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Three-Dimensional Dynamic
Simulation of Total Knee
Replacement Motion During a
Step-Up Task
A three-dimensional, dynamic model of the tibiofemoral and patellofemoral articulations
was developed to predict the motions of knee implants during a step-up activity. Patterns
of muscle activity, initial joint angles and velocities, and kinematics of the hip and ankle
were measured experimentally and used as inputs to the simulation. Prosthetic knee
kinematics were determined by integration of dynamic equations of motion subject to
forces generated by muscles, ligaments, and contact at both the tibiofemoral and patellofemoral articulations. The modeling of contacts between implants did not rely upon
explicit constraint equations; thus, changes in the number of contact points were allowed
without modification to the model formulation. The simulation reproduced experimentally
measured flexion–extension angle of the knee (within one standard deviation), but translations at the tibiofemoral articulations were larger during the simulated step-up task
than those reported for patients with total knee replacements. 关DOI: 10.1115/1.1406950兴

Introduction
Only a few dynamic knee models 共models that use differential
equations of motion to relate forces and motions兲 have been published to date 关1,2兴. More common have been models in which
conditions of static equilibrium have been applied, usually to estimate forces in soft tissues for a series of static configurations
共e.g., 关3,4兴兲. However, few activities load the knee in the absence
of joint motion, and many activities involve large velocities at the
knee. Normal walking, for example, is characterized by a rapid
knee flexion 共greater than 300 deg/s兲 at toe-off 关5兴. The application of forces associated with knee injuries are also likely to produce high velocities in the knee joint. Dynamic models, which
explicitly link forces and motions, are more appropriate for modeling high-velocity activities than are static models.
Moeinzadeh et al. 关6兴 used a dynamic, planar model of the tibiofemoral joint to quantify ligament and contact loads that resulted from simulated impact forces applied to the tibia. The
method of solution used for this model was refined by Engin and
Tümer 关7兴; the authors later added a patella to which a quadriceps
force was applied to simulate a kicking motion 关8兴. Planar models
of the tibiofemoral articulation have also been described by
Wongchaisuwat et al. 关9兴 and by Abdel-Rahman and Hefzy 关10兴,
who later extended their model to three dimensions after improving their solution technique 关11兴. Patellae have been incorporated
into planar dynamic models in which simulated muscle forces
drive the motion, including rising from a squat 关12兴 and kicking
关13兴. However, no three-dimensional dynamic model has yet been
described that includes both the tibiofemoral and patellofemoral
joints 关1兴.
Existing dynamic knee models have certain elements of their
formulation in common: Articular cartilage and the menisci are
not considered, bony profiles are described by polynomials or
simple shapes, and algebraic equations specifying geometric compatibility conditions at points of articular contact are used to constrain the dynamic equations of motion. A single point of contact
is usually assumed to exist at each articulation in planar models.
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The three-dimensional model of Abdel-Rahman and Hefzy 关11兴
allowed point contacts at the medial condyle, the lateral condyle,
or both condyles; switching from two-point contact to one-point
contact involved changing versions of the model. Using such
constraint-based techniques to model contact can be troublesome
because it requires the development of multiple models to describe all possible sets of constraints and to keep track of the
conditions that indicate when models should be switched. Further,
it is difficult to model impacts and their associated impulses using
constraint forces 关7,14兴.
The purpose of this study was to develop a novel mathematical
model of the knee and to incorporate this model into a wholebody, forward-dynamic, musculoskeletal simulation of a step-up
task. Two features distinguish this model from previous dynamic
knee models: 共1兲 The model is three-dimensional and includes
both tibiofemoral and patellofemoral articulations, and 共2兲 the
number of contact points at each articulation was permitted to
vary throughout the simulation without necessitating a change in
the formulation of the contact problem. The present simulation
was used to study the motions of total knee replacement components, but the modeling techniques described could also be used to
represent the geometry of the natural knee or other joints.

