMO Users’ Manual 3D, 1994) 

Inherent to the use of a Cardan rotation sequence, to describe the orientation of a joint, is the 
possible occurence of singularities. For example, when û=_+n/2, the first and third rotation axes are 
parallel. Subsequently, the $ and y~ rotations cannot be uniquely defined. This singularity is often 
referred to as gimbal lock and results in numerical problems (the simulation stops abruptly when the 
boundary value is reached). In order to avoid this in MADYMO, the second rotation 0 is limited to the 
following interval: 

n n --< e <- 
2 2 

The singularities can often be avoided by choosing the orientation of a joint such that the selected yi* 
axis corresponds to the axis with the highest resistive torque. 

The total torque Iw, acting on the joint is the sum of the elastic, damping, and friction contributions 
corresponding to the rotation angles Cp, 8, and v. If the damping and friction are not considered, Pit is 
defined as: 

The components of the moment vector relative to the xi*, yi*, zi*-axis coordinate system can be 
determined by multiplying (3.3) with the transpose of & (3.1). However, resistive moments can only 
be prescribed for the separate rotation axes. As a result, a rotation about one axis cannot initiate a 
moment about amther axis. The simulation of :esistive properties during coupled motion is, therefore, 
not possible. For example, in the knee joint, the dependence of the axial stiffness against internal- 
external rotation cannot be modelled as a function of the flexion. 

Application of the Cardan restraint is recommended if the relative rotations in a joint are indeed 
achieved by rotations about one or more physical axes. The restraint can, therefore, only be used to 
model joints in which the joint degrees of freedom are rotations such as in a ball and socket or free 
joint. However, due to the restrictions of the range of the second rotation, the Cardan restraint cannot 
be used to model joints with a large rotational range of motion such as the shoulder. In the shoulder, 
the possible rotations exceed n/2 for all 3 rotation axes. 
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3.2.2 Flexion-torsion restraint 

In the flexion-torsion restraint, the relative orientation between 2 joint coordinate systems is the result 
of 2 successive rotations. These rotations define the orientation of joint coordinate system j relative to 
joint coordinate system i (Figure 3.2). Initially, both coordinate systems are assumed to be parallel and 
no resistive torques are allowed in this position. The first rotation is a flexion about the y,*-axis and is 
defined by the angle a between the z,' and z,*-axes. The second rotation is a torsion and is defined by 
the angle p about the z,'-axis. 

Figure 3.2: Flexion-torsion restraint with flexion angle a, torsion angle p 
and directional dependency angle y (MADYMO Users' Manual 3D, 1994) 

Resistive torques can be specified which are functions of these rotation angles a and p. The torsion 
torque is solely dependent on the torsion angle. However, the flexion torque can be described as a 
function of coupled joint motion: the flexion torque is defined as a function of a but is also a function 
of the directional dependency angle y about the z,'-axis. This allows, for example, the simulation of the 
rubber neck cylinder of a dummy. The z'-axes are then selected along the centre line of the cylinder 
body. Due to the rotational symmetry of the neck of many dummies, the flexion torque has to be 
defined only as a function of the flexion angle a. In case of non-symmetrical structures, the flexion 
torque becomes directionally dependent by means of the angle y. This is the case for most joints in the 
human body. 

The flexion torque vector M,, acting on the joint, is defined by (Figure 3.3): 

M, = -M,(a)C(y)O (3.4) 

in which O is the unit direction vector perpendicular to the zi* and z,'-axes, M, and C are functions of a 
and y, respectively. The cosine of the flexion angle a is determined by the in-product of the unit vectors 
along the zi* and zi' axes. The flexion angle is then given by: 

a = cos-'(eZi " J  (3.5) 

and is defined in the interval: 

o 1  a I n  

The direction vector 8, is defined as: 
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8, = sin(a)cos(y)8,, + sin(a)sin(y)ë,, + cos(a)8,, (3.7) 

If a bending moment is prescribed whereby a would reach negative values, the direction vector 0 
changes sign and the rotation is once again inside the defined interval. The directional dependency 
angle y is the angle between the projection of the unit vector of the zj* on the xi*-yi' plane and the xi'- 
axis. The directional dependency angle is defined as: 

e .  . éZj\ 
y = COS - 1 I  (- XI 

sin(a) I 
(3.8) 

and is defined in the interval: 

-nl y l x  (3.9) 

The following holds for y (Figure 3.2): 

~0 then a is a rotation about s/i*- axis 
w / 2  then a is a rotation about xi'- axis 

The function C(y) is a dimensionless multiplication factor for the torque-angle function M,(a). The 
function is only defined in the interval for y (3.10) and the boundary values of ~ + n  must satisfy the 
condition C(-n)=C(n). The unit direction vector Li is defined by: 

(3.1 O) 

\ 

\ 

Figure 3.3: The direction of the unit direction vector O and flexion 
torque vector Mf (MADYMQ Users' Manual 3D, 1994) 

The torsion torque vector Di,, acting on the joint, is defined by (Figure 3.4): 

The cosine of the torsion angle P is determined by the in-product of the unit vectors along the xi' and 
intermediate xi'*-axes. The torsion angle is then given by: 
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p = cos-’(e, - Gxi) (3.1 2) 

and is positive in the interval: 

-71;s p 571; (3.1 3) 

In order to define p, the unit vector êxj is considered. Before flexion this vector coincides with êxi, due 
to rotation a, this vector is mapped to the intermediate image vector CSxi’. This intermediate image vector 

(3.14) 

is given by: 

e;, = (exi .u)o + (exi-(exi -u)O)cosa + (ûxG,,)sina 

Figure 3.4: The torsion angle p d torsion torqu 
(MADYMO Users’ Manual 3D, 1994) 

vecto 

There are several limitations to using a flexion-torsion restraint to model human joint behaviour. The 
main disadvantage is the restricted interval of the rotation angle a. Furthermore, the intervals of y and 
p are restricted between -71; and 71;. Furthermore, resistive torques can only be effectively prescribed for 
rotations about 2 axes. These 2 limitations imply that joints with multiple rotation axes and larger ranges 
of motion, such as the shoulder, cannot be modelled. A further problem is the transfer of experimental 
stiffness curves to a format that is compatible with the definition of the flexion-torsion restraint. The 
application of the investigated experimental stiffness data (described in Appendix A for the shoulder and 
in Appendix B for the knee) to the format is limited. For example in the knee, the stiffness against 
varus-valgus bending moments cannot be described directly like in the Cardan restraint. This could be 
described separately by taking C(y)=l for y=O and C(y)=O for other values. However, implementing 
combined nonlinear flexionharus-valgus resistive properties using experimental stiff ness curves is not 
possible. Furthermore, the restraint cannot describe coupled relations in which M(a) and C(y) are 
defined as a single nonlinear functional relation. For example, the functions such as used by motion 
resistive properties of Engin & Chen (1 987 & 1989): 

M, = M,WY + M,(a)f + M,(a)y3 (3.15) 

,in which M* are different goniometric functions, cannot be implemented. 
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- - 

3.3 Modelling with a stiffness matrix formulation 

- - -  

k12 kt, k14 k15 k i 6  u~ 
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k31 k32 k33 k34 k35 k36 

k4i  k42 k43 k44 k45 k46 @x 

k51 k52 k53 k54 k55 k56 @y 

k61 k62 k63 454 k65 k66- -,@z. 

In the biomechanics literature, the resistive forces/moments and degrees of freedom in a joint are often 
related using a linear stiffness stiffness matrix formulation. Hereby, a square stiffmess matrix K links 
translations/rotations y to subsequent forces/moments E in the joint: 

(3.16) 

in which u,. are the translations along and @* are the rotations about the x,y, and z-axes of the joint 
coordinate system. The nondiagonal terms in the matrix enables the modelling of coupled motion: a 
prescribed motion in one direction can result in forces/moments in multiple directions. These terms are 
caused by connective elements such as ligaments. If the matrix is diagonal, the degrees of freedom 
are decoupled. 

can be determined directly using the prescribed displacement input method 
or indirectly using the prescribed force input method. For the experimental determination of nonlinear 
coupled characteristics, the matrix terms are more easily determined using the prescribed displacement 
method. With this method, a displacement (translation/rotation) is prescribed and the resistive forces 
and moments are measured. The advantage is that each joint component, such as a ligament, 
experiences the same displacement, independent of how many components are considered. Thus, for 
example, a series of experiments can be done with ligaments selectively cut and the difference in 
stiffness, identifies the contribution of the cut component. In the prescribed force input, is obtained 
by inverting the flexibility matrixA in the relation u=A F. The prescribed force input method requires the 
input of a single force/moment while measuring the relative translations/rotations. However, experiments 
showed that it is difficult to prescribe a single force across a coupled system. If the prescribed force 
or moment vectors are sequentially applied, the displacements can be measured at each load. A matrix 
equation can then be determined such that its solution produces one row of A. However, for nonlinear 
systems, the inverse matrix may not be applicable. 

Several knee joint models have appeared in the literature which use the stiffness matrix formulation 
(Piziali & Rastegar, 1977; Loch et al., 1992). These models are all passive and do not consider 
dynamic motion characteristics such as the effects of active muscle contraction or viscoelasticities. The 
formulation has also been used in the literature to model other joints such as the thoracic spine 
(Panjabi et al., 1976) and the neck (Deng & Goldsmith, 1987; De Jager et al., 1994). 

Piziali & Rastegar (1 977) determined the structural characteristics of the human knee using the 
prescribed displacement method. However, the method hereby considers absolute displacements 
instead of relative displacements. Twelve degrees of freedom are considered: 3 translational and 3 
rotational degrees each for the femur and the tibia. The displacements were applied to the femur and 
the forces transmitted to the tibia were measured. The method is in essence accurate but cost-intensive 
and the resulting matrix was only partially filled. The nonlinear load-displacement data was 
approximated by a least squares polynomial fit and then differentiated to determine the stiffness as a 
function of displacement. Cross axes coupling produces a full matrix and individual stiffness curves are 
seen to be a function of the initial displacement state of the joint. 

Loch et al. (1 992) follows the spirit of the model by Piziali & Rastegar but avoids the difficulties of 

The stiffness matrix 
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the nonlinearities of the stiffness matrix. The model of the knee joint was primarily developed to 
examine the role of the anterior cruciate ligament (ACL) on joint motion and tissue forces. The ACL and 
the cartilage are modelled as deformable elements. Small displacements about an equilibrium position 
are assumed so that the linear elastic theory can be applied. A stiffness matrix is then determined using 
the prescribed force input method. The model was demonstrated for the equilibrium condition of the 
knee in extension with an anterior force applied on the tibia. This causes hyperextension and anterior 
drawer of the knee. Qualitative agreement was found between model simulations and experiments. The 
stiffness matrix of the knee joint was also determined after sectioning the ACL. This made evaluation 
of the knee joint model with and without the ACL possible. A major limitation of the described model 
is the basic concept of incremental loading about a preloaded equilibrium position. This approach was 
chosen to allow for simple model formulation with the use of linearization, and for simpler experimental 
measurement of model parameters. Application of the method to a wider range of motion, would lead 
to the required determination of stiffness matrices at each equilibrium configuration. 

Specific application of the stiffness matrix approach in MADYMO to model a 6 degree of freedom 
joint model has been performed by De Jager et al. (1994) for the neck, Happee et al. (1994) for the 
lumbar spine of the Hybrid I l l ,  and Van de Vrande (1995) for the lumbar spine of the EUROSID-I. 
Although it has not been proven experimentally, it is assumed that the stiffness matrix has to be 
symmetric for principles of energy. The energy required to reach a certain position from a constant 
initial position must be constant and independent of the travelled distance. The stiffness matrix is 
usually considered to be constant and can therefore not be used to model nonlinear stiffness relations. 
However, nonlinear relations can be prescribed in the matrix but then a linearly increasing displacement 
will not result in an equal linear increase of the forces and moments. 

3.4 Modelling with functional expansions: the ATB model 

The Articulated Total Body (ATB) model is a 3-dimensional multibody dynamics program (Obergefell 
et al., 1988). It is an enhanced version of the Crash Victim Simulator (Fleck & Butler, 1981) and was 
developed by the US Air Force. The purpose of the ATB model is to predict human body dynamics 
during aircraft ejection, aircraft crashes, automobile accidents, etc. In essence, its functions and 
capabilities can be compared to the multibody facilities of MADYMO. 

In the ATB model, human joints can be modelled as hinge joints, ball and socket joints, globalgraphic 
joints, Euler joints, and slip joints. Joint resistive torques are computed as a function of the relative 
orientation between 2 joint coordinate systems. The application of the different joints depends on the 
actual behaviour of a joint and the available experimental torque/moment data. The human joints are 
mainly modelled as hinge joints (elbow and knee) and ball and socket joint (shoulder, hip, and ankle). 
In general, translational degrees of freedom are hereby not considered. 

In the hinge joint, a resistive torque can be prescribed as a function of the rotational degree of 
freedom. The other degrees of freedom are restricted by the internaVexternal geometry of the joint. A 
lower boundary for the torque can also be prescribed below which the magnitude of the resistive torque 
is zero. This boundary is referred to as the range of motion. The resistive torque can then have the 
following nonlinear format: 

(3.1 7) 

in which 8 is the rotational degree of freedom, 8, is the range of motion, and C* are coefficients. 
The definition of the ball and socket joint is in essence identical to the definition of the flexion-torsion 

restraint in MADYMO (section 3.2.2). For example, the torsion torque is also computed using torsional 
spring characteristics independent of the flexion and directional dependency angle. The additional 
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considerations are the nonlinear format of the flexion torque and the possibility of encorporating a range 
of motion. This range is in fact a lower boundary for the resistive torques: resistive torques inside the 
range of motion are considered to be zero. For a hinge joint, the range of motion is a single value, 
whereas for a ball and socket joint, the range of motion is a contour in the 3-dimensional space. This 
contour is a function of 2 rotation angles, whereby the contour can be written in the following form 
(Appendix A): 

(3.1 8) 

in which the angles 0 and @ correspond to a and yof the definition of the flexion-torsion restraint (Figure 
3.2) and Cf. are coefficients. After the contour is defined, the resistive torques can be determined and 
can have the following form (Appendix A): 

f(@,0) = (C, +C,cos@+C,sin$)û + (C,COS~@+C~COS@S~~@+C,~~~~@)~~ + 

(C,COS~@+C,COS~$S~~@+C,~~~$~~~~$+C,,S~~~@)~~ 
(3.1 9) 

in which C. are coefficients. It can be seen that the format of (3.19) is not compatible with the format 
of (3.4) as required by the regular flexion-torsion restraint. The flexion data could therefore not be 
modelled as a regular flexion-torsion restraint. The specific format of (3.19) is approximated in the ATB 
model by determining (3.19) for discrete values of @ and 0 and then performing a linear interpolation 
between the angles. The direction vector of the flexion torque is applied in the same manner as in the 
flexion-torsion restraint. 

The globalgraphic joint was primarily defined in the Crash Victim Simulator. The definition is 
essentially the same as a ball and socket joint but the resistive properties are not linked to the 
described format of (3.19). If motion takes place outside the range of motion, a user-defined stiffness 
(combination of simple mechanical components such as a Iinearhonlinear spring, viscous damper, 
Coulomb friction damper) is used to apply a restoring torque to the terminal point of the position vector. 
However, the user-defined stiffness cannot vary over the shape of the range of motion. 

Currently, the experimental studies concerning joint resistive properties and ranges of motion, which 
have been conducted at the Wright Patterson Air Force base are being used to implement human 
joints. Appendix A describes the application of the Engin & Chen (1 987 & 1989) data, as proposed by 
the ATB model, to model joints in MADYMO. The technique is demonstrated by modelling the shoulder 
complex as a ball and socket joint. The aim was hereby to develop a mathematical representation for 
the magnitude of the passive resistive properties of the human ball and socket joints. Engin & Chen 
provide resistive force/moment and range of motion properties in the form of functional expansions 
(3.18) & (3.19). The range of motion and resistive properties are determined relative to the center of 
a best-fitted sphere (center of motion). Although this center does not correspond to a realistic joint in 
the shoulder complex (Engin & Chen, 1987), in the ATB model all relevant properties of the shoulder 
are transferred to the geometric position of the glenohumeral joint. As a result, biomechanical rotation 
angles such as flexion-extension do not directly correspond to rotation angles in the joint coordinate 
system. It is therefore difficult to physically interpret the range of motion. Investigation showed that the 
ATB method of transferring the resistive properties is not done correctly (Appendix A). For example, 
the initial position in which the arm hangs limply beside the torso already results in a position outside 
the range of motion. This is caused by the fact that the range of motion is only defined for positive 
rotation angles. Therefore, simulations with the shoulder joint and validation with the Engin (1 979) data 
did not show good agreement. Appendix A describes how the Engin & Chen data could be properly 
used to model joints in MADYMO. Application to other joint models should also be considered. The 
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Yes 

no 

no 

partial 

required format of the ball and socket joint model is such that regular stiffness data in the literature 
cannot be applied. Furthermore, the available data is limited to a number of joints: the shoulder, hip, 
and elbow. Implementation of a knee joint and ankle joint model would therefore require additional 
experiments or a modelling technique which interpolates between discrete curves in order to obtain a 
continuous response. 

Yes Yes Yes 

no no Yes 

partial partial Yes 

partial Yes partial 

3.5 Discussion 

The modelling techniques that have been described in this chapter can now be confronted with the set 
of requirements. These requirements are imposed on the optimal modelling technique for 
implementation of a generalized phenomenological joint model in MADYMO. In Table 3.1, it can be 
seen that not all requirements are met (partial implies that the requirements are only completely met). 
The main problem is that most techniques cannot describe translational joint motion or fully coupled 
joint motion. It is therefore essential to develop a new modelling technique which allows 6 degrees of 
freedom and which adopts experimental stiffness data (curves) as reported in the literature but allows 
for nonlinearities. 

Table 3.1 : Evaluation of the modelling techniques 

Stiffness matrix I ATB model I Flexion-torsion I restraint 
Cardan restraint 

3 rotations 

3 translations 

coupled motion 

experimental 
stiffness data 

nonlinearities 

Essentially, a generalized phenomenological joint model depends on the available joint stiffness data. 
The problem hereby is that the format of the stiffness data of different joints is not consistent. A global 
inventarisation of the literature concerning shoulder and knee joint stiffness and resistive properties 
shows that available data consists of either continuous relations (Appendix A) or discrete relations 
(Appendix B) respectively. The ATB model uses continuous passive joint resistive properties, 
determined at the WPAFB, to model joints in accordance with the definition of the flexion-torsion 
restraint. However, the applied joint data is restricted in the sense that the magnitude of allowable 
range of motion is limited to positive values from a certain initial position. In general, the ATB model 
modelling technique is therefore applicable but different joint models are required if stiffness data is not 
given in the specified functional format. For example, knee joint stiffness data is available for the 
varus/valgus and internal/external rotation as a function of the flexion angle. This dual dependency 
cannot be modelled directly with a single ATB model ball and socket joint. Furthermore, due to the fact 
that there is continuous data available for the shoulder, elbow, and hip and discrete data for the knee, 
the development of a generalized joint model is limited. Several options are possible, either different 
types of joint models are developed to suit the available data or the data is transformed to a uniform 
format. For this purpose, an interpolation algorithm is required which blends discrete functions to a 
continuous function. Discrete stiffness curves hereby combined to form a continuous stiffness surface. 
If this surface cannot be determined analytically, a numerical response surface is then required. 
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Chapter 4 

Extension of the Flexion-Torsion Restraint: 
Blending of Stiffness Functions 

4.1 Introduction 

For a proper simulation of human articulating joint motion, a phenomenological joint model should 
satisfy several requirements. These requirements include the ability to describe 3 rotational as well as 
3 translational degrees of freedom. The model should also be based on experimental stiffness data 
determining the nonlinear motion resistive properties. In addition, the model should be able to take 
resistive properties in multiple directions into account when coupled motion occurs. 