Construction of the Model
Simulated Task. The task involved stepping from the ground
up to a 25 cm high step 共Fig. 1共A兲兲. Details of the task protocol
were specified by Banks et al. 关15兴, who used cinefluoroscopy to
quantify in vivo implant motions during the step-up task. Step-up
was defined to begin just after the left foot breaks contact with the
ground and to end just before it makes contact with the top of the
step. The simulation was terminated after a predetermined length
of time had elapsed equal to the average step duration measured in
a normal subject 共0.505 s兲.
Segmental Dynamics. A six-segment model of the human
body was developed for use in a forward-dynamic simulation of
the step-up task 共Figs. 1共B兲 and 1共C兲兲. The stance 共right兲 leg hip,
swing leg hip, and the stance leg ankle were modeled as gimbal
joints with three degrees-of-freedom 共DOF兲 each. The foot of the
stance leg was fixed to the top step 共zero DOF兲. At the stance leg
knee, which contained the prosthesis, the thigh was not con-
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Fig. 1 „A… The three-dimensional body model used to simulate
step-up. The swing foot passes through the step because knee
and ankle motion in the swing leg were not modeled. The
stance knee was fitted with a total knee replacement and the
stance foot was fixed to the step throughout the simulation. „B…
Illustration of the six body segments modeled. „C… Orientation
of each of the six segment-fixed coordinate systems.

strained in its motion relative to the shank 共three rotational DOF
and three translational DOF兲; patellofemoral motions were also
unconstrained 共also six DOF兲. The model thus had 21 DOF, but
the motions of the gimbal joints at the hips and stance ankle were
prescribed as functions of time, leaving twelve unprescribed DOF
共all at the prosthetic knee; six tibiofemoral DOF and six patellofemoral DOF兲. The tibiofemoral and patellofemoral motions
were not determined by prescribing motion at other joints because, while the relative rotations at the hips and stance ankle
were prescribed, the positions of the hips relative to the ground
were not prescribed. Inertial parameters were assigned to the segments based on the values derived for a similar model of a 76 kg,
1.8 m tall male by Yamaguchi 关16兴; Appendix 1 lists these parameter values.
The simulation was implemented on a computer workstation
共Silicon Graphics, Inc.; Mountain View, CA兲 using two software
packages: SD/FAST 共Symbolic Dynamics, Inc.; Mountain View,
CA兲, which generates symbolic equations of motion and analysis
routines using Kane’s method 关17兴, and Dynamics Pipeline 共MusculoGraphics, Inc.; Evanston, IL兲, which provides routines for applying muscle forces to the segments and creates SD/FAST input
files from existing musculoskeletal models 共Fig. 2兲. These equations are presented in matrix form as
M共 q 兲 q̇⫽V共 q,q̇ 兲 ⫹G共 q 兲 ⫹Qm共 q,q̇,a,l m 兲 ⫹Q1共 q 兲 ⫹Qc共 q 兲
⫹Qp共 q,q̇,t 兲
where
q
M(q)
V(q,q)
G(q)
Qm(q,q̇,a,l m )
Q1(q)
Qc(q,q̇)
Qp(q,q̇,t)
a
lm

(1)

⫽
⫽
⫽
⫽
⫽
⫽
⫽

generalized coordinate vector
system mass matrix
Coriolis and centripetal effects vector
gravitational effects vector
generalized muscle force effects vector
generalized ligament force effects vector
generalized articular contact force effects vector
⫽ vector of generalized forces used to apply prescribed motions
⫽ muscle activations
⫽ muscle fiber lengths

Integration of the equations of motion forward in time during the
simulation was accomplished using an SD/FAST routine, which
employed a variable time step method based on a fourth-order
Runge–Kutta–Merson step.
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Fig. 2 Flow chart describing the organization of the simulation. Implant motions were determined by using the SDÕFAST
software package to create differential equations of motion.
These equations were numerically integrated to calculate motions while forces were computed and applied that represented
the actions of muscles and ligaments and the effects of prescribed motion. SDÕFAST input files and routines that computed muscle and ligament forces during the simulation were
created using Dynamics Pipeline, a second software package.

Musculotendon Modeling. Forces were applied to the segments throughout the simulation to represent the actions of 13
muscles crossing the prosthetic knee. The force-generating capacity of each actuator was characterized by four parameters as proposed by Zajac 关18兴: optimum fiber length, maximum isometric
force, pennation angle, and tendon slack length. Values for these
parameters and for the locations of muscle attachment sites, which
determined the directions of the muscle forces, were those specified by Delp et al. 关19兴. Muscle force magnitudes were determined using a Hill-type mathematical model of the musculotendon complex that was originally developed by Schutte et al. 关20兴,
who modified the generic Hill-type model described by Zajac 关18兴
by adding a small amount of passive damping to the active contractile element. The equation governing contraction dynamics
was of the form
dl m
⫽ f ⫺1
v 共 l m ,l mt ,a 兲
dt