Evaluation of the available phenomenological joint modelling techniques in human body modelling 
software showed that these did not satisfy all the requirements (Chapter 3). Although, the techniques 
have their merits, the main problems are that translational joint motion and coupled joint motion for 
multiple rotation angles cannot be described. In the flexion-torsion restraint, the flexion torque can be 
scaled as a function of a directional dependency angle. The ball and socket joint in the ATB model, is 
a modification of the flexion-torsion restraint. It is suitable for describing continuous and nonlinear 
resistive properties as a function of 2 rotation angles. However, discrete stiff ness functions whereby 
multiple rotation stiffnesses are a function of a directional dependency angle, such as in the knee, 
cannot be modelled in a single joint. 

MADYMO offers the possibility to implement user-defined joint models. A user-defined joint can be 
used to assign resistive moments and forces to degrees of freedom. The application of the stiffness 
matrix is an example of this. The Cardan and flexion-torsion restraints are examples of user-defined 
joints which have been encorporated in the source code, that in fact serve the same purpose. 

In this chapter, a user-joint model is implemented in MADYMO which aims to satisfy all the 
requirements. The joint model is a extension of the flexion-torsion restraint in the sense that multiple 
torques are a function of a single directional dependency angle. The technique is based on the blending 
of discrete nonlinear torques using an interpolation algorithm. As a result, this provides a continuous 
resistive response as a function of the degrees of freedom. Essentially, the joint is a superposition of 
multiple flexion torque definitions conform the flexion-torsion definition of the ATB model. The additional 
modification is that the choice of interpolation is not predetermined. In addition, resistive forces, which 
are related to translational degrees of freedom are also implemented. The joint model is validated by 
modelling the knee based on experimental data. This experimental data is required to be in a functional 
format and needs to be determined from a literature survey. For this purpose, several experimental 
studies on volunteers and cadavers are discussed. The model is verified by determining the passive 
joint motion response and comparing it to several other knee joint models which have appeared in the 
literature. Finally, further applications to other joints and other types of motion are discussed. 
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4.2 Discussion of knee joint stiffnesses 

Several experimental studies have been published in the biomechanics literature concerning knee 
joint stiffnesses. The stiffness is hereby defined as the relation between moment and rotation or force 
and translation. Most studies concentrate on the static varus-valgus bending, internal-external rotation, 
and anterior-posterior drawer stiffnesses. An extensive discussion of the most relevant experimental 
studies in the literature is given in Appendix B. The common feature of the moment-rotation angle and 
force-translation curves is the fact that the relations are nonlinear and increase during the range of 
motion. This range of motion is different for different rotations. The curves have been measured for a 
discrete number of flexion angles instead of a continuous flexion angle. Implementation in a joint model 
would therefore require an interpolation algorithm. 

The experimental tests, determining the joint stiffness, are static or quasi-static in the most favorable 
case. However, experiments have shown that the knee joint exhibits viscoelastic behaviour. For 
example, the response of the ligaments in the knee is strain-rate dependent: an increasing loading 
velocity results in a stiffening of the ligaments. It is therefore impossible to determine a stiffness value 
which is independent of the loading velocity. An option might be to separately model a form of damping 
in addition to a stiffness value. However, not much can be found in the literature concerning the multi- 
directional damping properties of joints. 

4.3 The available knee joint stiffness data 

In this section, a selection of the available knee joint stiffness curves as a function of the degrees 
of freedom are discussed. These degrees of freedom consist of: 

rotations: flexion-extension, varus-valgus, internal-external 
translations: anterior-posterior drawer, axial compression and medial-lateral 

In order to be able to discuss the available stiffness data of the knee joint, the orientation of the knee 
joint has to be defined. In this study, the orientation of the coordinate system is defined as follows: 

the x-axis points in the medial-lateral direction, 
the z-axis points upward, 
the y-axis follows from the definition of a right-handed Cartesian coordinate system and points in 
the anterior-posterior direction. 

The experimental studies conducted at the Biomechanics Research Section of the University of 
California (Markolf et al., 1976; Markolf et al., 1981; Markolf et al., 1984; Shoemaker & Markolf, 1985) 
are statistically consistent and extensive in the sense that stiffness data is determined for the 6 degrees 
of freedom in the knee. More in particular, the experimental study of Markolf et al. (1976) enables direct 
mathematical application of the stiff ness curves. Hereby, the experimentally determined nonlinear 
moment-rotation and force-translation relations are approximated by 3 linear curve segments (Figure 
4.1). The neutral stiffness and terminal stiffness line tangents of the 3 segments determine the shape 
of the curve. The intersection points of adjacent curves represent points at which the knee stiffened as 
it was tested. The distance between these intersection points is defined as the laxity. 
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terminal momentT stiff ness 

rotation 
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terminal 
stiffness 

--- experimental curve ~ approximated tri-linear curve 

Figure 4.1: Response curve 

The experimental study of Markolf et al. (1976) is the most extensive in providing stiffness data. 
Markolf et al. determined the following relations as a function of the flexion angle @x: M,-versus-@, 
(varus-valgus), M,-versus-@, (internal-external rotation), Fy-versus-u, (anterior-posterior drawer). Table 
4.1 gives the values of the stiffness and laxity as a function of the different angles of flexion and the 
accompanying measurement range. In the study, the flexion stiffness is considered negligible in 
comparison to the other stiffnesses due to the limited range of motion. However, the bending stiffness 
against hyperextension should however be considered. Markolf et al. (1 981) investigated the effect of 
hyperextension angle on the varus-valgus response of a single knee in the unloaded condition: My- 
versus-$. Although this data is applicable, regular flexion-extension stiffness functions are required in 
order to simulate the restricted flexion of the knee. 

The stiffness data for axial compression, medial-lateral drawer, and flexion/extension needs to be 
derived from other experimental studies. An axial compression stiffness of 7.5-1 O5 [N/m] was determined 
by Walker & Hajek (1 972) during axial static loading tests. Furthermore, an approximate medial-lateral 
stiffness of 1.1 O5 [N/m] was determined by Markolf et al. (1 981). However, a medial-lateral force on the 
lower leg will more likely result in a varus-valgus rotation than drawer motion. Drawer motion is primarily 
restricted by the geometrical shape of the condyles and curved tibial plateau. An impact force on the 
lower leg in combination with restrictions on the rotational motion will, therefore, more likely result in 
condyle or tibia/fibula fracture. Flexion-extension data was determined by Engin (1 979) during volunteer 
tests. Flexion-extension is defined relative to the position of minimum stiffness: @,=lOO" in Figure 4.2. 
Engin applied a least squares fit to determine a loth order polynomial to the experimental measurement 
points. However, application of the polynomial coefficients as given by Engin did not provide satisfactory 
results (Appendix C). For the correct implementation of the experimental curves, the measurement 
points were approximated from the curves of one volunteer subject and approximated by minimizing 
another least squares criterion. In Appendix C, it was determined that an 8'h order polynomial of the 
following form gave good results: 

The approximated curve is shown in Figure 4.2 and the coefficients ci are given in Appendix C. In Table 
4.2, the measurement ranges and stiffnesses are given for the different degrees of freedom. 



24 Chapter 4 

~ _ _ _ _ _ _ _ _ _ ~  

flexion angle 
[ " I  

Table 4.1: Experimental results of tests on 35 intact knee joint 
in 6 positions (Markolf et al., 1976) 

laxity neutral stiff ness terminal stiffness 
[radl [ " I  [Nm/"] varus 

I [Nm/"] 

Varus-valgus bending 
measurement range of motion: [-8" ; 8"] 

10 

20 

45 

0.079 4.5 1.6 14.4 15.7 

0.094 5.4 1.1 15.0 13.9 

0.105 6.0 0.8 13.3 12.7 

terminal stiffness 
valgus 
[Nm/"] 

O 11.0 I 14.0 16.5 

90 I 0.131 I 7.5 I 0.7 I 11.9 12.1 

135 I 0.147 I 8.4 I 0.7 I 12.4 9.6 

Anterior-posterior force 
measurement range of motion [-0.0035 [m] ; 0.004 [m]] 
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Figure 4.2: Experimental data of bending moment as a function 
of sweep of the lower leg (phi-x=@,) 

Table 4.2: Ranges of motion of the applicated stifness data 

II 11 measurement range I stiffness [N/m] 11 
trilinear 

internal-external 

4.4 Surface approximation from a discrete number of curves 

The moment-angle and force-translation curves have been determined for discrete angles of flexion. 
From the inventarisation of the stiffness data it can furthermore be seen that the bending moments are 
a function of the flexion angle. This dependency of the flexion angle is in a. format that is not compatible 
with the format as defined in the flexion-torsion restraint (3.4). In the flexion-torsion restraint, the 
dependency can only be modelled with a scaling parameter. Implementation of the stiffness data in the 
flexion-torsion restraint would therefore require the formulation of an interpolation scheme to obtain a 
continuous response. This continuous response is defined as a response surface. In this formulation, 
for example, the varus-valgus bending moment is then a function of the varus-valgus rotation and the 
angle of flexion. Lancaster et al. (1986) state that direct polynomial interpolation between data points 
is not generally recommended, particularly so when the number of data points is large. A surface 
interpolation by tensor product or blending methods is therefore recommended. 

The blending of curves, in order to obtain a continuous bending moment M as a function of the 
generalized coordinates x & y  (rotations), is defined in the generalized case as (Lancaster et al., 1986): 
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in which cpi and v, are interpolation functions. In the literature, these functions are often defined as 
cardinal functions. These cardinal functions are required for the blending of the bending moment 
functions g, and h, to obtain the continuous bending moment surface. In general, the bending moment 
functions will usually not be available and will have to be constructed from measurement points using 
interpolation or smoothing methods. These methods need not be the same as the methods implied by 
the cardinal functions which are being used for the blending. An important distinction between product 
interpolants and blended interpolants is that whereas the former uses only a finite number of nodes, 
the latter utilizes information along entire curves which are formed from infinitely many points. Additional 
literature concerning the subject of blending functions can be found in Gordon (1969). 

In this research project, continuous curves are available for the varus-valgus bending moment, tibial 
torsion, and anterior-posterior force. Each of these curves is defined relative to a discrete number of 
flexion angles. In order to obtain a response surface, cardinal functions need to be determined for the 
flexion. Therefore, the definition of the response surface determined by the blending of functions is: 

(4.3) 

in which Mi is the bending moment depending on the type of rotation, @ is $y (varus-valgus rotation) or 
$z (internaVexternal rotation), $, is the flexion rotation, and Li($,) is the blending function. 

4.5 Cardinal functions 

Cardinal functions need to be determined for the blending of a discrete number of bending moment 
curves in order to obtain a continuous response surface. The applicability of several cardinal functions 
has been investigated. These cardinal functions include polynomials interpolation and linear 
interpolation. 

The application of polynomial interpolants to the current data results in 5th order polynomials as the 
cardinal functions Li($,): 

N 

It can be seen in Figure 4.3 that the cardinal functions oscillate and grow for increasing flexion angle. 
Application of the polynomial interpolation technique to describe the surface of the varus-valgus bending 
re!atior! as a function of the flexion angle yields results as seen in Figure 4.4. It can therefore be 
concluded that polynomials cannot be used as cardinal functions. 

In the literature and from the preceding example of polynomial interpolation, it is evident that as the 
number of interpolation points increases, the necessary flexibility of the interpolating polynomial is only 
obtained by increasing both the degree and the risk of severe oscillations of the fitted curve. Options 
that could be used are piecewise linear functions or piecewise polynomial functions (cubic splines). The 
nature of the linear spline precludes it being smooth in the sense that every value of $, has a derivative. 
It is however possible to obtain a piecewise cubic function (B-spline) that has at least a continuous first 
derivative and in some cases a second derivative. 
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Figure 4.3: Polynomial cardinal functions 
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Figure 4.4: Surface interpolation of varus-valgus bending moment using polynomials 

As a primary option to gain more knowledge concerning the application of the blending technique, 
linear piecewise interpolation is used. This choice is valid because the experimental curves are partly 
linear as well and no major variations in slope can be noticed. The cardinal functions as a function of 
the flexion angle cp, can be described by the following linear interpolants: 

&, = [O 10 20 45 90 1351 

Application of these cardinal functions yields results as shown in Figure 4.5. In comparison with Figure 
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4.4, it can be concluded that the linear interpolation gives much better results than the polynomial 
interpolation. Results of the application of the blending function technique to tibial torsion and anterior- 
posterior force data are shown in Figure 4.6 and Figure 4.7. From these figures it can be concluded 
that the modelling technique blends the discrete curves perfectly to form a continuous response surface. 
The results are confirmed by the ATB model, in which linear interpolation also yielded good results. The 
next step is the implementation in MADYMO in order to verify the applicability. 
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Figure 4.5: Surface interpolation of varus-valgus bending moment using linear interpolation 
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Figure 4.6: Surface interpolation of tibial torsion using linear interpolation 
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Figure 4.7: Surface interpolation of anterior-posterior drawer using linear interpolation 
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4.6 Implementation in MADYMO 

The proposed joint modelling technique of blending functions has been implemented in MADYMO. For 
this purpose, a user-joint has been written in the FORTRAN 77 programming language and linked to 
the source code (MADYMO Programmers Manual, 1994). The user-joint connects 2 bodies in the 
hierarchial chain: the upper body and lower body. The user-joint reads the orientation and position of 
of the lower body with respect to the upper body. The resistive moments/torques are defined as a 
function of the rotation angles QX, $, and QZ of the lower body. The resistive moments/torques can be 
defined relative to the orientation of the upper body in an analogous manner as in the definition of the 
flexion component of the flexion-torsion restraint. This can be done by multipyling the momenthorque 
vectors in the coordinate system of the lower body by the transpose of the rotation matrix relating the 
orientation of the coordinate systems of the 2 bodies. Resistive moments/torques are then assigned 
to the degrees of freedom in the upper body coordinate system. Resistive forces are defined to the 
respective coordinate systems in an analogous manner. However, determining the relative orientation 
of the coordinate systems as a sequence of rotation angles is not trivial. 

The orientation of the 2 coordinate systems in a joint is provided by MADYMO as a set of Euler 
parameters. These Euler parameters need to be transformed to Euler angles for which the resistive 
properties are available. The Euler parameters can be resolved into an Euler parameter matrix notation. 
The Euler parameter matrix and Euler angle matrix are then equivalent (it must be noted that MADYMO 
uses Euler parameters which are 0.5*regular Euler parameters for a decrease in computational effort). 
For this purpose, the prescription of the rotation matrix needs to be considered. The choice for a 
specific Euler angle rotation sequence can be made by the user in the user-subroutine. The sequence 
should be chosen such that singularities are avoided. If an Euler angle sequence is adopted of the x-y-z 
convention, then a rotation of 90" about the y-axis leads to gimbal lock an orientation is then no longer 
uniquely defined. If this rotation sequence is adopted for the knee joint, singularity or gimbal lock is 
avoided because during realistic knee joint motion, the varus-valgus rotation @y will reach 90". This does 
however pose some restrictions which need to be considered. The successive rotation angles for the 
x-y-z Euler angle rotation sequence are defined as: 

@x flexion-extension (about the x-axis), 
@y varus-valgus rotation (about the intermediate y-axis), 
@z internal-external rotation (about the intermediate z-axis). 

The Euler parameter matrix and the accompanying Euler angle matrix are then defined as: 

in which q,, q,, q,, q, are the Euler parameters, s(@+)=sin(@.), and c(+)=cos($J. The rotation angles can 
then be determined from the rotation matrix components: 

An alternative option to determine the orientation of a joint as a function of the rotation angles, is to 
use the angles as determined by a Cardan restraint. The Cardan restraint also employs an x-y-z 
rotation sequence and uses Bryant angles to determine the resistive moments and torques about the 
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I 

respective rotation axes. The specific application of the Cardan angles is given in the listing of the user- 
joint in Appendix E. 

The disadvantage of the used methods and rotation sequences to determine the orientation of a joint 
as a function of the rotation angles, is that the range of motion for the $y rotation about the y-axis is 
limited to values below the boundary value of 90". If @y reaches this boundary value, an alternative 
rotation sequence can be used to determine the rotation angles from the Euler angle matrix. For 
example an x-y-x rotation sequence does not result in singularities for $=90° and would result in the 
following Euler angle matrix: 

mass ' z  

[kgf I rk&I I rkA'1 rkgmZ1 

3.77 0.0582 0.0573 0.0066 

in which s(@)=sin(C), and c(~.)=cos(@.). The rotation angles can then be determined from the rotation 
matrix components in a similar manner as in (4.6): 

4.7 Verification studies 

A knee model was implemented in MADYMO which connects the upper and lower leg with a user- 
joint. In the knee model, the upper leg is inturn rigidly connected to the inertial space. For 
implementation of the knee joint model, mass and inertia knee joint data was generated using GEBOD. 
GEBOD (GEnerator of Body Data) has been developed for generating geometric properties of human 
body segments (Obergefell & Kaleps, 1992). These properties include mass, principal moments of 
inertia, orientation of the principal axes, and ellipsoid geometry of each body segment. Body data can 
be determined by supplying initial body dimensions or a certain percentile (for example a 50th percentile 
male). The MADYMO version of GEBOD is an interactive, menu-driven program (MADYMO Users' 
Manual 3D, 1994). Recent additions and improvements provide the linkage structure of the body with 
joint's locations, range of motion characteristics, and joint stifnesses. The mass and inertia data of the 
lower leg of a 50 percentile male is given in Table 4.3. The mass and inertia data of the upper leg are 
not relevant because this body is not allowed to translate or rotate due to the rigig connection with the 
inertial space. 