(2)

where l mt is the total length of the musculotendon actuator, determined from the musculoskeletal geometry, and f v is the force–
velocity relation. Once the time-derivative of the muscle fiber
lengths were determined using Eq. 共2兲, values for the muscle fiber
lengths were computed by numerical integration. The muscle
lengths were used in conjunction with the active and passive
muscle force-length curves to determine muscle force 关21兴.
Ligament Modeling. The collateral and patellar ligaments
were modeled as purely elastic tensile springs with quadratic
force-strain relations of the form
F l ⫽K l2
F l ⫽0

for l l. ⭓l lo
for l l. ⬍l lo

(3a)
(3b)

where F l is the force produced by the ligament, l l is the ligament
length, K and l lo are a constant of proportionality and a slack
length that are specified individually for each ligament fiber, and
 l is ligament strain 关3,22兴. A quadratic function was chosen because it was anticipated that collateral ligament strains would be
small for the task simulated and the nonlinear toe region would be
sufficient to model ligament behavior. The medial and lateral collateral ligaments were represented by two fibers each 共anterior and
posterior兲 with attachment sites that produced normal ligament
length patterns when normal tibiofemoral motions were preTransactions of the ASME

Table 1 Values for the nonlinear ligament stiffness, K , and
slack length, l 0 . These parameters defined the spring-like properties of the seven ligament fibers modeled „refer to Eqs. „3a…
and „3b……. See text for a full description of the sources for these
values.

plants were considered to be rigid and contact was assumed to
occur in the absence of friction. Three conditions were assumed
关30兴: 共1兲 Implants cannot pull on each other at points of contact,
共2兲 implants cannot accelerate into one another at a point of contact, and 共3兲 either the contact force or the separation acceleration
must be zero at each point of contact. When all points of contact
are considered simultaneously, these three conditions may be restated as three vector equations:
f⭓0

(4)

a⫽Af⫹b⭓0

(5)

f a⫽f 共 Af⫹b兲 ⫽0

(6)

T

T

If n points of contact are considered, f, a, and b are n⫻1 vectors
containing the magnitudes of the normal contact forces, normal
separation accelerations, and normal acceleration components not
caused by contact, respectively. A is an n⫻n matrix; A i j represents the normal separation acceleration produced at the ith contact by a unit normal contact force at the jth contact. The components of A depend on the system masses and mass moments of
inertia as well as the locations of the points of contact:
A i j ⫽ni "兵 共 1/m 兲 n j ⫹ 关 I ⫺1 共 r j ⫻n j 兲兴 ⫻ri 其
when contacts i, j involve same body
scribed 关23兴. Values of K and l lo for the collateral ligament fibers
共Table 1兲 were computed from estimates of ligament strain in
extension derived from experimental measurements made in normal knees by Brantigan and Voshell 关24兴 and Trent et al. 关25兴, as
summarized by Wismans et al. 关3兴. The patellar ligament was represented by three separate fibers 共central, medial, and lateral兲; the
attachments of the central fiber on the patella and tibia were those
determined by Delp et al. 关19兴. Medial and lateral patellar ligament attachments were determined by displacing the central fiber
attachments by 1 cm medially and laterally. Values of K for these
fibers were computed from published experimental data 关26兴 relating tensile stress and strain in a whole patellar ligament. Measurements of the mean width and thickness 共3 cm and 3.9 mm,
respectively兲 of the patellar ligament made by Harris et al. 关27兴
were employed to convert the stress–strain relation to the force–
strain relation. Values of K for each patellar ligament fiber were
derived by dividing the whole-ligament value of K by three. The
patellar ligament slack length chosen for all three fibers, 55 mm,
was the mean value measured by Bechtold et al. 关28兴 in frozen
patellar ligament specimens.
Contact Modeling. Forces representing the effects of contact
between the knee replacement components were applied during
the simulation. The articulating surfaces of the femoral, tibial, and
patellar components were represented by three-dimensional polyhedral meshes consisting of triangles; these meshes were obtained
by exporting triangulated geometry from PRO/Engineer 共Parametric Technology Corp.; Waltham, MA兲 representations of the implants. The implants studied were of a commercially available
posterior cruciate-substituting design 共Osteonics PPSK; Allendale,
NJ兲. Implant surfaces were located with respect to the femur, tibia,
and patellar surfaces with the aid of an orthopaedic surgeon who
regularly performs knee replacement surgery. Implants were assumed to be rigidly fixed to their respective bones, and were assigned nominal masses and inertial parameters 共Appendix 1兲. The
locations of points of implant contact were determined using
RAPID, a library of collision detection routines described by
Gottschalk et al. 关29兴 that uses hierarchical oriented bounding box
representations of surfaces to quickly find triangles in each implant surface that intersect. Locations of edge–face intersections
between triangles are then found and assumed to be the contact
locations.
Once the locations of points of contact between implants were
found, computation of the set of contact forces that prevented
implant interpenetration proceeded in the following manner. ImJournal of Biomechanical Engineering