Table 4.3: Mass and inertia data of the lower leg of a 50% male 

Verification studies of the implemented user-joint in the knee model consisted of prescribing a 
rotation sequence and comparing the resulting moment-angle and force-translation curves to the 
experimental curves (Markolf et al., 1976; Engin 1979). Numerical simulations showed good comparison 
with the experimental curves. The bending moment as a function of flexion +x as determined by 
MADYMO is given in Figure 4.8. Figure 4.8 is equivalent to the experimental curve in Figure 4.2, in 
addition the curve is extrapolated for larger rotations. It would be out of the context of this report to 
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show all the verification studies. However, for example in Figure 4.9, the individual varus bending 
moment curves are shown as a function of the varus rotation for different flexion angles. The bi-linear 
shape of the curves corresponds to the shape of the tri-linear curve for positive rotations in Figure 4.1. 
The intersection points of the linear parts of the curves are exactly the same as half the laxity values 
as given in Table 4.1. 
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Figure 4.8: Numerically determined bending moment as a function of the 
flexion rotation of the lower leg (phi-x=$J 
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Figure 4.9: Numerically determined varus bending moment as a function of the 
flexion and varus rotation of the lower leg (phi-x=Q,, phi-y=$) 
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If passive knee joint motion was simulated, it was observed that from full flexion the knee moved to 
a position of 1.75 [rad] (100') flexion. This is verified in Figure 4.8 in which a position of 1.75 [rad] 
flexion corresponds to a zero bending moment M,. This can be explained by considering the 
mechanical properties of the joint components. The stiffness of the knee joint against rotations is 
primarily caused by the ligaments. For full flexion, the ligaments are extended and elastic energy is 
conserved in the system. If the passive motion is damped, the joint will eventually move to the state 
of minimum elastic energy corresponding to the position where the ligaments are taut. This is in 
correspondence with observations in the literature. 

The shape of the interpolated curves between 2 defined curves can also be analysed. For this 
purpose, the varus bending moment curves as a function of the varus and flexion rotation are adopted. 
In Figure 4.10, the curves for flexion angles 4,=45' and $,=90' are shown. These are defined as the 
boundary curves of the particular interpolation. The interpolation of intermediate curves is determined 
by the linear interpolation scheme. It can be seen in Figure 4.10 that the interpolated curves have a 
continuous tri-linear shape. This is caused by the interpolation scheme which interpolates the moment 
values for a varus rotation. Possible intermediate values of the laxity are not adjusted by the 
interpolation scheme in order to obtain a bilinear curve. The intersection points of the linear parts of 
the curves correspond to the intersection points of the boundary curves. Investigation into the shape 
of the interpolated curves of the internal-external rotation and anterior-posterior drawer curves showed 
identical results. 
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Figure 4.1 O: Numerically determined varus bending moment as a function of the 
flexion and varus rotation of the lower leg (phi-x=$,, phi-y=$) 

From preliminary simulations of passive knee joint motion it followed that damping needed to be 
introduced in order to maintain stability and to reach a stationar value. For this purpose a Cardan 
restraint with no resistive stiffness properties (section 3.3.1) was superimposed over the knee joint. 
Damping is specified by a constant damping coefficient. A positive damping coefficient results in a 
damping load that counteracts the first time derivative of the joint degree of freedom. With this restraint, 
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Cardan restraint damping= O [Nsmlrad] 
Cardan restraint damping= 1 [Nmshad] 
Cardan restraint damping= 5 [Nms/rad] 
Cardan restraint damping= 1 O [Nmslrad: 
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omni-directional damping can be modelled. For reasons of simplicity, the damping is hereby chosen 
to be independent of the motion in the joint. Simulations of passive knee joint motion were performed 
for several damping values. In Figure 4.1 1 it can be seen that for zero damping the response shows 
severe oscillations and is unstable. For increased damping, the response shows a more smooth 
approach and reaches the stationary value. This stationary value is approximately 1.75 [rad] (100") and 
is in agreement with the experimental data of Engin (1 979). A value of 5 [Nms/rad] results in an under- 
critically damped behaviour while a value of 1 O [Nms/rad] results in an over-critically damped system. 
It should be noted that it is difficult to confirm these values with the literature. Thus far, not much 
research has been conducted to quantify the damping properties of joints in general and the knee joint 
in particular. However, Engin (1 984) determined damping coefficients for angular motion in the shoulder 
complex. The coefficients showed a large angular dependency and varied between 0.3 and 0.55 
[Nms/rad]. Application of these values would result in an under-critically damped system with 
accompanying oscillations of decreasing amplitude about the stationary state. Application of damping 
to describe dynamic joint motion should be considered with care. The damping stabilizes the motion 
but also influences maxima in the response. For example it can be seen in Figure 4.11 that an 
increased damping decreases the initial peak in the response. 
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Figure 4.1 1: Flexion angle @x for different values of damping (phi-x=$J 

The behaviour of the knee model can essentially be seen as a system of nonlinear springs. For 
example, in Figure 4.1 1 it can be verified that the knee joint model is an elastic conservative system 
if the damping is O. If damping is introduced into the knee model, the available elastic energy that is 
conserved in the system, is dissipated and the knee model reaches a stationary value in which the 
conserved elastic energy is O. This can be verified by simulating the following numerical experiment. 
At time point t=O [SI, the knee is released from an initial position of O' flexion and reaches a stationary 
value of 1.75 [rad] (100') flexion in which no elastic energy is conserved in the system. From this 
position at time point t=tO, a quasi-static force is applied in the mass center in the posterior direction. 
This force results in increased flexion of the knee. This force is held constant and an additional quasi- 
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t=t 1 t=t2 

static force is applied in the lateral direction at time point t=tl. This force results in varus rotation @y. 

At time point td2, the applied forces are released and the knee moves back to the initial position and 
which is reached at time point t=t3. In this position, the knee is in rest (no bending moments). In Figure 
4.12, the phase-plane is shown of the flexion angle @, and varus rotation angle @y as a function of time. 
This shows that the elastic energy that is conserved in the system is fully dissipated by the damper. 
Furthermore, it was observed that the energy required to reach a certain position is independent of the 
travelled path. It is furthermore observed that due to the low stiffness values for large flexion values, 
internal or external rotation often occurs as a result of applied force components out of the plane of 
intended motion. 
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Figure 4.12: Phase-plane of the flexion @, and varus rotation @y 

as a function of time (phi-x=@, and phi-y=$) 

4.8 Comparison to anatomical knee joint models 

The validation of the modelling technique has been described in the previous sections. The surface 
response figures show that the technique meets all requirements and gives a continuous response for 
(coupled) joint motion. However, the response of the knee joint model has not been compared to other 
models in the literature. For this purpose several anatomical joint models have been implemented in 
MADYMO. Passive and side impact joint motion have been simulated to enable a comparison with the 
models. Evaluation of the models should, however, be approached with care as there are, for the time 
being, no knee models available which have been validated for passive and impact joint motion and 
for all directions of motion (frontalhide). 

Several anatomical knee joint models are used for comparing the phenomenological joint model. 
These models are: the 2-dimensional model of Moeinzadeh (Moeinzadeh et al., 1983), the 3- 
dimensional models of Yang 8. Kajzer (1992), and Buzeman (1994). For all the models, the values of 
the mass and inertia data are taken from Table 4.3. The model of Moeinzadeh is based on the 
assumption that rigid contact between the articulating surfaces is always maintained during joint motion. 
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The surfaces are prescribed as polynomials and the surface normals are collinear. The collateral and 
cruciate ligaments are modelled as Kelvin elements with nonlinear characteristics. The implementation 
of the model in MADYMO is described by Rademaker (1994). The model of Yang & Kajzer is based 
on a free joint connecting the femur and tibia. The condyles of the femur surface are modelled as an 
ellipsoid, while the tibia is modelled as a plane. The contact in the joint is defined using the Walker & 
Hajek (1 972) stiffness characteristic. The model has, however, only been used for side impact 
simulations. The capsule, collateral and cruciate ligaments are modelled as Kelvin elements and 
provide the additional stiffness in the knee. The coordinates of the insertion point of the collateral 
ligament had to revised. For the current implementations, a damping value of 5 [Nms]/rad was 
introduced to maintain stability. The Buzeman model is an extension of the Yang & Kajzer model in the 
sense that hysteresis and viscoelastic properties are implemented in the ligaments. A friction value was 
also defined in the joint which is in contrast with the literature. In the literature the contact in the joint 
is considered frictionless due to the lubricational properties of the synovial fluid. There was no additional 
damping implemented in the joint. 

In Figure 4.13, the passive response of the knee joint models is shown. The initial state of the 
simulation is such that the ligaments are pretensioned. The response of the phenomenological knee 
joint equals the experimental results of Engin (1 979). The response of the Moeinzadeh model reaches 
a position in which the ligaments are taut. The oscillations are much larger than the other models. In 
general the steady state of the models shows a difference. This is due to the fact that modelling the 
ligaments separately results in a larger stiffness than in the phenomenological model. The Buzeman 
and Yang models have not been validated for passive joint motion. The simulation results in Figure 4.1 3 
show that a much lower value of qX was reached. Results furthermore showed that the internal rotation 
of the tibia and varus rotation was larger than zero. This is probably caused by the assymmetrical 
configuration of the Kelvin elements. These models should, therefore, not be used in order to simulate 
joint motion in the lateral plane. 

Phenomenological knee joint model 
Moeinzadeh knee joint model 
Buzeman knee joint model 
Yang knee joint model 
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- . - . -. . 

1.5 1 7  

Time [ms] 

Figure 4.13: Passive flexion response of the knee joint models (phi-x=&) 
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4.9 Discussion and further applications 

A modelling technique has been described that blends moment-rotation and force-translation curves. 
These curves are mutually dependent of a discrete number of values of a directional dependency angle. 
In the knee joint model, the directional dependency angle is the flexion angle. The resulting model 
provides a continuous surface of resistive properties of the varus-valgus bending moment, tibial torsion 
torque, and anterior-posterior force as a function of the flexion angle in a single joint. The joint can 
hereby be interpreted as a superposition of the definition of the flexion component of 2 flexion-torsion 
restraints. Additionally, there is the possibility of prescribing stiff nesses as a function of translational 
degrees of freedom. The joint can also be extended to describe the relation between the medial-lateral 
and axial translational degrees of freedom and a directional dependency angle, such as described for 
the anterior-posterior force. If there is no directional dependency of the degrees of freedom in the sense 
that coupled motion does not occur, the formulation of the joint model simplifies to the definition of the 
stiff ness matrix (if only diagonal and linear moment-rotation and force-translation terms and are 
considered in the matrix) or the Cardan restraint (if only rotations are considered). 

The current modelling technique of blending functions has thus far only been applied to model the 
passive properties of the knee joint. The model has been verified for describing passive joint motion. 
However, the model can be extended to serve other purposes as well: dynamic joint motion, impact 
joint motion, and describing injuries. 

Modelling dynamic joint motion 

It is a well established fact that biological materials display strain rate sensitivity of varying 
magnitudes. Thus, the force response of a ligament at a given strain level will be different at different 
rates of loading; in general, the higher the rate of loading, the higher the magnitude of force. There 
are only a very few studies reported in the literature which deal with strain rate effects on ligaments. 
One must investigate their applicability on the modelling task or at least obtain some indications 
about the type of modifications one can make on the quasi-static data so that they can be more 
suitably applied for dynamic situations. 

For the dynamic testing of the joint models, the damping properties of the joints should be properly 
quantified. The damping properties in the various degrees of freedom would have to be determined 
for this purpose. Engin (1 984) proposed a method for determining the damping in articulating joints. 
The method is based on the damping oscillations of body segments. The results showed that the 
angular damping coefficients exhibit a nonlinear behaviour and an angular dependency. 

Modelling impact joint motion 

In order to evaluate the applicability of joint model for describing the behaviour of a joint during 
impact, knowledge needs to be determined of the specific properties of impact joint motion. In 
particular, the consequences and mechanisms of knee injuries need to be investigated. Several 
experimental studies on cadavers have been conducted to evaluate knee injury mechanisms during 
frontal or lateral impacts (appendix B). However, the analysis of joint behaviour during impact 
remains difficult. In comparison to non-impact motion such as gait, several additional aspects need 
to be considered: the loading time is much shorter and the loading conditions are much higher. This 
can result in motion which does not usually occur during gait such as the drawer effect (anterior- 
posterior translation of the tibia relative to the femur). An additional aspect that needs to be 
considered is the influence of the damping properiies of a joint. 

Another aspect is the applicability of a phenomenological joint model, based on static stiff ness 
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relations, for modelling impact joint motion. Experiments have shown that during impact, translations 
and rotations occur which are outside the range of motion measured in the literature. Therefore, in 
several cases, impact joint motion would require extrapolation outside the range of passive joint 
motion. Extrapolation of the stiffness curves is not trivial because for large motion, ligament rupture 
or condyle fracture may occur which leads to a decrease in the stiffness. However, it has also been 
determined that during side impact the danger of fracture of the tibia or femur is more predominant 
than ligament rupture. It has been witnessed in experiments that these injuries occur within the 
predefined range of passive joint motion. The passive resistive properties (stiffness curves) could 
therefore be used and a criterion for fracture or ligament injury could be added to a joint model. 
Fracture of the leg or condyle fracture will of course greatly influence the force transmission in the 
knee. 

The knee joint model has been compared for passive flexion/extension motion with anatomical joint 
models which have been described in the literature. However, the anatomical models in the literature 
have mainly been developed for simulating impact joint motion in the lateral or frontal plane. A proper 
comparison would therefore require implementing the phenomenological joint model in a lower leg 
model and validation for frontal and side impacts. However, experimental results of these tests mainly 
provide ligament strains and impact forces as a function of time. If dummy ligaments are 
implemented in the model, the strains in the ligaments can be monitored as a function of time or 
rotation angle. 

Describing injuries 

Knee injury mechanisms depend on the resulting forces and moments on the components of the 
joint. For example, knee joint motion during gait does not regularly result in injuries but a violent twist 
of the knee could result in ligament rupture. As a result of this, the femur and tibia have more ability 
for enforced relative motion. Several experimental studies have been discussed in the literature 
concerning possible knee injury mechanisms during frontal or side impacts. Appendix B gives an 
inventarisation of the most relevant experimental studies concerning knee injuries and the 
mechanisms involved. As an example, Donnelly & Roberts (1987) gave an extensive list of injuries 
as a result of a frontal impact on the femur. The list included patella fracture, femur fracture, 
intercondylar fracture, fracture of lateral part of head and tibial plateau, complete fracture of femur 
superior to epicondyles, dislocated fibula, and muscle lacerations. However, ligament injuries were 
not discussed. From side impact studies it can be concluded that the predominant injury mechanisms 
are tibidfibula fracture, condyle fractures, cartilage injury, and ligament damage. In essence, Yang 
et al. (1992) stated that side impact response of the knee can be predicted by the condyle contact 
force and ligament strain (due to the fact that these injuries are predominant). 

Fractures, such as condyle fracture (intra-articular fracture) or long bone fracture (extra-articular), 
are mainly the result of the force transmission in the joint or direct force application. For extra- 
articular fractures, the femur injury criterion (Viano, 1977) can be adopted. For intra-articular 
fractures, the specific force causing condyle fracture should be determined and implemented as a 
force-dependent criterion. Yang et al. (1993) adopted a criterion for fracture to develop a breakable 
joint to simulate tibia fracture during a side impact. 

Injuries concerning the joint components of the knee are mainly caused by abnormal articulating 
motion and therefore primarily consist of stretching or rupture to the ligaments and cartilage 
injury.Ligament injuries could be determined by relating the ligament strain to an injury parameter 
such as AIS (Appendix D). The strain in the ligaments could be determined by superpositioning 
dummy ligaments in the knee joint. These ligaments will not contribute to the stiffness if the 
mechanical properties are not implemented. The strain can, however, be determined as a function 
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of the orientation of the joint. Stiffness data of the knee has been determined after rupture or 
sectioning of the ligaments (Appendix B). This showed that the stiffness generally decreased after 
rupture. This data could be used to replace the initial stiffness curves to describe the further motion 
of the knee. An additional consideration is the fact that experimental data has shown that the 
stiffness in the knee joint is increased by an axial load or compressive force (Appendix B). The axial 
load is mainly caused by the contraction of the muscles and to a lesser extent by the gravitational 
force of the body mass. The load has a stabilizing effect on the possible motion because it limits the 
laxity. This protects the ligaments from excessive strains produced by external loads. An additional 
parameter could be implemented in the model, relating the axial load on the body segments to an 
increase in the stiffness characteristics. 



39 

Chapter 5 

Conc I us ions 

This report has focused on the development of a generalized model for describing human joint motion. 
The human joints have been classified according to their functions in the human body and freedom of 
motion. Restrictions have been made to focus on diarthrodial joints. The most important diarìrodial joints 
in the human body are the knee, shoulder, hip, and ankle. These joints enable an articulating motion; 
a combined relative translation and rotation of 2 or more body parts. The range of motion in a joint is 
hereby limited by the joint components (bony surface, ligaments etc.). The influence of these 
components are lumped in a black box model. 

Several requirements can be imposed in the formulation and implementation of a generalized human 
joint in the combined finite elementlmultibody program MADYMO. These requirements are based on 
research into the behaviour of joints during regular joint motion and during impact joint motion. Common 
to either joint motion is the resistance of a joint to applied translations or rotations: the stiffness. 
Research showed that the stiffness characteristics were nonlinear and increased for increasing motion. 
However, this only holds for a certain range of motion and extrapolation of these characteristics outside 
the range of motion should be considered with care. Under physiologiocal and external loads, each joint 
can display up to 6 degrees of freedom to some extent. In addition, coupled motion can result in joints: 
a force in one direction can generate motion in multiple directions. From this knowledge, the following 
requirements can be imposed on the phenomenological joint modelling technique: 

the model should be able to describe 6 degrees of freedom (3 translations & 3 rotations), 
0 the model should be able to describe coupled joint motion (a continuous response as a function of 

the degrees of freedom), 
the model should be based on experimental stiffness data, 
the model should account for nonlinear stiffness characteristics. 

The main joint modelling techniques that have been implemented in human body modelling software 
have been reviewed. These include the flexion-torsion and Cardan restraints in MADYMO, the 
Articulated Total Body model and applications of a stiffness matrix method. Although the individual 
iecnniques have their merits, it was conciuded that there was no technique which could provide a joint 
model which satisfies all the requirements. The main problems were that translational and coupled joint 
motion could not be described. 

A joint modelling technique was developed which satisfies all imposed requirements and is based 
on blending stiffness functions. This joint model is an extension of the flexion-torsion restraint in the 
sense that a nonlinear resistive momentíforce relation between 2 degrees of freedom can be described. 
The model furthermore allows for the description of stiffnesses against translational dgrees of freedom. 
An interpolation algorithm has been determined in order to obtain a continuous resistive response as 
a function of the degrees of freedom. This technique, therefore, allows coupled joint motion and 
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nonlinear behaviour. The applicability depends on the available stiffness curves as a function of the 
degrees of freedom. 

In order to validate the technique of blending functions, a model of a knee joint was implemented in 
MADYMO. In essence, the validation of the model is determined by the shape of the response surface. 
This surface shows the interpolation between the stiffness curves as a function of the degrees of 
freedom. It was shown that polynomial interpolation cannot be used when a large number of curves is 
available. Linear interpolation did provide good results because there were many curves and only small 
variations in slope. If there is a greater variation in slope between the curves, spline or B-spline 
interpolation should be used. In order to maintain numerical stability, damping needed to be introduced 
into the model. The damping can result in an under- or over-critically damped system and leads to a 
decrease in the peak responses. The passive flexion response of the knee joint model was compared 
to several anatomical knee joint models presented in the literature and a good agreement with 
experiments was found. Essentially, the model is also applicable for describing impact joint motion 
behaviour. For this purpose either new stiffness curves should be incorporated into the model or the 
current curves could be used in combination with an additional injury criterion. 
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Recommendations for Further Research 

Individual recommendations concerning the developed modelling technique based on blending functions 
have been discussed earlier. The focus is now on further development of the technique for a wider use. 
The emphasis is on modelling other joints, active joint motion, and application for describing injuries. 