A i j ⫽0

otherwise

(7a)
(7b)

where ri and ni are the vectors specifying the location of the ith
contact relative to the segment center of mass and the unit normal
to the segment surface at the ith contact, m is the mass of the
segment, and I is the inertia tensor of the segment. The problem of
solving Eqs. 共4兲–共6兲 for f is known as a linear complementarity
problem. This problem was solved during the present simulation
using an implementation of Dantzig’s algorithm 关31兴 suggested by
Baraff 关32兴 to minimize computation time.
If the normal approach velocity at any point of contact exceeded an arbitrarily-determined threshold value 共5 mm s⫺1兲, an
impact was judged to have occurred, the integrator was halted,
and the impulses at all points of contact that would arise from the
impact were computed. The problem of impulse determination
was solved by formulating it as another linear complementarity
problem. The separation velocity, v¿, at each point of contact
following an impact was assumed to be equal to the approach
velocity, vÀ, at that contact point multiplied by a coefficient of
restitution:
v⫹ ⫽⫺ R v⫺

(8)

The value for this coefficient ( R ) is assumed to depend on the
material properties, shape, and size of the colliding bodies 关33兴. A
value for  R of 0.79, determined from an experiment detailed in
Appendix 2, was used for tibiofemoral and patellofemoral collisions. The formulation of the impulse determination problem took
the following form 关34兴:
g⭓0

(9)
⫺

Ag⫹ 共 1⫹ R 兲 v ⭓0
⫺

g 关 Ag⫹ 共 1⫹ R 兲 v 兴 ⫽0,
T

(10)
(11)

where g is the n⫻1 vector of normal impulse magnitudes applied
at the n contacts, and A relates impulses to changes in velocity in
the same way it related force to acceleration in Eq. 共5兲. The vector
of normal impulses, g, was used to compute changes in the velocity and angular velocity at the tibiofemoral and patellofemoral
joints, the only non-prescribed joints in the model. Integration of
the equations of motion was begun again with the new velocities
as the initial conditions.
Experimentally-Derived Kinematic Inputs. Initial conditions and other simulation inputs were derived from experimental
DECEMBER 2001, Vol. 123 Õ 601