Applications to other joints 

The flexibility and applicability of the modelling technique has been demonstrated shown for a 
knee joint model whereby only discrete stiffness data was available. However, the modelling 
technique can also be applied to the resistive properties data of the experimental studies conducted 
by Engin & Chen (1987) at the Wright Patterson Air Force Base (Appendix A). Engin & Chen 
determined ranges of motion and stiffness data for the shoulder, elbow, and hip. This data is in a 
format whereby the dependence of a directional dependency angle is available in a continuous 
though nonlinear format: 

,in which 8 is the degree of freedom, 4 is the directional dependency angle, and M. are different 
goniometric functions. The blending technique is then no longer required but the method of 
prescribing the moments and forces to the joints can still be applied. Engin & Chen determined 
functional expansion data of resistive forces and moments for the shoulder, elbow, and hip. Although 
this data is limited in the sense that only positive rotations are considered from an initial orientation, 
the data can be implemented using the proposed modelling technique. This data covers a much 
larger range of motion than the knee joint and the danger of singularities is therefore more present. 
However, singularities can mostly be avoided by a specific choice of the initial orientation of the joint 
and by adopting alternative Euler angle rotation sequences in order to obtain the respective rotation 
angles (Appendix A). A literature review of resistive properties is required to validate the data with 
other experimental studies. The main problem is still the fact that the stiff ness data for joints is limited 
and not standardized. Research projects usually consider the role of muscles in joints and not 
specifically the passive resistive properties or the ranges of motion (Van der Helm & Pronk, 1995). 

The specific application of stiffness data to model joints should be investigated. If only a discrete 
number of stiffness curves is available, the interpolation between the curves should be verified by 
determining the response surface. If the curves.show a lot of variation in slope, spline interpolation 
should be used instead of linear interpolation. Possible extrapolation of the stiff ness curves outside 
the range of motion should also be analyzed, preferably with other comparable or additional 
experiments. Furthermore, if data is applied which covers a wide range of rotations, determining the 
orientation as a sequence of rotation angles from the Euler parameters with an Euler angle sequence 
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may lead to singularities. However, a proper choice of a rotation sequence and initial orientation will 
avoid most singularities. In case singularities occur, an alternative sequence may be adopted. 

Active joint motion 

The skeletal system is connected together through ligaments and muscles and provides the vital 
structural supports for the human body. With the aid of muscular actions the human body can 
perform a variety of coordinated limb movements through the joints. The function of the muscle is 
the active generation of force, enabling body segments to move in the 3-dimensional space. The 
muscles can also act to stabilize joints in the presence of external disturbances. In addition, it has 
been well established that muscles and tendons have elastic and velocity-dependent dissipative 
properties. Naturally, the behaviour and function of the muscles are influenced by these properties. 

Dynamic joint models, in the sense that active motion is generated, requires the superpositioning 
of the influence of active characteristics such as muscles. The muscles are hereby modelled as 
external structures. Research needs to be done to quantify the role of muscles on joint kinematics 
and dynamics. The mechanical behaviour of the muscles during active joint motion and impact joint 
motion is hereby important. For example, it has already been determined that the role of muscles 
during impacts can be considered negligible. This is due to the fact that the preprogrammed muscles 
cannot be adjusted in the short time interval during an impact. 

Application for describing injuries during impacts 

The modelling technique can be applied for simulating impact joint motion and the resulting 
injuries. However, the validation of a joint model requires the acquisition of experimental results of 
impact tests. There is some literature available concerning frontal and side impacts on the knee but 
the given data is mostly insufficient to enable simulation of the experimental set-up (Appendix B). The 
side impact data mainly describes contact forces and ligament strains. For example, the impact force 
as a function of time after impact is registered while the influence of the forces and moments on the 
knee is not considered. Injuries are then observed but no quantative link can be made between the 
specific force value that is the cause of the injury. To enable a proper validation, data concerning the 
motion characteristics in the joint need to be acquired during frontal or side impact tests in a 
controlled environment. However, on the basis of ethics, experiments can only be done on cadavers. 

In the literature, not much has been found concerning the link between stiffness relationships and 
the occurence of injury. An abbreviated injury scale (AIS) has been developed and applied to 
ligament injuries and condyle fractures amongst others. However, the scaling is discrete and mainly 
given qualitatively instead of quantatively. The aim is to determine a relationship between 
displacements in the knee and the occurence of injury. The main injuries are hereby defined as 
ligament rupture and condyle fractures. With this data, phenomenological joint models can be used 
to determine injuries without defining complex constitutive relations or fracture criteria. Data is 
therefore required for the implementation of a phenomenological joint to describe regular dynamic 
joint motion and injury mechanisms. For this purpose, data is required in the following format: 

rotation angle between the femur and tibia as a function of applied moment, 
relative translation of the femur and tibia as a function of applied forces, 
force and moment values where injury occurs or a decrease in the response is measured. 

In addition, research needs to be done into the fracture mechanics of bone (Melvin, 1993; Lappi et 
al., 1979) and the influence of the viscoelastic properties of the tissue and skin. 
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Appendix A 

Implementation of a Joint Model using 
Functional Expansions 

A.l Introduction 

One of the main problems in modelling human joints is the range of motion and dependency of 
resistive moments/forces on the degrees of freedom. This range of motion is controlled by 
ligaments, bony stops, tissue bulk, and muscle stretch. Databases for the biomechanical properties 
of the joints need to be established for the purposes of incorporation into multi-segmented 
mathematical human body models. However, due to drastic post mortem changes of the 
biomechanical properties of the body tissues, research needs to be done on volunteers. It is then 
obvious that the research is conducted with limitations on the range of motion of human subjects. 

Several studies have appeared in the literature discussing the resistive moments/forces and 
range of motion in joints. The most extensive research has been done at the Wright-Patterson Air 
Force Base (WPAFB) in Ohio (Engin, 1979 & 1980; Engin & Chen, 1987 & 1989). The research 
was done on volunteers to determine the passive resistive properties in the major human 
articulating joints. Application of the data has resulted in databases for the shoulder, knee ,hip, 
elbow, and ankle. 

The database resistive properties in joints, obtained in the studies at the WPAFB, have been 
implemented in the Articulated Total Body (ATB) model. The aim of this appendix is to investigate 
the format of these databases and the implementation the ATB model. The subsequent step is then 
the investigation into the possibilities of implementing the database in the combined multibody/finite 
element code MADYMO. For this purpose, the experimental studies conducted at the WPAFB and 
the databases are first discussed. Application of the database has resulted in a technique based on 
modelling human joints as ball and socket joints with resistive properties using functional 
expansions. The definition of the ball and socket joint in the ATB model is an extension of the 
definition of the flexion-torsion restraint. The implementation in the ATB model is verified by 
modelling the shoulder complex as a ball and socket shoulder joint model in MADYMO. 

A.2 Experimental studies conducted at the WPAFB 

The first experimental study (Engin, 1979 & 1980) involved the motion of a slowly moving body 
segment with respect to the fixed body segment. The force and moment vectors which caused this 
motion in the 3-dimensional space were simultaneously recorded. The experimental apparatus 
consisted of a subject restraint system, a global force applicator, and the exoskeletal device (ESD). 
The ESD determines the relative orientations and positions between body segments. The 
experimental apparatus was used for the quantative determination of the range of motion, the 



48 Appendix A 

passive resistive force and moments, and the passive resistive torques associated with the 
rotational motion of the body segments about their long bone axes. In this study, 3 subjects were 
tested and for each subject the tests were repeated at least 3 times. Data was determined for 
discrete rotation angles of the shoulder, hip, elbow, knee, and ankle joints. Functional expansions, 
such as higher order polynomials, were used for fitting the data points to smooth curves. Finally, 
results for the magnitudes of the active resistive muscle force and moment at the shoulder joint, and 
torques about the long bone axes of the joints were given in tabular form. 

The second experimental study (Engin & Chen, 1987 & 1989) determined ranges of motion and 
passive resistive properties for the shoulder, hip, and elbow joints of 10 human volunteers. A sonic 
3-dimensional spatial digitizing system was used to track multiple targets on adjacent body 
segments. During the entire course of the test, each subject was instructed to let his arm hang 
limply and not to muscularly resist the applied motion. Each of the segments was moved through a 
maximum voluntary range of motion: the maximal voluntary joint sinus. The joint sinus is hereby 
defined as the maximum range of angular motion permitted by the moving member of a joint while 
the other member is rigidly fixed. The subjects were subsequently forced to motion outside this 
range by an external applicator. The force/moment data were collected beyond the maximum 
voluntary joint sinus up to the point where the subject experiences a discomfort or pain: the 
maximum forced joint sinus. The data is provided in a globalgraphic presentation. The globalgraphic 
presentation is a graphical method of presenting a joint sinus upon the surface of a globe with 
meridians and parallels. These define a grid pattern of the angular spherical coordinates with 
respect to a fixed axis system attached to the rigidly fixed member; the center of the globe is 
positioned at the functional center of the joint. The resistive forces and moments are expressed as 
functions of the orientations angles in spherical harmonic form. Statistical analyses have been 
performed on these data to generate means and variances for the kinematics and resistive 
properties. 

A.3 Modelling with functional expansions: the shoulder joint 

A.3.1 The shoulder joint 

In multi-segmented mathematical models of the human body, the most complicated and least 
successfully modelled joint has been the shoulder complex. This is mainly due to the lack of an 
appropriate biomechanical database as well as the anatomical complexity of the shoulder complex. 
The term "shoulder complex" hereby refers to the combination of the shoulder joint (the 
glenohumeral joint) and the shoulder girdle which includes the clavicle and scapula and their 
articulations. It is therefore more appropriate to use the term "shoulder complex sinus" to describe 
the range of motion of the humerus (upper arm) relative to the torso. There are 4 articulations in the 
shoulder complex: the sternoclavicular, the acromioclavicular, the glenohumeral, and the 
scapulothoracic joints. The position of the humerus in the 3-dimensional space is the result of 
simultaneous rotations in the scapulothoracic, acromioclavicular, and glenohumeral joints. The joint 
modelling techniques based on functional expansions will be investigated by analysing the Engin & 
Chen (1 987) volunteers data of the shoulder complex. 

A.3.2 Inventarisation of the experimental volunteers data 

An inventarisation will be made of the shoulder joint data obtained by the experimental studies of 
Engin (1979) and Engin & Chen (1987 & 1989). In general, the passive resistive properties in an 
articulating joint depend on at least 3 variables which define the orientation of the moving body 
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segment with respect to the fixed body segment of the joint. Euler angles can be used to define the 
relative orientation of the segments. For this purpose, the orientation of the moving body (upper 
arm) relative to the fixed body (torso) and the respective rotation angles needs to be defined 
(Figure A.l). The rotation angles are defined as: 

(I adduction-abduction (about z-axis) 
8 flexion-extension (about the intermediate y-axis) 
tp internal-external rotation (about the intermediate z-axis) 

It must be noted that rotations @ and tp both occur along the long bone axis of the upper arm. The 
rotations are cumulative if the prescribed torque is independent of the orientation (@=O). In the initial 
position, in which rotations are zero, the arm is hanging beside the body with the thumb of the hand 
poiting forward and the palm of the hand next to the body. It can then be seen that rotations @=O" 
and 8 correspond to straight anterior extension of the arm, while @=goo and @>O" rotation 
corresponds to the motion in the frontal plane. 

Figure A.l: Orientation of the fixed body coordinate system and 
definition of rotation angles (Engin, 1979) 

Apart from the difference in results due to volunteers mutually, there are differences between the 
given format of the experimental studies. Engin decomposed the moment vector in 3 orthogonal 
directions for discrete rotation angles. This moment vector was defined relative to the center of the 
glenohumeral joint. Engin & Chen determined the center of motion and it followed that this was not 
identical to the center of the glenohumeral joint. The resistive moment vector was defined as a 
continuous function of rotation 8 in connection with a prescribed rotation (I. It must be noted that the 
rotation angles of the studies cannot be directly compared as they are defined relative to different 
centers of rotation and orientations. The results of the studies provide the following data: 

1) Engin (1979): rotations relative to the center of the glenohumeral joint 

Figures and measurement points have been determined for force (Fx, F,, F,) and (Mx, My, M,) 
moment components for 3 different subjects (Figure A.2). For the first subject, functional expansions 
(3th to 7th order polynomials) were determined for fitting the data points to a continuous curve 
(Figure A.2). In addition, resistive torque data was determined for the rotational motion tp of the 
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8 -a- 
24 

body humerus about the long bone axes. The mean force and moment data of the 3 subjects was 
given as a function of the following different sequences of rotations: 

+ 

o +O', 0=75', W 
@=go", 0 

o @=O", 0 
0 @=OO, 0=0", yJ 

An example of the experimental results is given in Figure A.3 in which the results for @=O' and &O0 
for the first subject are shown. This rotation sequence results in straight anterior extension of the 
arm (i.e. swinging motion beside the body). For this sequence, Engin determined the experimental 
curves by a polynomial fit: M, by a 4th order, My and M, by 5'h order. The range of measurement 
points is approximately 0.35-1.6 [rad] (20'-90') and the voluntary range of motion is approximately 
1.05 [rad] (60'). This value is quite low and is more likely if negative values of 0 (arm moving 
backward) are considered. It can be seen in Figure A.3 that extrapolation outside the measurement 
range should be considered with care. The slopes of My and M, outside the measurement show a 
change of direction if extrapolation of the functional expansion is used. This raises doubts 
concerning the validity of the experimental data points and derived functional expansions to 
describe the experimental curves. In addition, a figure was given in which showed maximum values 
of the magnitude of the passive resistive force and moment vectors at the shoulder joint for various 
sweeps (14 values of @ and 0). 
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Figure A.2: Approximated experimental data points of the moment components of 
Engin (1979) as function of 0>0 and @=O (theta=€)) 
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Figure A.3: Moment components of Engin (1979) as function of 8>0 and @=O (theta=@) 

2) Engin & Chen (1987 & 1989): rotations relative to the center of a best-fitted sphere 

The force and moment resistive properties are expressed as functional expansions f=f(@,€ì). The 
sequence of rotations is such that a rotation @ is followed by a rotation 8. The angles are hereby 
defined relative to the center of a best-fitted sphere of motion. No figures were given for resistive 
force or moment components as function of the rotation angles but the data was directly defined as: 

f(@,e) = (C, + C2cos@ + C3sin+)8 + (C4cos2@ + C,cos@sin@ + C,sin2@)82 

(C,cos3@ + C,cos2@sin@ + C,cos@sin2@ + Closin3@)e3 
(A.1) 

The functional expansions are identical for force and moment relations but no direction vector was 
specified. Therefore, assumptions have to be made in relation to the direction vector (section A.3.4). 

The joint sinus is represented as a single-value functional relationship: e=@(@). In which 8 and @ 
are defined relative to the coordinate system in the center of the best-fitted sphere. The following 
trigonometric polynomial is used for the functional expansion of the joint sinus: 

The data of the joint sinus and resistive moments are given in a subject-based and space-based 
format. In the subject based format, the joint sinus and resistive properties are described with 
respect to an anatomical mean coordinate system. While in the space-based format, the joint sinus 
and resistive properties are described with respect to a common mean coordinate system. In this 
research project, the subject-based format is considered. These account for the individual anatomic 
variations and the different ways of moving the upper arm during the tests. The coefficients of the 
force and moment magnitude (A.l) and maximum voluntary joint sinus (A.2) are given in Table A.1. 
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magnitude of force and moment 

C. -21.4931 

maximum voluntary joint sinus 

Cf, 7.49936 

I1 C, I -2.0366 11 Cf, I -0.09257 

II C, I 2.2132 11 Cf, I -0.24640 

II C. I 19.6060 11 Cf, I -0.29356 

II C, I 5.1561 11 Cf, I 0.18743 

II C, I 15.7832 11 Cf, I 0.58589 

II C7 I -1.3679 11 Cf, I 0.45557 

li C. I -4.1352 11 Cf. I 0.00899 I c, I 0.2111 11 Cf, I -0.42918 

Cl0 -0.6059 Cf, o -0.47066 

the 

A.3.3 Discussion of the shoulder properties 

The shoulder data of Engin & Chen (1987 & 1989) will be discussed in more detail. In the 
experimental set-up, a volunteer is forced to move the upper arm along the maximal voluntary joint 
sinus with respect to the fixed body coordinate system. The data acquisition system enables a 
series of test to be performed in which the upper arm is forced outward in the direction of increasing 
flexion for a constant internaVexternal rotation. This implies that the shoulder joint is allowed to 
translate relative to the torso. The coordinates defining the joint sinus are then fitted to a sphere 
using a least-squares technique. From this it follows that the center of the best-fitted sphere is not 
equal to the instantaneous joint center (Figure A.4). The instantaneous joint center is hereby 
defined as the center of the glenohumeral joint. 

CENTEROFTHE 
INSTANTANEOUS BEST FITTED 
JOINT CENTER SPHERE 

'lb äCT UAL POINT OF 
FORCE APPLICATICN 

UAL APPLIED FORCE 

FORCE APfiICATiON 

Figure A.4: Illustration of the vector quantities used in the calculation 
of the resistive force vectors (Engin & Chen, 1987) 

i 

The maximum forced joint sinus is obtained by forced sweeps of the upper arm in the direction of 
increasing flexion for a constant adduction/abduction. These sweeps are caused by an applied force 
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(Figure A.4). The force and moment measurements, obtained from the force applicator data, are 
used to calculate a total moment vector with respect to the instantaneous joint center. A moment 
arm vector P is then calculated from the center of the best-fitted sphere to the point of force 
application. The new normalized point of application is now defined as the intersection of i' with a 
sphere of radius 1 [m] from the center of the best fitted sphere. 

The maximum voluntary and forced joint sinuses specify the applicable domain of the passive 
resistive property. The resistive properties below the maximal voluntary sinus are appreciably lower 
in magnitude and can thus be neglected. The maximal voluntary sinus can therefore be considered 
as the lower limit of the applicable range for the functional expansion: f(@,O). In the strict sense, the 
upper limit is the maximal forced sinus for the applicability of f(@,e). However, the extrapolated 
values by f(@,6) beyond this upper limit are most likely predictions and can be used up to the point 
of impending injury for the simulation studies of multi-segmented mathematical models. 

The resistive moment fi in the center of the best-fitted sphere can be expressed as the sum of 
resistive moments in the direction of and perperpendicular to P (Fleck & Butler, 1981). It is clear that 
a resistive moment in the direction of t tends only to produce rotations about the P axis. Such 
rotations could not restore the terminal point of 7 to the region inside the maximal voluntary joint 
sinus, hence it is not applied. It is clear that tñ should be perpendicular to P. This perpendicularity is 
assumed by the relation: 

t ñ = P x t  (A.3) 

It is convenient to visualize t as a force applied at the normalized point of force application. In 
actuality, of course, the desired restoring action is obtained by applying the moment fi to the upper 
arm. From the remaining moment vector components and the normalized position vector, the 
resistive force vector is then calculated. Since the length of the moment arm vector is normalized, 
the magnitudes of the resistive force and moment vectors are equal. 