measurements made during the step-ups of a subject with intact
knees. These measurements included knee flexion angle and angular velocity at the right knee 共the prosthetic knee in the simulation兲 at the time of toe-off; rotations at the hip and ankle joints
that were used to specify prescribed motion at these joints; and
measurements of the electromyographic 共EMG兲 activity of seven
muscles or groups of muscles crossing the prosthetic knee. All
experimental measurements were made using a VICON 共Oxford
Metrics; Oxford, U.K.兲 motion analysis system. The subject 共29
y.o., 188 cm, 94 kg兲 was made to step up and down such that each
step up/down cycle was approximately 3 s in duration to mimic
the step-ups of total knee replacement patients studied by Banks
et al. 关15兴. Data from eleven step-ups were analyzed using MATLAB 共Mathworks, Inc.; Natick, MA兲 and VICON Clinical Manager software packages.
The initial tibiofemoral translation was set to correspond to the
mean initial locations of the lowest points on the femoral condyles
relative to the tibial component reported by Banks et al. 关15兴,
approximately 5 mm posterior to the anteroposterior midline of
the tibial component at both the medial and lateral condyles.
Small changes 共1 mm兲 in the initial anteroposterior tibiofemoral
translation did not have a large effect on simulation output. The
initial rotation and varus–valgus angles at the prosthetic knee
were set to zero to correspond to the observation of Banks et al.
关15兴 that the lowest point on each condyle had nearly the same
anteroposterior location. Measurements made in a subject with
intact knees were also used to define initial conditions at the replaced knee. The initial knee flexion angle was 52 deg and the
knee extension velocity was 120 deg/s; these were the mean values measured at the beginning of step-up. All initial velocities
were set to zero at the prosthetic knee with the exception of knee
extension velocity. An arbitrary initial position for the patella was
chosen and the patella was allowed to oscillate in the presence of
transient forces in quadriceps and patellar ligament fibers at the
start of a simulation. The simulation was stopped after 5 ms of
simulation time and the initial patellofemoral position was adjusted toward the mean of the oscillations. This process was repeated five times prior to a simulation to minimize the amplitude
of the initial patellar oscillations.
Motions at the hips and stance ankle of the model were prescribed as functions of time. Each step was normalized to last
0.505 s 共the mean duration of the eleven steps; range: 0.405–
0.589 s; s.d.: 0.051 s兲. Fifth-order polynomial functions of time
were fit to the mean measured Euler angles; these functions of
time and their derivatives were used to prescribe the angles, angular velocities, and angular accelerations of the prescribed joints
using routines provided by SD/FAST 关35兴.
Experimentally-Derived Muscle Activation Inputs. Activation inputs to the musculotendon actuators were derived from experimentally measured EMG data and were specified as functions
of time. Electrodes were placed on the skin of the subject over
seven muscle groups: lateral gastrocnemius, medial gastrocnemius, lateral hamstrings, medial hamstrings, lateral vastus, medial
vastus, and rectus femoris. Maximum effort EMG data were collected prior to the step-up trials as the subject performed various
static and dynamic tasks. Raw EMG was sampled at 600 Hz and
processed by subtracting out the mean voltage and then rectifying.
This signal was then digitally filtered in MATLAB, using a fifthorder finite impulse response filter with a low-pass cutoff of 7 Hz.
This filtering was performed first in the forward direction and then
in the reverse direction to avoid introduction of a phase shift. The
filtered data were then normalized in time and averaged over the
eleven trials.
Finally, the mean EMG curves were smoothed in MATLAB to
obtain activation input curves that both represented the original
data and varied smoothly 共Fig. 3兲. Splines were fit to points from
these curves and these splines were interpolated to obtain activations during the simulation. The seven activation signals were
assigned to the 13 muscles modeled in the following manner:
602 Õ Vol. 123, DECEMBER 2001

Fig. 3 EMG data that has been rectified, filtered, averaged,
and smoothed. These seven curves were used to prescribe the
activation input of 11 of the 13 musculotendon actuators. The
two remaining actuators, representing tensor fascia lata and
sartorius, received no activation input.

semimembranosus, semitendinosus and gracilis received medial
hamstrings EMG; biceps femoris long head and short head received lateral hamstrings EMG; vastus intermedius received the
EMG measured in vastus lateralis. The medial and lateral gastrocnemius, medial and lateral vasti, and rectus femoris received inputs from their corresponding measured EMG. Two muscles, tensor fascia lata and sartorius, received no activation input but could
develop passive force in response to stretch during the simulation.

Results
Knee flexion angles computed during the simulated step-up
compared favorably to those measured in a normal subject and to
observations made during the step-ups of patients with total knee
replacements. The simulated knee flexion versus time trajectory
was within one standard deviation of the measured knee flexion
mean derived by averaging over 11 trials 共Fig. 4兲. The simulated
femur rotated externally with respect to the tibia from zero to 7.5
deg during step-up, close to the value for rotational range of motion reported by Banks et al. 关15兴 (4.9⫾2.4 deg).
The net intersegmental forces at the knee in the simulation were
smaller than the average values computed from measurements
made by Banks et al. 关36兴 of the step-ups of five knee replacement
patients using inverse-dynamic analysis 共Fig. 5兲. These forces
were computed for the model from simulated ground reaction
Transactions of the ASME

Fig. 4 Knee flexion versus time during step-ups performed by
a normal subject „dashed line and shaded area represent the
mean and one standard deviation above and below the mean…,
and simulated knee flexion „solid line…