A.3.4 Moment vector in the center of the bect-fitted sphere 

An external force on the upper arm will cause rotations about the center of the glenohumeral 
joint. In turn, the center of the glenohumeraJ joint rotates and translates about the center of the 
best-fitted sphere. The magnitude of the resistive moment (A.l) and the joint sinus (A.2) are defined 
relative to this center. Therefore, the rotation angles in the coordinate system in the center of the 
best fitted sphere as a result of rotations of the upper arm have to be determined. 

The orientation of the glenohumeral joint is identical to the fixed body coordinate system (Figure 
A.l). This orientation (qb,yfb,qb) is initially shown in Figure A.4 in the center of the center of the best- 
fitted sphere. The orientation of the moving body segment (unit vectors ê'), relative to the 
coordinate system in the center of the glenohumeral joint (unit vectors Go', is defined as: 

This orientation can be determined by assuming a z-y-z Euler angle rotation sequence. The rotation 
angles are hereby defined as: 

@ internal-external rotation (about z-axis) 
6 flexion-extension (about the intermediate y-axis) 

e y~ adduction-abduction (about the intermediate z-axis) 

In this rotation sequence, singularity or gimbal lock is avoided because during realistic shoulder joint 
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motion 8 will never be equal to 71: [rad]. 
In human body modelling software, such as MADYMO, the orientation of a moving body segment 

is often given as 4 Euler parameters instead of Euler angles. The Euler parameters can be resolved 
into an Euler parameter matrix notation. The Euler parameter and Euler angle matrix h a r e  then 
equivalent (it must be noted that in MADYMO, 0.5"Euler parameters are used for a decrease in 

The orientation of the local joint coordinate system (xit,yjt,zit) in the center of the best-fitted sphere 
e' relative to the fixed body (xfb,yrb,qb) orientation 8' is defined as: 

The rotation matrix El is obtained by first rotating the fixed body axis coordinate system by an angle 
$, about the 6: axis and then rotating the intermediate axis system by an angle 8, about the $' 
axis. El is thus defined as: 

The initial orientation of joint coordinate system in the center of the best-fitted sphere is determined 
by substituting the initial values of $,=1.035 [rad] and 8,,=1.380 [rad] in Fìl (Figure AS). Due to 
rotation of the moving body segment, resistive moments need to be ascribed. These resistive 
moments are however only defined in magnitude as a function of the subsequent relative rotation in 
the local joint axis system ($j,8i). The resultant orientation in the center of the best-fitted sphere, due 
to motion of the arm, relative to the initial orientation can be determined: 

The problem is to define the Euler angles 
written as an Euler angle matrix of the z-y-z convention: 

and ei from this formulation. By definition, & can be 

in which c(.)=cos(.) and s(.)=sin(-). The rotation angles can then be determined from: 

R3(372) . R,(2,3) 
sin (Oj) I sin(8j) 

ûj = cos-'(-R,(3,3)) , = sin-'(-) , v. = sin-'(-) 

However, the angles as used by the flexion-torsion restraint (section 3.2.2) can also be derived 
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directly from MADYMO, whereby p$, a=& and P=w. This implies that the angles need not be 
defined indirectly using the Euler matrix. 

Lfb 

‘fb 

Figure A.5: Relative orientation of the fixed body coordinate system ( ~ f ~ , y ~ ~ , ~ f J  
and coordinate system (x~~,~ ,~ ,z~~)  in the center of the 

best-fitted sphere (Engin & Chen, 1986) 

The direction of the moment vector and the resulting moment in the center of the glenohumeral 
joint need to be defined if 4, and 6, have been determined. The position vector of the normalized 
force application, the force vector and the resulting moment vector are all perpendicular. For given 
rotation angles $i and e,, the position vector P is given as follows (Engin & Chen, 1987 & 1989): 

The force application vector T d  (Figure A.4) is orthogonal to the position vector. For a constant value 
of $, and increasing value of e, it is determined as: 

(A.11) 

The resistive moment vector in the centre of the best-fitted sphere A, can be determined from the 
vector product equation: 

A =>Id (A.12) -, 

in which lAJ=lT,,l. This results in: 

The generalized aeiinition oi  the direction of As is iaenticai to tne flexion torque in the definition of 
the flexion-torsion restraint (section 3.2.2). 

The magnitude of resistive moments and forces A, and 7, can be determined as described in 
Hoffman (1992). First it needs to be verified if in (A.2), which is determined as the resultant 
joint motion, is inside the maximum voluntary joint sinus. If this is the case, then there are no 
resistive moments and forces. If the joint motion exceeds the joint sinus then the magnitude of the 
resistive moment can be determined using (A.1). It is however more efficient to indirectly determine 
the magnitude of the resistive moment. A parameter transformation is hereby introduced to enable a 
graphical representation of the joint sinuses and constant moment lines: 
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This transformation provides a rectangular coordinate system. Equation (A.l) can now be rewritten: 

in which fd(@j,ej)=ms(@i,ej). The moment lines ms(@i,8i)=constant are assumed to be equiform and 
equidistant. The magnitude of mS(@,,0,) is obtained by interpolation between the moment lines ms=O 
[Nm] and ms=26.0 [Nm] (the maximal voluntary joint sinus). Extrapolation is used if the coordinate 
pair (@j,ej) is outside the maximal voluntary joint sinus. The magnitude is now determined by the 
intersection point of the constant moment line and the line q=constant*p. Whereby the constant is a 
slope which depends on the point of application. 

A.3.5 Moment vector in the center of the glenohumeral joint 

The moment vector in the origin of the fixed body axis tño is the result of the moment in the 
center of the best-fitted sphere and a moment resulting from the reaction forces in the center of the 
best-fitted sphere: 

ns = -TJfls - I s x q z J  (A. 1 6) 
Q 

in which is the transpose of El and Ts is the reaction force in the center of the best-fitted sphere 
(TS=-?J. The position vector of the center of the best-fitted sphere 7, is however not explicitly given 
by Engin & Chen: 

rs = rsxêl O +rsyi$+rs,ê3 (A. 17) 

The value of can be estimated by comparing the experimental set-ups of Engin (1979) and Engin 
& Chen (1987). In the Engin experimental set-up, the fixed body coordinate system is located 
approximately in the centrer of the loth rib. The position vector of the glenohumeral joint relative to 
the origin of the fixed body coordinate system is given as ?~=0.181ê:-O.l52G,0. In the Engin & 
Chen experimental set-up, the fixed body coordinate system is located approximately in the center 
of the first lumbar vertebra. The vector from the origin of the fixed body coordinate system to the 
center of the best-fitted sphere is given as ?,0=0.054ê,0+0.1491 ê:-0.2619ê,0. The difference in the 
z-component of the two vectors is approximately the distance between the loth rib and the first 
lumbar vertebrae. It is therefore assumed that the center of the glenohumeral joint and the center of 
the best-fitted sphere are approximately the same distance from the fixed body coordinate system 
as used by Engin & Chen. This is in reasonable agreement with Figure A.3. The approximate 
distance vector TS can now be determined and it is assumed to be i ~ = 0 . 0 5 4 8 ~ - 3 . 3 3 2 ~ ~ ,  relative to 
the origin in the center of the glenohumeral joint. 

The m,, my, and m, components of tño can be determined from the previous equation. In addition, 
the influence of the rotation @ along the long bone axis needs to be accounted for separately. This 
can be done in a similar manner as described for the torsion vector in the definition of the flexion- 
torsion restraint (section 3.2.2). The total resistive moment vector can now be given as: 

(A.18) 
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A.3.6 Implementation in the ATB model 

In the ATB model, the shoulder joint is modelled as a ball and socket joint. The definition of the joint 
is in essence identical to the definition of the flexion-torsion restraint (section 3.2.2). However, the 
definition of the flexion torque is written in a nonlinear continuous format. In the ATB model, the 
resistive and joint sinus properties, which are determined relative to the center of the best fitted- 
sphere, are transferred to the geometric position of the glenohumeral joint (Ma et al., 1995). This 
implies that the distance vector between the original joint centers is considered to be O. Therefore 
only rotations in the joint are considered and the joint is modelled as a ball and socket joint. The 
orientation of the upper arm is now defined by the spherical angles and 6, measured in the local 
joint coordinate system. The joint sinus (A.2), which determines the maximum value of 6, as a 
function of q1, is defined relative to this coordinate system. This application of the Engin & Chen 
(1987 & 1989) data is somewhat unorthodox as the translational degrees of freedom in the shoulder 
complex are now neglected. In this section, the possible application of the ATB modelling technique 
is analyzed for possible implementation in MADYMO. 

The implementation in the ATB model assumes that the geometric position of the glenohumeral 
joint is the center of rotation. It is therefore essential to determine the shape of the joint sinus in 
order to determine if a rotation of the upper arm results in resistive moments. Figure A.6 shows the 
joint sinus based on the coefficients in Table A.1. The angles are defined relative to the orientation 
in the local joint center (Figure A.5). For the implementation in the ATB model, the initial 
advantages of the continuous functional expansion of the joint sinus could not be used. The joint 
sinus (A.2) is discretized for a number of flexion angles and linear interpolation is used to determine 
intermediate values. The linear approximation of the joint sinus is also shown in Figure A.6. The 
functions for the force/moment resistive properties are approximated by 3rd order polynomials. The 
axial torsion about the long bone axis is defined independent of the other angles. This definition 
corresponds to the definition of the torsion torque in the definition of the flexion-torsion restraint. An 
error is hereby introduced because the data is obtained by torsion of the humerus about the center 
of the glenohumeral joint and not the center of rotation. 

1.8 

I 
O 1 2 3 4 5 6 

phi-j [rad] 

* approximated data points --- linear approximation of ATB model 

Figure A.6: Rotation angles determining the joint sinus range of motion defined 
relative to the local joint coordinate system (phi-j=(+ theta-j=ej) 
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The joint sinus can be determined relative to the local joint and fixed body coordinate systems in 
the 3-dimensional space (Figure AS). This can be done using the technique as proposed by Engin 
& Tümer (1989). The concept hereby is that a point can be described by unit vectors which are 
defined relative to the different coordinate systems. The unit vector which determines the joint sinus 
in the local joint coordinate system is defined using the spherical angle representation: 

Ï he  vector can ais0 be defined relative to the orientation of the fixed body coordinate system: 

O = sin(e,)cos(@&' + sin(e,)sin(QJë! + cos(e,)é,O (A.20) 

The set of unit vectors describe the same joint sinus relative to different coordinate systems: 

Figure A.7 shows the joint sinus in the 3-dimensional space. It is difficult to determine the joint sinus 
for the rotation angles relative to the fixed body coordinate system. This is mainly caused by the 
fact that only positive values of 0, determine the joint sinus. However, the values of 0, and @, forming 
the joint sinus in the fixed body coordinate system, can be numerically determined from (A.20) and 
Figure A.7. Figure A.8 shows the space of permissible combinations of 8 and @ that lie within the 
joint sinus. It can be seen that only a limited range is possible. For example, a combination of û=O 
[rad] and @=O [rad] (the arm hanging beside the torso) is already outside the range of motion. This 
is caused by the fact that the range of motion is only defined for positive values of 6,. 

local joint coordinate system fixed body coordinate system 

Figure A.7: The joint sinus defined relative to the local joint and 
fixed body coordinate systems 
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?l / -0.5 O 0.5 1 1.5 2 2.5 3 

Figure A.8: Rotation angles determining the joint sinus defined relative 
to the fixed body coordinate system (phi-f=$,, theta-f=8,) 

The values of 0, and cp, which determine the range of motion relative to the fixed body coordinate 
can be verified. If $,=1.035 [rad], the 8 rotation axes of the fixed body and local joint coordinate 
system are aligned. The direction of the 0 rotation can change by the value of cp: @=O [rad] results in 
a positive rotation while $=n [rad] results in a negative rotation relative to the fixed body coordinate 
system. The following values are then important: if @i=O [rad] then 0,=1.467 [rad] and if $=n [rad] 
then Oj=1 .O46 [rad] (function (A.2) and Figure A.6). The permissible combinations are then: 

$i=O: 
$=n: 

$,=I .O35 -+ 0,=1.467+1.380= 2.847 [rad] 
cpf=l .O35 -+ e,=-1.046+1.380= 0.334 [rad] 

These approximate values can be confirmed in Figure A.8 by determining the intersection 0 values 
of the joint sinus with the vertical line qf=1 .O35 [rad]. 

The shoulder joint can be verified by comparing the simulation results to the Engin (1979) data. 
For this purpose, the results for flexion motion of the upper arm (swinging motion beside the body) 
if @=O" and 8>Oo will be discussed. The experimental results of Engin are given in Figure A.2. The 
experimental curve has been determined by a polynomial fit in the approximate measurement range 
of motion of 0.25-1.6 [rad]. Extrapolation outside the measurement range using the polynomial 
expansions is not permitted (section A.3.2). However, the other experimental results in Engin show 
that for @=O" and 0=Oo, the resistive properties are approximately zero. This initial position therefore 
corresponds to the arm in the resting position. From this position, the magnitude of the resistive 
properties will increase for increasing rotations. The trajectory for this simulated motion is shown in 
the 3-dimensional space in Figure A.9. Figure A.10 shows the projection of this trajectory in the 
different planes of the fixed body coordinate system. The trajectory can be transformed to the local 
joint coordinate system (Figure A.ll).  From Figures A.8-A.11 it can be seen that the initial position 
already reaches outside the permissible range of motion. This is confirmed by determining the initial 
values: if $=O & 0=0 then $,=-1.4587, 0,=-0.5253, and yf,= 1.3501 [rad]. The negative values of 0 and 
cp are outside the range of motion (Figure A.6). For increasing flexion, the upper arm moves inside 
the joint sinus. Furthermore, if the results are compared to Engin (Figure A.1) it can be seen that 
the ranges of motion do not correspond. In the ideal case, the initial position should be inside the 
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joint sinus and should reach outside the joint sinus for flexion angles 8 larger than approximately 
0.9 [rad]. If this range of motion is compared to Figure A.8, it can be seen that for the range of 
motion 8, is approximately 2.78 [rad]. These ranges of motion are therefore not comparable. On the 
other hand, the Engin data is not without limitations either. Engin models the shoulder as a ball and 
socket joint, therefore limiting the range of motion. It should also be considered that Engin (1979) 
and Engin & Chen assume different centers of rotation. Not much insight can be gained into the 
Engin & Chen data in order to exactly define inconsistencies in the application and representation. 
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Figure A.9: Trajectory for @=O" and 8>Oo in the fixed body coordinate system (theta=€ì) 
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Figure A . l l :  Trajectory and projection in the z=O plane for $=Oo and @>O" 
in the local joint coordinate system (theta=@) 

It can be concluded that the application of the Engin & Chen properties in the ATB model is not 
done properly. From the discussion, it follows that the transfer from data from the center of the best- 
fitted sphere to the geometric position of the glenohumeral joint is not done properly. The influence 
of the distance vector ?s between the original positions on the range of motion cannot be neglected. 

The joint properties of the shoulder, elbow, hip, knee, and ankle were implemented in a 15 
segment human body model (Ma et al., 1995). Simulations of sled tests were carried out to validate 
the joint models. However, the simulation of joint motion did not show good agreement with 
experimental results. The simulated range of motion was smaller than in the experiments. It is 
furthermore disputable whether joint resistive properties can be validated by measuring chest, 
acceleration, lap belt force, and shoulder harness force. This is certainly not customary in the 
biomechanics literature. 

A.3.7 Alternative modelling techniques for implementation in MADYMO 

An alternative method can be proposed to adopt the Engin & Chen data to model the shoulder joint 
in MADYMO. In this model, the shoulder complex consists of 2 body segments: the upper arm 
(humerus) and the clavicle. The humerus and clavicle are connected by the glenohumeral joint 
which is modelled as a ball and socket joint. The clavicle is connected to the torso in the center of 
the best-fitted sphere (center of motion) with a ball and socket joint. This therefore allows the 
glenohumeral joint to translate and rotate about the torso. Due to this connection, the resistive 
moments can be transferred to the shoulder joint and the range of motion can be taken into 
consideration. The forces in the glenohumeral joint can then be determined and compared to Engin 
(1 979) for example. 
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Engin & Tümer (Engin & Tümer, 1989; Tümer & Engin, 1989) proposed an alternative model of 
the shoulder complex based on the Engin & Chen database. This model is more refined than the 
previous proposal in the sense that an additional body segment (link) connects the glenohumeral 
and claviscapular joint. Hereby, the model consists of an open loop chain of four finks representing 
the torso, clavicle, scapula, and humerus (Figure A.12). These links are connected by ball and 
socket joints (a universal joint in combination with a sleeve joint equals a ball and socket joint). The 
objective of the papers was to establish the limits for the rotations of the clavicular, scapular, and 
humeral links with respect to the torso and each other, as well as axial rotations involved. Force 
and moment resistive properties which act in the joints were not considered. 

HUMERAL SLEEVE J O M  

MMERAL LINK 

Figure A.12: Schematic representation of the proposed 
shoulder complex model (Engin & Tümer, 1989) 

A.4 Evaluation of the functional expansion modelling technique 

The basic principles of the implementation of a shoulder joint model have been discussed in this 
appendix. However, simulations with the shoulder joint of the ATB model and validation with the 
Engin (1979) data did not show good agreement. The main problems were that in the initial position 
motion of the upper arm already reached outside the maximal voluntary joint sinus. Furthermore, 
the permissible ranges of motion did not show much agreement. As a result, the resisitive forces 
and moments could not be validated with the Engin data. Although the Engin data is not completely 
consistent, it can be concluded that there are several limitations and inconsistencies in comparison 
to the application and representation of the Engin & Chen (1987 & 1989) data. Although the 
technique has been applied to the shoulder joint, the forthcoming discussion is also applicable to 
the provided elbow and hip data. These limitations and inconsistencies will now be discussed: 

Fixed center of rotation 

Engin assumes a fixed center of rotation although most references in the literature show that 
there is a moving center of rotation. For the shoulder joint, the chosen fixed point s (Figure A.l) 
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coincides approximately with the center of the glenohumeral joint when the arms are on the side 
of the torso. When motion starts, the center of the glenohumeral joint moves away from point s. 
Further note that for any other point in the shoulder joint complex, the corresponding moment 
vector is the sum of the moment vector given at point s and the vector obtained by the cross 
product of the position vector, which extends from that point to point s, and the force vector itself. 
Therefore, considering the human shoulder as a ball and socket joint neglects part of its possible 
freedom of motion. 

Derivation of the moments and forces 

The derivation of the moment in the center of the best-fitted sphere has been described in 
section A.3.4. Engin & Chen calculate a moment vector in the instantaneous joint center and then 
transfer this moment to the center of the best-fitted sphere. The vector T's is the distance vector 
between the center of the best-fitted sphere and the instantaneous joint center of the 
glenohumeral joint. The vector T's is required to determine the moment in the instantaneous joint 
center from the moment vector and force vector in center of the best-fitted sphere. However, t's is 
not specifically given. The vector has been apprxoimated but this is not trivial and the accuracy 
cannot be determined. 

A further conclusion is that the forces in the instantaneous joint center are not calculated 
correctly. If a force is applied to the humerus, a reaction force will act in the instantaneous joint 
center with a direction vector opposite to the applied force vector. This in turn results in a 
reaction force in the center of the best-fitted sphere with a direction equal to the original applied 
force vector. The component of the force vector perpendicular to the moment arm of the humerus 
results in the aforementioned moment vector in the instantaneous joint center. Force vectors with 
different direction vectors vector can therefore cause the same moment vector. But the reaction 
forces in the instantaneous joint center are different. This in turn causes different moments in the 
center of the best-fitted sphere. The transfer of the moments from the different centers is 
therefore far from trivial. It can then be concluded that Engin & Chen did not take the influence of 
the reaction force on the moment in the center of the best-fitted sphere into consideration. 

Coefficents of the joint sinus and functional expansions 

The coefficients of the joint sinus and functional expansions have been statistically determined 
from the subjects data (Table A.l). The variance and standard deviations have not been given 
but show great diversity: a standard deviation of 100% is certainly no exception. When the 
described model is used to determine the motion in the joint, the coefficients of the joint sinus are 
such that for an applied swinging motion of the arm, the motion is never outside the free range of 
motion. 

Another essential error in the joint sinus data is that only maximum values are given for 
positive values of 8. A flexion motion of the upper arm, like for example pushing the arm along 
the side of the body and away from the frontal plane, would therefore never result in motion 
outside the range of motion. Experimental research has shown that this flexion motion is of 
course limited. 

Singularity 

MADYMO provides the orientation of a moving body relative to a fixed body in Euler parameters. 
Singularity occurs when the orientation of the shoulder can no longer be uniquely defined from 
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the Euler parameters. The Euler orientation angles are determined from the Euler parameter 
matrix. In the Euler angle rotation sequence z-y-z, as proposed by Engin & Chen, singularity 
occurs when the rotation about the y-axis equals k*n; (k=0,1,2) [rad]. Therefore singularity can 
already occur during static equilibrium. This problem is avoided by adopting the z-y-x Euler angle 
rotation sequence. For this sequence, singularity occurs if the rotation about the intermediate 
yaxis equals +Yin; [rad] in the current definition of the axes coordinate system. This rotation is not 
likely to occur during realistic forced shoulder joint motion. However, during shoulder joint motion, 
gimbal lock can never be completely avoided, because the joint motion in the shoulder joint 
covers approximately 27c [rad] rotation for different angle combinations. For angles that are 
outside the prescribed range of motion, the values could be determined by maintaining the history 
of the angular velocity and angular acceleration between time points. 

Application for dynamic and impact joint motion 

The experiments conducted by Engin were all static. Application of this static stiffness data to 
describe dynamic joint motion should be considered carefully. Due to the limited range of motion, 
extrapolation of values beyond experimental range of motion is required. Engin states that the 
data is sufficient for extrapolation beyond these test regions. It has, however, been shown in 
section A.3.2 that the functional expansions describing the curves may not be applied outside the 
test regions. Near the boundaries of the test regions, the critical item of interest is the rate of 
change of the slopes of the curves. Extrapolation could therefore be used up to the point of 
impending injury such as ligament injury. However, ligament rupture leads to a decrease in the 
resistive properties and extrapolation is therefore not authorized. 

The function of the shoulder during lateral impact is mainly to transfer forces to the thorax. The 
main injuries during upper body lateral impact are rib and clavicle fractures. In general, ligaments 
do not usually show any rupture. Translational (drawer) motion has also been investigated by 
Engin and co-workers in volunteer studies (Engin et al., 1984). In these studies, the kinematic 
motion of the shoulder complex along the humeral axis direction is analyzed. Injury mechanisms 
such as dislocation of the shoulder is primarily caused by this drawer motion. This is, however, 
reversible and in most cases does not result in a fracture or rupture. 
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Appendix B 

Experimental Knee Joint Studies of Passive and 
Impact Motion 

B.l Introduction 

Knee stability and stiffness is provided by the complex interactions of a multitude of factors, such as 
ligament and other soft tissue constraints, condylar geometry, active muscular control, and contact 
forces. Clinical techniques for assessing knee stability involve application of prescribed forces and 
moments to the leg. The translations and rotations which result at the knee are then subsequently 
observed and moment-rotation and force-translation relations are then derived. 

The passive knee joint moment is defined as the moment acting in a joint when all muscles in the 
joint are relaxed. The passive joint moment arises from the deformation of all tissues which 
surround the joint usch as the ligaments, tendons, and relaxed muscles. These tissues exhibit a 
complex mechanical behaviour. 

In this chapter, several experimental studies will be discussed concerning the stability and 
stiffness of the knee joint during passive and during impact joint motion. The experimental studies 
are conducted in vivo (e.g. cadavers) or in vitro. The main difference, apart from possible joint 
tissue degeneration, is the influence of muscular activity. In vitro tests conducted on volunteers can 
never completely eliminate muscular activity and therefore result in a higher stiffness. However, 
Goldfuss et al. (1973) concluded that unconscious muscular activity had no effect on measures of 
varus/valgus stiff ness. Whether this conclusion is valid for other displacements is difficult to assess 
due to a lack of available data comparing stiffness at low versus no level of muscular activity. 
However, it is often assumed that during knee impact, the leg muscles have no time to react and 
their influence on the stiffness can thus be neglected. Therefore, in this study the stiffness 
characteristics obtained during in vivo studies are used for possible implementation in a joint model. 

B.2 The knee joint 

The knee is one of the most complex joints and largest articulating joints in the human body. In 
essence, the knee joint describes the motion of the surfaces of the femur (upper leg), the surfaces 
of the tibia (lower leg), and the surface of the patella (knee cap). It must be noted that the 
articulating motion of the patella and femur is not relevant at this point. Therefore, the relevant knee 
joint motion consists of the combined relative motion between the femur and tibia. During normal 
joint activity, this motion consists of gliding and rolling. Figure B.l shows the most important 
components of the knee joint. The rough structure of the surfaces of the femur and tibia can also be 
seen in this figure. 
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Figure B.l: The components of the knee joint 
in a view from behind (Wismans, 1980) 

The primary motion of the knee joint is a hinge-like rotation. For example, this motion can be 
observed during a normal walking pattern and is defined as flexion/extension. Flexion is hereby 
defined as the backward motion of the leg and extension is defined as the forward motion. Flexion 
and extension both occur about a moving transverse axis. This axis moves backward during flexion 
due to the curvatures of the femoral articulating surfaces (condyles). However, there are several 
other instances of relative motion (rotation and/or translation) between the femur and tibia: 

e the rotation about the long bone axis of the tibia is defined as internal-external rotation, 
the rotation about the axis perpendicular to the long bone axis and flexion-extension axis is 
defined as varus-valgus (sideways) rotation, 

e the relative forward-backward translation is defined as anterior-posterior drawer. 

The stability of the knee joint is determined by the shape of the condyles, the menisci and the 4 
major ligaments: the anterior cruciate ligament (ACL) and posterior cruciate ligament (PCL), medial 
collateral ligament (MCL) and lateral collateral ligament (LCL). During rotations, the cruciate 
ligaments twist and untwist around each other. The cruciate ligaments are strained in most positions 
of the knee to prevent anterior-posterior translation of the tibia relative to the femur. However, in full 
flexion, the anterior cruciate ligament is relaxed while the posterior cruciate ligament is relaxed in 
full extension. The collateral ligaments prevent internaVexternal rotation of the tibia when the knee is 
fully extended and maintain contact between the femur and tibia. The collateral ligaments are 
relaxed when the knee is flexed to approximately go", thus allowing internal-external rotation of the 
tibia. The function of the menisci in the knee joint is the force transmission between femur and tibia. 
The medial and lateral menisci are 2 crescent-shaped structures which are attached to the upper 
surface of the tibia. 

B.3 Experimental Studies of Passive Knee Joint Motion 

B.3.1 Global experimental studies 

Several studies have appeared in the literature which discuss passive knee joint motion resulting 
from applied forces and moments. In the experimental studies, the forces/moments were prescribed 
and the resulting translations/rotations were recorded. Often, special instrumented force handles 
attached to the tibia were used to record the manually applied forces during the experiments. The 
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bending moment at the knee joint is then determined by multiplying the force by the distance to the 
articular surfaces. The question is whether these resistive forces and moments take possible time- 
dependent characteristics into consideration and have the same value for dynamic joint motion. 
Loch et al. (1992), for example, noted that the viscoelastic properties of the soft tissues had a 
significant effect on the measurement. 

Engin (1 979) established a database for the biomechanical properties of the major human 
articulating joints for the purposes of incorporation into the multi-segmented mathematical models of 
the total human body. Passive motion resistive force/moment properties were measured for the 
knee. A flexion was prescribed on the knee joint and the resistive forces/moments were recorded as 
function of the flexion angle during forced sweep of the lower leg. However, the database is limited 
due to the fact that only varudvalgus and internaVexternal rotations have been determined. The 
resistive properties were given in the form of higher order polynomials (Appendices A & C). 

Crowninshield et al. (1 976) also performed verification experiments and determined the joint 
stiff nesses at flexion angles between O" and 90" during varus-valgus rotation, internal-external 
rotation, and anterior-posterior drawer motion. It was concluded that there is a tremendous 
variability in the joint stiffnesses of knees for different subjects. The differences in stiffness varied as 
much as 100%. These relative stiffnesses were given as a function of flexion angle. But these 
results cannot be applied because the accompanied absolute stiff nesses are not given. 

Several studies have appeared in the literature which discuss the force/moment-versus-laxity. In 
the literature, laxity is usually defined as the amount of play detected by a clinical test. However, the 
definition of laxity is not unequivocally defined. Markolf et al. (1981) defined laxity as the translation/ 
rotation at specified force (or moment) levels. Hsieh & Walker (1976) defined laxity as the 
translation/rotation resulting from specified values of cyclic force and torque. While, Markolf et al. 
(1 976) defined laxity as the horizontal distance between intersection points between the adjacent 
neutral and terminal stiffness curves. Mills & Hull (1991) defined laxity as the range of rotation that 
the knee undergoes before the soft tissues surrounding the joint significantly restrict motion. 

B.3.2 Experimental studies of the University of California (1976-1985) 

The experimental studies conducted at the Biomechanics Research Section at the University of 
California (in vivo: Markolf et al., 1976; Markolf et al., 1981 and in vitro: Markolf et al., 1984; 
Shoemaker & Markolf, 1985) have often been referred to in the literature. These studies are 
statistically consistent and extensive in the sense that the forcelmoment relations for the 6 degrees 
of freedom in the knee determined. In these studies, the force/moment and translation/rotation 
relations are determined for different loading conditions for complete cadaver knees and sectioned 
cadaver knees. As these studies are the most comprehensive that have been reported in the 
literature, they will be discussed in more detail. 

For a better understanding of the moment-rotation curves, it is useful to introduce several 
stiffness related variables (Markolf et al., 1976). For this purpose, a 3-segment linear approximation 
can be constructed to each curve (Figure B.2). A line tangent to the mid-portion of the curve at the 
inflection point is drawn. The slope of this curve is defined as the neutral stiffness (also referred to 
as the mid-range stiffness). Similarly, tangents can be constructed to the upper and lower portions 
of the curve at specified torques and forces. The slopes of these tangents are used as terminal 
stiffness values. The intersection points of adjacent curves represent positions at which the knee 
stiffened as it was tested. The 3-segment linear approximation of the nonlinear response of the 
knee is a reasonably accurate way to represent curves which undergo rapid transitions in stiffness. 
However, for curves with more gradual stiffness transitions, difficulty is encountered in identifying a 
definite breakpoint on the curve. 
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Figure 8.2: Response curve 

Markolf et al. (1 976) measured the moment-rotation responses for both varus-valgus rotation and 
torsion as well as the force-translation responses for anterior-posterior translation. The responses to 
all modes of loading were nonlinear, reflecting increasing stiffness. With the knee at full extension, 
stiffness was maximal and the laxity was minimal. The typical shape of the response curve is given 
in Figure B.2. The average varus-valgus moment-rotation curves showed that the response was 
nearly linear at full extension, but as the knee flexed there was increased nonlinearity. All curves 
showed reasonably well-defined intersection points. Terminal varus and valgus stiffnesses were 
nearly equal and both decreased slightly with increasing knee flexion. Initially, the neutral stiff ness 
increased rapidly for increasing flexion and then remained relatively constant. Laxity increased 
uniformly from 2" at full extension to 9" at full flexion. However, these results are not supported by 
Mills & Hull (1991). They determined that the terminal stiffness was different for varus and valgus 
rotation. This discrepancy may be caused by the asymmetry of the knee and the larger range of 
moment application. The average torque-rotation curves for tibial torsion were more nonlinear than 
those for varus-valgus bending and showed more gradual stiffness transitions. The torsion curves 
for 20" to 140" of flexion were essentially identical. The mid-range stiffness decreased rapidly during 
the first 10" of flexion and then remained relatively small. Terminal stiffness values for internal and 
external rotation were nearly equal and remained constant for all positions of knee flexion. The 
torsional laxity was approximately 5 times greater than varus-valgus laxity. The force-translation 
curves for anterior-posterior tibial displacement varied considerably with knee flexion. The curve 
increased in nonlinearity during flexion but for flexion greater than 45", the curves tended to revert 
back to the curve at full extension. The terminal stiffnesses for posterior translation of the tibia were 
generally greater than those for anterior translation. The laxity, the posterior and anterior terminal 
stiffnesses reached their maxima for 20" flexion. 

The stiff ness curves for the force-translation and moment-rotation of the experimental studies 
conducted at the Biomechanics Research Section at the University of California will now be listed. 
Markolf et al. (1976) gave the following average curves as function of the flexion angle: 

the anterior-posterior force versus the anterior-posterior translation, 
the varus-valgus bending moment versus the varus-valgus rotation, 
the tibial torque versus the tibial rotation. 

Markolf et al. (1981) gave the following average curves as function of O" and 20" flexion, with and 
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without axial compressive joint loading: 

the anterior-posterior force versus the anterior-posterior translation, 
the medial-lateral force versus the medial-lateral translation, 
the varus-valgus bending moment versus the varus-valgus rotation, 
the tibial torque versus the tibial rotation. 

Markolf et al. (1981) gave the following average curves as function of increasing hyperextension 
with and without joint loading: 

the varus-valgus bending moment versus the varus-valgus rotation. 

Markolf et al. (1984) reported the following curves for 20" flexion: 

the anterior-posterior force versus the anterior-posterior translation. 

Shoemaker & Markolf (1985) reported the following curves for O" and 20" flexion: 

force-versus-anterior and posterior displacement 

B.3.3 Influence of Sectioning of ligaments 

It is well recognized that changes in knee stability occur when one or a combination of the joint 
components, such as ligaments, are torn or severed. However, the relative magnitudes of the 
changes induced by these disruptions are difficult to quantify. Several studies have been published 
in the literature which quantify the effects of sectioning the ligaments on the stiffness and laxity of 
the knee. These experiments have been done without (Markolf et al., 1976; Markolf et al., 1984) 
and with compressive loads (Hsieh & Walker, 1976; Markolf et al., 1981; Markolf et al., 1984; 
Shoemaker & Markolf, 1985). Shoemaker & Markolf also investigated the order of the sectioning of 
the medial collateral and anterior cruciate ligaments. 

Markolf et al. (1976) determined that torsional laxity and internal rotation stiffness were most 
affected by sectioning the MCL. External rotation stiffness was only affected by division of both the 
LCL and posterior capsule. Varus-valgus laxity was relatively unaffected by removal of the menisci 
or section of the cruciate ligaments but greatly increased when the LCL or MCL were cut. The MCL 
was the main contributor to valgus stiffness, whereas the LCL had no measurable effect on varus 
stiffness. Anterior-posterior stability was affected to some extent by virtually every sectioning 
procedure. Isolated sectioning of the ACL produced the greatest increase in anterior-posterior laxity 
at full extension and sectioning of the PCL, the greatest increase at 90" flexion. This may be 
explained on the basis of the anatomical direction opf the ligaments. The actual change in length of 
the collateral ligaments in anterior-posterior motion will be small in comparison with the length 
changes in the cruciate ligaments. Large increases in anterior-posterior laxity were also observed 
when the MCL and posterior capsule were sectioned in combination. These conclusions were in 
agreement with the work of Hsieh & Walker. They reported that sequential cutting of the structures 
always led to increased laxity. 

Shoemaker & Markolf (1985) measured the effects of a serial sectioning of the MCL and ACL. 
Anterior-posterior force-versus-displacement and tibial torque-versus-rotation response curves were 
determined ai O" and 20' flexion before and after application of a compressive load on the 
tibiofemoral joint. The magnitude of the compressive load can be 925 [NI. The effects of the 
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sectioning of the ligaments had influences on the anterior and torsional laxity for different 
compressive loads. Each mean curve was calculated by averaging the laxities of member curves of 
each group at discrete levels of applied force. The anteriorly and posteriorly directed forces (ranging 
from +200 [NI to -200 [NI) were cyclically applied to the tibia and the resultant tibial displacements 
in the sagittal plane were measured and recorded on an x-y recorder. In the torsion test, cyclically 
applied torques (as much as 10 [Nm]) and induced rotations about the long axis of the tibia were 
recorded. Secondary section of either ligament (the other ligament having been sectioned first) 
produced a greater increase in laxity than did primary section of that ligament in an intact knee. 

In a previous experimental study (Markolf et al., 1984), the stiffness and laxity of the knee were 
measured for patients with a documented absence of the ACL. The obtained results were in general 
agreement with the previous studies: sectioning of the ACL demonstrated increased anterior- 
posterior laxity and decreased anterior stiffness. Mean and standard deviation anterior-posterior test 
curves for normal knees at 20" flexion were given. In addition, tables were given of the laxity, 
varudvalgus stiffnesses, and rotational stiffness for discrete values of applied moments at O" and 
20" flexion. The standard deviation was of the magnitude of 50% of the mean value. 

Markolf et al. (1 981) concluded that after sectioning of the medial and lateral meniscus in the fully 
extended, unloaded knee, anterior-posterior and varus-valgus neutral stiffnesses were reduced 
significantly. When the knee was in 20" flexion, internal and external rotation of the tibia decreased 
anterior-posterior laxity and increased anterior-posterior neutral stiffness. Hyperextension of the 
knee increased neutral stiffness and decreased laxity during the varus-valgus test. 

B.3.4 Influence of compressive loads 

It is well recognized that during normal functioning of the knee, the knee joint is subjected to many 
forces and moments caused by gravity, inertia, and muscles. Experimental studies have reported 
that the stiffness curves are different for zero-load conditions in comparison to compressive loading. 
A load on the knee joint has an important stabilizing effect because it limits translations/rotations 
and thereby protects the ligaments from excessive strains produced by external forces/moments. 

Hsieh & Walker (1 976) imposed cyclic anterior-posterior forces and torques on knee joints which 
were subjected to various compressive loads. These loads were as much as 2 times the body 
weight. The tests were carried out at O" and 30" flexion. It was concluded that under compressive 
loads, the geometrical conformity of the condyles was an important factor in stabilizing the knee. 
They concentrated on the laxity of the knee joint as function of compressive load for discrete values 
of flexion. With an increasing compressive load at 30" flexion, there was a marked decrease in the 
total anterior-posterior laxity. In general, an increasing compressive load always led to decreased 
laxity. This was supported by Shoemaker & Markolf (1985). Shoemaker & Markolf reported that 
increases in torsional laxity due to primary section of the ACL or MCL were unaffected by the 
application of joint load. Joint load reduced increases in laxity that were due to secondary section of 
the MCL. 

Markolf et al. (1981) tested cadaver knees at full extension and at 20" flexion under compressive 
loads. Force-versus-displacement responses for anterior-posterior and medial-lateral translation as 
well as moment-versus-rotation responses for varus/valgus rotation and tibial torsion were 
determined with and without compressive loads. It was concluded that while a compressive force 
was applied the stiffness at the neutral position (static equilibrium) always increased, while the 
corresponding laxities always decreased. 

The quantative percentages of the decrease in laxity differed for the studies of Hsieh & Walker 
and Markolf et al. (4984); the latter being significantly lower. This was probably caused by the 
constraints in the fixture of Hsieh & Walker. Since any constraint of anterior-posterior translation, 
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generated during application of joint load, would tend to produce greater decreases in laxity. 

B.3.5 Discussion 

For the unloaded knee, the applied forces and moments are resisted internally by the ligaments and 
capsule. Any translations and rotations of the knee caused by these external loads are converted to 
the internal ligament strains. The increases in stiffness and decreases in laxity when tibiofemoral 
compression is applied indicate that less tibial translation and rotations will result from application of 
a given force or moment, and that ligament strains will be reduced. Joint congruency is a function of 
the contours of the tibial plateaus and femoral condyles. It is a major factor contributing to the 
stabilizing effects of joint loading. 

For the loaded knee, an important protective mechanism for the knee ligaments is produced by 
the interactions between the compressive loads acting normal to the joint surfaces, the geometry of 
the knee joint, and tissue compliance. In vivo, the compression load is generated by 2 mechanisms: 
body weight and knee muscles. The latter mechanism is especially important since Markolf et al. 
(1976) showed that many individuals in excellent physical condition can increase the stiffness of 
their knees by a factor of 10 or more by contracting their muscles. 

From the experimental studies which have been discussed in the previous sections, the following 
generalized conclusions can be drawn: 

. the stiffness is nonlinear for applied moments, 
increasing flexion leads to increased rotational laxity, 

* there is a wide range of force versus flexion/anterior-posterior translation curves, 
sectioning of ligaments leads to increased laxity and decreased stiffness, 
a compressive load results in decreased laxity for increasing flexion, 

0 joint compressive load, whether generated by gravitational, dynamic, or muscular forces, is an 
important protective mechanism that avoids ligament strain. 

The differences and inconsistencies in experimental results are mainly explained by: 

differences in testing techniques: applied displacements versus applied loads, 
difference in the accuracy of the apparatus, 
the state of the knee (in vivo versus in vitro), . anthropometry, age, gender of specimens or test subjects, . statistical differences: smallness of amount of specimens. 

B.4 Experimental studies of impact joint motion 

An inventarisation is given of the more relevant studies that have been presented in the literature 
concerning impact joint motion and injury mechanisms. The studies are distinguished according to 
the type of loading conditions: frontal and side impacts. Several experimental studies have 
investigated the responses to frontal longitudinal femur impact. The effect of impact direction 
(IateraVoblique) and padding are investigated for different loading conditions. An example of 
padding is a bolster. A bolster impact is the impact of the knee of a seated passenger with the 
dashboard of a vehicle. An application of these experimental studies is to compare impact tests on 
cadavers and dummies. The purpose of these tests is not to determine the specific mechanisms of 
fracture in the femur but mainly to determine the differences in response. As a consequence, 
recommendations can be made for improved designs and specifications. Comparison tests between 
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cadavers and the part 572 dummy have been conducted by (Horsch ì3 Patrick (1976) and Kroel1 et 
al. (1976). In addition, a femur injury criterion has been developed. This criterion relates the 
magnitude of the femur loads to fractures. The criterion provides a permissible upper boundary load 
as a function of time. 

B.4.1 Cadaver femur responses to frontal longitudinal impacts 

Powell et al. (1974) conducted longitudinal impacts on the knees of seated embalmed cadavers 
using an impact pendulum. The pendulum mass was 15.6 [kg] and the impact velocities 1.2 and 4.5 
[m/s]. Impact force and femur strain histories were recorded, and peak force at fracture was 
determined. The results show that femur stiffness (average = 3.29 [MN]) for impacts is nearly the 
same as for static loads. Peak fracture loads varied from 8731-11570 [NI and a linear relation 
between peak force and impact velocity appears evident. Strain histories and fracture patterns 
suggest that bending effects play a major role in the response of embalmed cadaver femurs to 
longitudinal impact. The femur behaves like a curved beam under a compressive axial load. 
Bending occurs in both the medial-lateral and the anterior-posterior planes. Howver, the bending in 
the medial-lateral plane appears to be much more significant than in the anterior-posterior plane. 

Melvin et al. (1975) conducted direct impact tests and driving point impedance tests on the legs 
of seated unembalmed cadavers. The variables that were studied included impactor energy and 
impact direction (axial and oblique). The mass of the impact-piston load-cell striker assembly was 
20.9 [kg]. The knee was flexed 90' and in some tests the thigh was not lined up along the impactor 
axis but was abducted (rotated laterally) to study oblique frontal impacts. Impact velocities ranged 
from 6.3 to 15.6 [m/s]. Force-time curves showed that a sub-failure impact characteristically 
produced a double peaked wave form consisting of an intial high load peak followed by a lower, 
longer duration peak. In a fracture-producing impact, the second peak is greatly diminished or 
missing altogether. This behavior approximates the bending behaviour of a beam-column. The test 
results indicate that the unembalmed skeletal system of the lower extremities is capable of carrying 
significantly greater loads than those determined in tests with embalmed subjects. It furthermore 
indicated that peak load alone is not an adequate indicator of impending fracture. It is suggested 
that the impulse associated with the force-time history in conjunction with the peak force would be a 
reasonable means of assessing the injury potential to the knee-femur-pelvis complex. 

Powell et al. (1975) present results of longitudinal impact tests on the knees of seated cadavers. 
Typical impact velocities, impact time force histories and femur strain histories are presented. The 
importance of femur bending is revealed by strain readings on the medial, lateral, anterior and 
posterior surfaces. Examination of the strain histories revealed, in addition to the compression, the 
beam-column behavior of the femurs with bending in two planes. Oblique impacts were performed 
to determine if the direction of loading influenced the beam-column behavior of the femurs. As 
expected, the strain patterns vary greatly with the direction of impact. The normal impact produced 
the already described beam-column behavior. The lateral oblique impact caused tension at the 
lateral surface and compression at the medial surface. For this impact the leg behaved like a curved 
beam cantilevered at the hip and loaded in bending plus compression. The average fracture force 
level was found to be 10.04 [kN] and the impact energy to be 549 [J]. The fracture patterns and 
possible mechanisms are discussed. It was shown that seated-cadaver knee impacts produced a 
consistent pattern of fractures. Patella fractures were observed in 80% of the legs tested. These 
often occurred at force levels below those needed for femur fractures. The vulnerability of the 
patella is probably the result of the seated configuration and the use of the rigid impactor. Condylar 
fractures were observed in 33% of the legs, shaft fractures in only 6.7% of the legs, and hip injuries 
(pelvic and femur neck) in 13.3% of the legs. Examination of the fractured femurs suggest 2 
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possible fracture mechanisms: the wedge shaped patella might split the condyles apart and then a 
bending fracture could occur between the condyles and the femur shaft or an initial shear or 
bending failure where the thick walled femur connects to the thin walled condyles. The interaction of 
the condyles, patella, the soft tissue, and impactor surface seems to determine the fracture mode. 

Hering & Patrick (1977) performed tests in which knees of unembalmed human cadavers were 
impacted with a pendulum having either 203 [mm'] aluminum honeycomb or Styrofoam DB striking 
surface. The knees were rigidly mounted at 90' flexion and impacts were made along the femoral 
axis of rigidly mounted legs with a 52.3 [kg] pendulum at velocities of 1.8 to 3.6 [ds] .  Forces 
transmitted through the femur and tibia (at the ankle) were measured to determine the force 
response distribution. Peak forces were given at the femur and ankle. Pendulum acceleration 
parallel to the femoral axis was measured for all tests. Knee penetrations into the striking surface 
material were obtained by double integration of the pendulum acceleration time history. These were 
verified by analysis of high speed movies, and were compared with the projected contact areas as 
penetration increased. Impact responses are presented as crossplots of force versus depth of knee 
penetration into the interface material. These showed that the mid-range stiffnesses depend on the 
impactor material but are independent of the impactor velocity. 

B.4.2 Bolster impacts 

Viano et al. (1978) described a study to determine the response of the lower-extremity during 
bolster impacts to the knee. Three loading modes were investigated: tibia impact at 90" flexion, 
knee impact at 90" flexion, and knee-tibia impact at 45" flexion. In tibia impacts, the resistance to 
the bending and shear resulted in greater load transfer through the knee joint to the lower torso. 
This produced tibial-fibular fractures and ligament failures. During knee impacts, the early tibial 
loading caused posterior translation of the tibia with respect to the femur. This resulted in failure of 
the osseous attachment at the tibial plateau or central portion of the posterior cruciate ligament and 
femoral condyle fracture. Knee-tibia impacts did not result in gross injury of the lower extremity 

Cheng et al. (1984) used sled tests to determine the effectiveness of a knee bolster as a restraint 
for the lower torso. They reported damage to the PCL after impacts below the knee. However, the 
flexion angle needs to much less than 90" before the posterior cruciate ligament is at risk. They 
furthermore reported femoral condyle and patella fractures for increased acceleration of the sled. 

8.4.3 Femur injury criterion 

Several femur injury criteria, relating applied compressive longitudinal force to fracture, have been 
proposed in the literature. The concept behind these criteria is that applied forces below this criteria 
will not result in fracture. With the increased knowledge gained from these tests, the criteria 
required adjustments. For example, King et al. (1973) proposed a fracture criterion of 7.56 [kN]. 
Experimental studies such as Powell et al. (1975) determined that a much higher average value of 
10.0 [kN] may be allowed. However, the fact remains that the femur fracture tolerance depends on 
the methods and materials used in the tests. 

In the femur injury criterion developed by Viano (1977), the duration of the primary force 
exposure and the peak applied load are taken into account simultaneously. Viano analysed the 
available biomechanics data and mathematical models on femoral impact response and fracture. 
This indicated that a significant load time dependency for primary pulse durations below 20 [ms], 
can elevate the permissible femur load above the proposed allowable limit of 10.0 [kil]. Therefore, a 
permissible peak knee load F dependence upon the duration of the primary force exposure T was 
proposed given following the formula: 
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F=23140-0.71 *T [NI, Te 20 [ms] 
F=8900 [NI, T2 20 [ms] 

It can be seen that F as a function of time comprises of a linearly decreasing and a constant value 
after a specific time duration. The conservative long duration for exposure tolerance level of 8900 N 
was selected because of a lack of substantive experimental data. The criterion has been verified 
experimentally (Viano, 1977; Leung et al. 1983) and maintains its merit. 

B.4.4 Knee injury mechanisms during side impact 

Several experimental studies have appeared in the literature concerning possible knee injury 
mechanisms which occur during side or lateral impacts. From these studies it can be concluded that 
the predominant injury mechanisms during impact are condyle fractures, cartilage injury, and 
ligament damage. Injuries concerning the knee joint therefore primarily consist of stretching or 
rupture to the ligaments and cartilage injury due to abnormal articulating motion. The Injury 
Prevention section at the Chalmers University in Stockholm, Sweden have performed lateral impact 
studies on the human knee. The published results do not give data of the forces and moments in 
the joint as a function of the displacements. Efforts should be taken to acquire these results. 

Kajzer et al. (1990) developed an experimental method for the assessment of the shearing force 
in the lateral direction of the knee joint. The experiments were carried out on cadavers under 
dynamic conditions whereby an impactor struck the leg just below the knee. Injuries were 
determined by measurements of the knee laxity and by dissection of the knee region. The results 
show the occurence of 2 different injury mechanisms. The first injury mechanism is directly 
correlated with the force generated by the local acceleration of the biological system. The 
consequences of this force are contact injuries (lateral tibial condyle fractures) and extra-articular 
injuries. The second injury mechanism, is correlated with the force transferred through the knee joint 
when the upper leg was accelerated. The consequences of this force is a relative displacement of 
the femur and tibia. This results in intra-articular injuries such as ligament rupture or cartilage injury. 
The mean peak force values for these 2 injury mechanisms showed a significant difference for 
different impact velocities (16 and 20 [km/h]). This was caused by the relation between the loading 
rate and mechanical characteristics of viscoelastic materials. 

Yang & Kajzer (1992) investigated the knee injury mechanisms during side impact on the lower 
extremities in car-pedestrian accidents. The knee injuries were usually caused by the direct impact 
by the bumper in addition to the transfer of forces through the knee joint. The knee reaction forces 
can be considered as a combination of a shear force and a bending moment which consists of a 
ligament tension force and a joint surface compression force. The knee injuries include damage to 
the ligament structures and to the condyles. 

Kajzer et al. (1 993) described experiments for assessing the tolerance to bending moments in the 
lateral direction of the extended knee joint. The experiments were conducted by applying a lateral 
force to the medial side of the ankle and fixating the upper leg. Damages inside the knee joint are 
generated by forces transmitted through the ligaments. The most common damage type in this 
loading configuration was therefore stretching and rupture of the medial collateral ligament in 
addition to fracture of the medial condyle. The stretching of the ligaments could be determined by 
measurements of the knee stability, but could not be related to the occurence of the knee bending 
moments. It was observed that a longitudinal leg rotation that resulted in knee flexion, occurred 
during the lateral bending-loading of the knee joint. It was also shown that peak values of the knee 
bending moment were dependent on the viscoelastic behaviour of the knee joint. 
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Investigation of the Engin (1 979) Flexion/Extension Stiff ness 

Flexion and extension data was obtained by Engin (1979) during testing of 3 volunteers and 
recording the moments and forces in the knee joint. Engin applied a least squares fit to determine a 
loth order polynomial. However, application of the polynomial coefficients as given by Engin did not 
provide satisfactory results (Figure C.l), it may therefore be concluded that the coefficients contain 
errors. For the correct implementation of the experimental curves, the data points were 
approximated from the curves of one volunteer subject and approximated by minimizing another 
least squares criterion. It was determined that an 8'h order polynomial of the following form gave 
good results: 

It must however be noted that the coefficients are very sensitive to round-off errors. The 
approximated curve is shown in Figure C.2 and the coefficients of (C.l) are given in Table C.1. 
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Figure C.l: Engin polynomial fit based on forced sweep of the lower leg 
for knee extension and flexion 
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* approximated experimental data points ~ approximated 8th order polynomial 

Figure C.2: Experimental data and polynomial fit based on forced sweep 
of the lower leg for knee extension and flexion (phi-x=$,) 

Table C.l Coefficients of the 8'h order polynomial 
approximating the knee flexion/extension curve 

measurement range [0°;1600] 

II co I -79.71458 /I c: I 4.143753 

-0.2440547xl O-' 

II c3 I -0.4736881~10" 

-0.263656~1 O-5 

0.21 77429x1 O-7 

-0.9260938x10-'0 

0.1 5951 67x1 0.'' 
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AIS code 

Abbreviated Injury Scale 

1 5 ~ ~ ~ 2 0  

The Abbreviated Injury Scale (AIS) has been widely used since 1971 to describe the risk of death 
from different injuries. A code number is given ranging from 1-6 for the injury severity classification. 
This correlation enables a comparison of the results from computer simulations with injuries found in 
previously made tests with biological materials. 

Yang & Kajzer (1992) and Yang et al. (1993) used a relation between the calculated strain of the 
ligament and the AIS level classification of the ligament damage observed in the tests with 
biological specimens. Table D.l gives the correlation between the ligament strain and the 
classification of the severity. Damage to the knee ligaments was classified as AIS 1-3. A ligament 
sprain was classified as AIS 2 and a ligament rupture as AIS 3. Yang defined a ligament strain of 
12% as the first sign of partial rupture and 20% strain was assumed to correspond to total rupture. 

3- 

Table D.l: Correlation of the ligament strain with severity 
classification of the ligament damage. 

e 4 2  0-1 

II E 220 3 II 

121eSl5 2 

Yang also defined a femur fracture as AIS=3, a leg or ankle fracture AIS=2 or AIS=3 if the fracture 
was open, displaced or comminuted. A condyle fracture was classified as AIS=3. The damage to 
specimens observed in tests was documented by means of the AIS code which is also available for 
model verification. 
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Listing of the Extended Flexion-Torsion User-Joint 

MADYMO input File: 

knee. dat 
1 8 / 9 / 9 5  
HUMAN 50% MALE 
0 . 0  3 
RUKU5 0.0002 0 . 0 0 1  
0.0 0 . 5  0 . 0 1  0.1 
INERTIAL SPACE 
REF. BODY 
ELLIPSOIDS 
O 0.07 0.07 0 . 2 5  0.0 0.0 0 . 2 5  8 
END ELLIPSOIDS 
END INERTIAL SPACE 
SYSTEM 
human male 
CONFIGURATION 
1 
END CONFIGURATION 
GEOMETRY 
0.0 O 0.0 0 . 0  0 . 0  -0 .225  
END GEOMETRY 
INERTIA 
3.77 5.823-2  5.733-2 6.63-3 O O O 
END INERTIA 
JOINTS 
1 FREE 
END JOINTS 
CARDAN RESTRAINTS 
1 0 0 0 0  O 0 0 0  O 0 0 0  o o o O 0 0  
END CARDAN RESTRAINTS 
ELLIPSOIDS 
1 0.06 0.06  0 .225  0 . 0  0 . 0  -0 .225  8 
1 0 . 0 5  0.1 0 . 0 3 5  0 . 0  -0 .05  -0 .485  8 
END ELLIPSOIDS 
INITIAL CONDITIONS 
0 0 0 0 0 0 0  
END SYSTEM 
FORCE MODELS 
KELVIN ELEMENTS 
1 1 -0 .005  - 0 . 0 1 1  -0 .005  -1 O 0 .005  0.016 0 . 0 1 5  O O O O O 0 . 0 5  O .  ANTERIOR CRUCIATE 
1 1 0 .005  0 .034  -0 .005  -1 O - 0 . 0 1  0 .005  0 .015  O O O O O -0.01 O. POSTERIOR CRUCIATE 
1 1  -0 .040  -0 .005  -0 .020  -1 O -0 .04  -0 .005  0.03 O O O O O 0 . 0 5  O .  ANTERIOR MEDIAL CL 
1 1  -0.040 0.007 -0 .022  -1 O -0 .04  0 .005  0 .028  O O O O O - 0 .03  O .  POSTERIOR MEDIAL CL 
1 1  0 .040  0 .025  -0 .026  -1 O 0 .04  0 .02  0 .024  O O O O O 0 . 0 5  O .  LATERAL COLLATERAL 
1 1  -0 .030  0 .030  -0 .014  -1 O 0 . 0 1  0 .028  0 .025  O O O O O 0 . 0 5  O .  CAPSULE MEDIAL 
1 1  0 .035  0 .030  - 0 . 0 1 6  -1 O 0 .015  0 .028  0 . 0 2 5  O O O O O 0 . 0 5  O .  CAPSULE LATERAL 
END KELVIN ELEMENTS 
END FORCE MODELS 
OUTPUT CONTROL PARAMETERS 
1 O 0.1 3 0.05 
FORCES 
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3 1 1  
3 2 1  
3 3 1  
3 4 1  
3 5 1  
3 6 1  
3 1 1  
END FORCES 
JNTPOS 
1 1  
END JNTPOS 
TORQU1 
1 1 1  
END TORQU1 
CONSTRAINT LOADS 
1 1  
END CONSTRAINT LOADS 
END OUTPUT CONTROL PARAMETERS 
END INPUT 
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User-joint subroutine: 

C 
C 
C 
C 
C 
C 
C 

C 

C 

C 

C 

C 

C 

C 

C 

C 

C 

C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 

SUBROUTINE NCKFOR 

User defined force model: calculates 
forces and moments acting on a knee 
connected by a free joint 

(c) 1995 Christian Rademaker 

IMPLICIT NONE 
INCLUDE 'PARAM' 
INCLUDE 'JNTDAT' 
INCLUDE 'units5.cmn' 

INTEGER Nol, N02, N03, N04, N05, N06, 
*N07, N08, N09, N13, N14, N15, N16, N17, 
*N18, N19, N20, N25, N26, N27, D1, DlG 

*N06, N07, N08, N09, N13, N14, N15, N16, 
*N17, N18, N19, N20, N25, N26, N27, DI, 
*DlG 

COMMON /NPNTRS/ Nol, N02, N03, N04, N05, 

DOUBLE PRECISION A 
COMMON /SYSDAl/ A(QREAL,O:QIEL) 

INTEGER NST, ST 
COMMON /CONFIl/ NST, ST (2, QNST) 

DOUBLE PRECISION TO, T, TS, TE, TSR, TRST 
COMMON /MAIN1/ TO, T, TS, TE, TSR, TRST 

INTEGER NSTEP 
COMMON /SOLDI2/ NSTEP 

DOUBLE PRECISION CARANG 
COMMON / CARD7 / CARANG ( 3, QNJNT ) 

DOUBLE PRECISION F(3), M(3), FL(3), ML(3) 
DOUBLE PRECISION MX(6), MY(6), MZ(6), 
*FX(4), FY(4), FZ(4), FTOTX, FTOTY, FTOTZ, 
"MTOTX, MTOTY, MTOTZ, MS(6,2), MS1(4,1), 
*TS2(6,2), TS21(4,1), TS1(6,2), TS11(4,1), 
*LAX(6,2), LAX1(4,1), 
*PHIX. PHIY. PHIZ. UX. W.  UZ, . .  
*L(6); LO, L l O ,  L20, L45, L90, L135, 
*LU(4), LUO, LU20, LU45, LU90 

DOUBLE PRECISION TDIS (3 ) , ADIS (3 ) , 
DOUBLE PRECISION QO, Q1, Q2, Q 3 ,  R(3,3), 
*R11, R12, R13, R21, R22, R23, R31, R32, 
*R3 3 

*DUM, DUMl,DUM2, DUM3 
DOUBLE PRECISION X(3), Y(3), 

INTEGER BOD, BODY, NO, N, J, i, h 

INTEGER SYS, MODEL 
DOUBLE PRECISION PI, TINC 
PARAMETER (SYS=1, MODEL=10) 
PARAMETER (PI = 3.14159265358979) 
PARAMETER (TINC = 0.001) 

DO 300 BOD = 1,l 
J = ST(2,SYS) + BOD 

Calculation of relative rotation and 
translation of (the joint on) the higher 
numbered body BOD with respect to (the 
same joint on) the lower numbered body 
BOD-1 

Euler parameters 

QO = A(N17,J) 
Q1 = A(N17+1,J) 
Q2 = A(N17+2,J) 
Q3 = A(N17+3,J) 

Eder angle transformation matrix 
relating the orientation of the upper and 
lower body 

R11 = QO*QO + Q1*Q1 - 1 

R22 = QO*QO + Q2*Q2 - 1 
IF (R11 .GT. 1.0) Ril = 1 . 0  

IF (R22 .GT. 1.0) R22 = 1.0 

C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 

C 
C 
C 
C 
C 
C 
C 
C 
C 
C 
C 

C 

400 
C 
C 
C 

C 
C 
C 
C 
C 

C 
C 
C 

C 
C 
C 

C 
C 
C 
C 
C 

R33 = QO*QO + 

R12 = Q1*Q2 + 
IF (R33 .GT. 

R13 = Q1*Q3 - 
R21 = Q1*Q2 - 
R23 = Q2*Q3 + 
R31 = Q1*Q3 + 
R32 = Q2*Q3 - 

Q3*Q3 - 1 

QO"Q3 
QO*Q2 
QO*Q3 
QO*Q1 
QO*Q2 
QO*Q1 

1.0) R33 = 1.0 

Rotation angles determined in radians 
using an x-y-y rotation sequence 

DUM1 = DSIN(R31) 
ADIS(2) = DUM1 

ADIS(1) = DUM2 
IF (R33 .LT. 0.0) 
ADIS(1) = PI*SIGN(l,-R33) -DUM2 
DUM3 = DASIN(-R21/DCOS(DUM1)) 

DUM2 = DASIN(-R32/DCOS(DUMl)) 

ADIS(3)= DUM3 

Transfer from radians to degrees 

DUM=180DO/PI 

When the rotation matrix R is used to 
determine rotation angles 

PHIX=ADIS (1) *DUM 
PHIY=ADIS (2) *DUM 
PHIZ=ADIS(3)*DUM 

Rotation angles as determined by the 
Cardan restraint 

PHIX2=CWG (1, J) *DUM 
PHIYZ=CARANG (2, J) *DUM 
PHIZZ=CARANG(3,J)*DUM 

DO 400 N=1,3 

CONTINLTE 

Translational degrees of freedom 

UX=TDIS (1) 
W=TDIS (2 ) 
UZ=TDIS(3) 

Laxity values (degrees) 

Varus-valgus bending (degrees) 

LAX (1,l) =1.9DO 
LAX(2,l) =4.5DO 
LAX(3,l) =5.4DO 
LAX(4,l) =6.ODO 
LAX(5,l) =7.5DO 
LAX (6,l) =8.4DO 

Axial torsion (degrees) 

LAX(1,2) =lo. 1DO 
LAX (2,2) =19.5DO 
LAX (3,2) =24.5DO 
LAX (4,2) =26.7DO 
LAX (5,2) =24.3DO 
LAX (6,2) =26.2DO 

Anterior-posterior [ml 

TDIS (N) = A(N17+3+N, J) 

LAX1 (1,1)=2.0D-3 
LAX1 (2,1)=4.8D-3 
LAX1 (3,l) =3.9D-3 
LAX1 (4,1)=2.9D-3 

Mid range stiffnesses 

Varus-valgus bending [Nml 

MS (1,l) =ll.ODO 
MS (2,l) =1.6DO 
MS (3,l) =l.lDO 
MS(4,l) =0.8DO 
MS(5,1)=0.7DO 
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C 
C 
C 

C 
C 
C 

C 
C 
C 

C 
C 
C 

C 
C 
C 

C 
C 
C 

C 
C 
C 

C 
C 
C 

C 
C 
C 

C 

C 

C 

MS (6,l) =O. 7D0 

Axial torsion [Nml 

MS (1,2) =O. 7D0 
MS (2,2) =O. 2DO 
MS (3,2) =O. 1DO 
MS (4,2) =O. 1DO 
MS (5,2) =O. 1DO 
MS (6,2) =O. 1DO 

Anterior-posterior [NI 

MSl(1,l) =6.5D4 
MS1(2,1)=9.2D4 
MSl(3,l) =2.3D4 
MSl(4,l) =3 .7D4 

Terminal stiffness varus [Nm/rad] 

TS2 (1,l) =14.ODO 
TS2 (2,l) =14.4DO 
TS2 (3,l) =15.ODO 
TS2 (4,l) =13.3DO 
TS2 (5,l) =11.9DO 
TS2 (6,l) =12.4DO 

Terminal stiffness valgus [Nm/rad] 

TS1(1,1)=16.5DO 
TSl(2,l) =15.7DO 
TSl(3,l) =13.9DO 
TSl(4,l) =12.7DO 
TSl(5) 1) =12.1DO 
TSl(6,l) =9.6DO 

Terminal stiffness internal [Nm/rad] 

TS2 (1,2) =2.3DO 
TS2 (2,2) =2.6DO 
TS2 í3,2) =2.7DO 
TS2 (4) 2) =2.8DO 
TS2 (5,2) =2.6DO 
TS2 (6,2) =2.5DO 

Terminal stiffness external [Nm/radl 

TS1(1,2) =2.5DO 
TS1(2,2) =2.6DO 
TS1(3,2) =2.5DO 
TS1(4,2)=2.4DO 
TS1(5,2) =2.2DO 
TS1(6,2)=2.3DO 

Terminal stiffness anterior [N/ml 

TS21(1,1) =11.8D4 
TS21(2,1)=6.6D4 
TS21(3,1)=7.8D4 
TS21(4,1) =14.3D4 

Terminal stiffness posterior [N/m] 

TSll(1,l) =19.5D4 
TS11(2,1)=22.4D4 
TSll(3,l) =14.8D4 
TS11(4,1)=9.9D4 

Definition of tri-linear curves 

DO 200 i=l, 6 

IF (PHIY .LE. -0.5DO*LAX(i,l)) THEN 
MY (i) =-O. 5DO*LAX (i, 1) *MS (i, 1) + 

* (PHIY+O. 5DO*LAX(i, 1) ) *TS1 (i, 1) 
ENDIF 

IF (PHIY .GE. 0.5DO*LAX(i,l)) THEN 
MY (i) =O. 5DO'LAX (i, 1) *MS (i, 1) + 

* (PHIY-O. 5DO*LAX (i, 1) ) *TS2 (i, 1) 
ENDIF 

IF ((PHIY .LT. 0.5DOXLAX(i,l)) .AND. 

MY(<) =MS (i, 1) *PHIY 
ENDIF 

*(PHIY .GT. -0.5DO*LAX(i,l))) THEN 

200 CONTINUE 
C 

C 
DO 210 i=l, 6 

IF (PHIZ .LE. -0.SDO*LAX(i,2)) THEN 
MZ (i) =-O. 5DO*LAX ( i, 2 ) *MS (i, 2) + 

* (PHIZ+O. 5DO"LAX (i, 2) ) *TS1 (i, 2) 
ENDIF 

C 
IF (PHIZ .GE. 0.5DO*LAX(i,2)) THEN 
MZ (i) =O. 5DO*LAX(i, 2) *MS (i, 2) + 
*(PHIZ-0.5DO*LAX(i,2))*TS2(i,2) 
ENDIF 

c 
IF ((PHIZ .LT. 0.5DO*LAX(i,2)) .AND. 

MZ ( i ) =MS ( i, 2 ) *PHIZ 
ENDIF 

*(PHIZ .GT. -0.5DO*LAX(i,2))) THEN 

210 CONTINUE 
C 

C 
DO 220 h=l, 4 

IF (UY .LE. -O.SDO*LAXl(h,l)) THEN 
FY (h) = - O .  5DO*LAXl (h, 1) *MS1 (h, 1) + 

ENDIF 

IF (W .GE. O.SDO*LAXl(h,l)) THEN 
FY (h) =O. 5DO*LAXl (h, 1) *MS1 (h, 1) + 

ENDIF 

* (W+O. 5DO*LAXl (h, 1) ) *TS11 (h, 1) 

C 

* (UY-O. 5DO*LAX1 (h, 1) ) *TS21 (h, 1) 

c 
IF ( ( W  .LT. 0.5DO*LAXl(h,l)) .AND. 

FY (h) =MS1 (h, 1) *W 
ENDIF 

* ( W  .GT. -0.5DO*LAXl(h,l))) THEN 

220 CONTINUE 
C 
C 
C 
C 
C 
C 
C 

C 

C 

C 

C 

Determining the interpolation 
functions LO, L10, L20, L45, L90, L135 
for 6 flexion angles 
LUO, ~ ~ 2 0 ,  Lu45, LU90 displacements 
for 4 flexion angles 

IF (PHIX .LT. ODO) THEN 
LO=lDO 
L10=0. OD0 
L20=0.ODO 
L45=0.ODO 
L90=0.ODO 
L135=0.ODO 
ENDIF 

IF ((PHIX .LT. 10DO) .AND. 
*(PHIX .GE. ODO)) THEN 
LO=-(PHIX-lODO)*O.1DO 
L1O=PHIXXO.lDO 
L20=0.ODO 
L45=0.ODO 
L90=0.ODO 
L135=0.ODO 
ENDIF 

IF ((PHIX .LT. 20DO) .AND. 

LO=ODO 
*(PHIX .GE. 10DO)) THEN 

L10=- (PHIX-20DO) * O .  1DO 
L20= (PHIX -10DO) *O.lDO 
L45=ODO 
L90=ODO 
L135=ODO 
ENDIF 

IF ((PHIX .LT. 45DO) .AND. 

LO=ODO 
LlO=ODO 

*(PHIX .GE. 20DO)) THEN 

L20=- (PHIX-45DO) *O. 04D0 
L45=(PHIX-20DO)*O.O4DO 
L90=ODO 
L135=ODO 
ENDIF 

IF ((PHIX .LT. 90DO) .AND. 

LO=ODO 
*(PHIX .GE. 45DO)) THEN 
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C 

C 

C 

C 
C 

C 
C 
C 

C 

C 

C 

C 

C 

C 
C 
C 

LlO=ODO 
L20=ODO 
L45=-(PHIX-90D0)/45DO 
L90=(PHIX-45D0)/45DO 
L135=ODO 
ENDIF 

IF ((PHIX .LT. 135DO) .AND. 

LO=ODO 
LlO=ODO 

* (PHIX .GE. 9ODO) ) THEN 

L20=ODO 
L45=ODO 
L90=-(PHIX-l35DO)/45DO 
L135=(PHIX-90DO)/45DO 
ENDIF 

IF (PHIX .GE. 135DO) THEN 
LO=ODO 
LlO=ODO 
L20=ODO 
L45=ODO 
L90=ODO 
L135=1DO 
ENDIF 

L (1) =LO 
L (2) =L10 
L (3) =L20 
L (4) =L45 
L (5) =L90 
L (6)=L135 

Determining the interpolation functions 

LUO, Lu20, Lu45, Lu90 displacements for 4 
flexion angles 

IF (PHIX .LT. ODO) THEN 
LUO=l. OD0 
LU2 0=0 . OD0 
LU45=0.ODO 
LU90=O.ODO 
ENDIF 

IF ((PHIX .LT. 20DO) .AND. 
* (PHIX .GE. ODO) ) THEN 
LUO=-(PHIX-20DO)*O.O5DO 
LU20=PHIX*O.O5DO 
LU45=0.ODO 
LU90=O.ODO 
ENDIF 

IF ((PHIX .LT. 45DO) .AND. 

LU0 = OD0 
*(PHIX .GE. 20DO)) THEN 

LU20=-(PHIX-45DO)*O.O4DO 
LU45=(PHIX-2ODO)*O.O4DO 
LU9 O = OD0 
ENDIF 

IF ((PHIX .LT. 90DO) .AND. 
*íPHIX .GE. 45DOìì THEN 
LU0 = OD0 
LU20=ODO 
LU45=-(PHIX-90D0)/45DO 
LU9O=(PHIX-45DO)/45DO 
ENDIF 

IF (PHIX .GE. 9ODO) THEN 
LU0 = OD0 
LU2 O=ODO 
LU4 5 = OD0 
LU9 0=1DO 
ENDIF 

LU( 1) =LU0 
LU (2 ) =LU20 
LU ( 3 ) =LU45 
LU(4)=LU90 

INITIALIZING BENDING MOMENT VALUES 

MTOTX=O.ODO 
MTOTY=O.ODO 
MTOTZ=O.ODO 

C 
C 
C 

240 
C 
C 
C 

260 
C 
C 
C 
C 
C 
C 

C 

C 
C 
C 
C 

C 
C 
C 
C 

450 
C 

C 
C 
C 
C 
C 
C 
C 
C 

C 

500 
C 
C 
C 
C 

C 
300 
C 

FTOTX=O.ODO 
FTOTY=O.ODO 
FTOTZ=O.ODO 

DETERMINING THE MOMENT VALUES 

DO 240 i=l, 6 
MTOTY=MTOTY+MY(i)*L(i) 
MTOTZ=MTOTZ+MZ (i) *L (i) 
CONTINUE 

DETERMINING THE FORCE VALUES 

DO 260 i=l, 4 
FTOTY=FTOTY+FY(i)*LU(i) 
CONTINUE 

Data Engin (1979) used to determine 
resistive moment against flexion, take 
the function determined for My 
(different coordinate systems) 

MTOTX=-79.71458DO+0.414375296Dl*(PHIX) 
'-0.2440547D-l*(PHIX**2) 
'-0.47368814D-2*(PHIX**3) 
'+0.16903346D-3*(PHIX**4) 
"-0.2636563D-5* (PHIX**5) 
'+0.2177429213D-7*(PHIX**6) 
'-0.9260938D-l0*(PHIX**7) 
'+0.159516735D-l2*(PHIX**8) 

F(l)=lD5*UX 
F ( 2  ) =FTOTY 
F (3 ) =7.5D5*UZ 
M ( 1 ) =MTOTX 
M ( 2 ) =MTOTY 
M (3 ) =MTOTZ 

Assign forces to the lower numbered 
body BOD-1 

BODY = BOD - 1 
NO = lOO*SYS + BODY 

joint coordinates w.r.t. lower body 
coordinate system 

DO 450 N = 1,3 

CONTINUE 

CALL FILLFF (MODEL, NO, S Y S  , BODY, 
'X(1) ,X(2) ,X(3) ,F(1) ,F(2) ,F(3)) 
CALL FILLMM(MODEL,NO,SYS, BODY, 
'M(1) ,M(2) ,M(3) 1 

X(N) = A(N13+N-l,J) 

Assign forces to the higher numbered 
body BOD. The differences are the sign 
of the calculated forces (action = 
-reaction) and the direction with 
respect to the local body coordinate 
system 

BODY = BOD 
NO = lOO*SYS + BODY 

DO 500 N = 1,3 
FL(N) = -F(N) 
ML(N) = -M(N) 

CONTINUE 

joint coordinates w.r.t. higher body 
coordinate system 

CALL TRANS(1,SYS.BOD-l,X,SYS,BODY,Y) 
CALL 

CALL FILLFF(MODEL,NO,SYS,BODY, 
"Y(1) ,Y(2) ,Y(3) ,F(1) .F(2) ,F(3)) 
CALL TRANS(2,SYS,BOD-l,ML,SYS,BODY,M) 
?ALL FILLMM(MODEL,NO,SYS,BODY, 
'M(1) ,M(2) ,M(3) ) 

TRANS (2, SYS, BOD-1, FL, SYS, BODY, F) 

CONTINUE 

END 
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