forces and segment accelerations. Simulated anterior–posterior
and medial–lateral net knee forces compared favorably with those
of knee replacement patients, but net forces in the superior–
inferior direction in the simulation were approximately 50 percent
of experimentally measured values. Resultant contact forces at the
tibiofemoral articulation were also calculated for the simulation
共Fig. 5兲; such forces cannot be compared to forces measured in
vivo unless patients have been fitted with instrumented prostheses.
Simulated tibiofemoral translations were slightly different from
those measured in knee replacement patients using cinefluoroscopy 共Fig. 6兲. Five patients studied by Banks et al. 关15兴 performed
a step-up task identical to that specified in the simulation and had
knee replacements of the same posterior cruciate-substituting design as those modeled in the present study. The measured anteroposterior position of the lowest points on the femoral component
relative to the tibial component remained nearly constant as the
knee extended. In the simulation, however, these points initially
moved forward by approximately 5 mm before reversing direction
when the knee reached about 30 deg flexion. The magnitude of the
separation between the femoral cam and tibial spine that occurred
during simulated step-up was similar to that measured in three
patients by Banks et al. 关15兴, but this separation began later in the
motion 共at a knee flexion angle of 30 deg rather than 40 deg兲 in
the simulation.
The ratio of patellar ligament force to force in the quadriceps
tendon in the model approximated measurements reported in previous studies of natural cadaver knees 共Fig. 7兲. Values for this
ratio are an important simulation output because the extensor
mechanism of the knee is the only source of active knee extension
moment; the resulting knee extension is the motion that chiefly
characterizes step-up. The sum of all quadriceps forces reached a
peak of 1150 N 共1.54 body weights兲 at the outset of the simulation. Collateral ligament forces were negligible throughout the
simulation, with only the anterior fibers of MCL generating small
forces of less than 5 N.

Discussion

Fig. 5 Simulated and measured forces at the prosthetic knee
plotted against knee flexion angle. Net intersegmental forces at
the knee in the present simulation „solid curves… were defined
as the difference between resultant muscle force and the articular contact force †44‡. Corresponding net intersegmental
forces, averaged over five patients with posterior cruciatesubstituting knee implants, were reported by Banks et al. †36‡
„dashed curves with shading representing Á one standard deviation…. All forces have been normalized by body weight „BW….
The components of the tibiofemoral articular contact forces
„dash-dot curves… are also presented. „A… Superior–inferior
forces. Positive net force indicates a net upward force applied
to the tibia and positive articular contact force indicates a force
applied to the tibia downward along its long axis. „B… Anterior–
posterior forces. Positive net force is in the anterior direction
and positive articular contact force indicates a posteriorly directed force applied to the tibia. „C… Medial–lateral forces. Positive net force is in the lateral direction and positive articular
contact force indicates a medially directed force applied to the
tibia.

The simulation described in this paper is the first dynamic knee
model to allow three-dimensional motion at both the tibiofemoral
and patellofemoral articulations subject to forces produced by
muscles, ligaments, articular contact, and passive dynamics. The
use of a forward-dynamic formulation is appropriate and necessary for this purpose because it involves the application of forces
to produce motions rather than the computation of forces for a
given motion performed in inverse dynamics. In addition, the
simulated knee has been placed into a whole-body model as it
performs a task that is clinically relevant to total knee replacement

patients. This type of simulation permits the study of the behavior
of an artificial knee in a simulated in vivo environment. Certain
aspects of the simulation output, such as knee joint angle 共Fig. 4兲
and the ratio of patellar ligament forces to quadriceps forces 共Fig.
7兲, showed good agreement with experimental measurements but
others did not. The limitations of the model that are likely to be
responsible for discrepancies between simulation and experiment
are discussed below.
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Fig. 7 Ratios of patellar ligament force „ F pl … to quadriceps
force „ F q … computed during the present simulation and measured in cadavers †45–47‡.

Fig. 6 Anteroposterior positions of the lowest points on the
lateral „top… and medial „middle… femoral condyles relative to
the tibial component, and the minimum distance separating the
femoral cam and tibial spine „bottom…. Anteroposterior condyle
positions are specified relative to the anteroposterior midline
of the tibial component „anterior positive…. Dashed lines with
shading are the mean lowest-point positions „Áone standard
deviation… and spine-cam separations measured by Banks
et al. †15‡ in patients who had received the same implant as
that modeled in the present study.

The limitations of the model must be evaluated and addressed
before it is used to study problems of clinical interest. Tibiofemoral translations were smaller in patients than in the simulation
共Fig. 6兲, suggesting that the model may be underconstrained.
There are several possible causes of insufficient constraint, including diminished axial compressive forces at the knee. The net intersegmental forces at the knee in the simulation were only half of
what Banks et al. 关36兴 measured in patients performing an identi604 Õ Vol. 123, DECEMBER 2001

cal step-up task 共Fig. 5兲, and the tibiofemoral contact forces in the
simulation were only about half of those measured during stair
ascent using an instrumented prosthesis by Taylor et al. 关37兴.
These smaller-than-expected net and contact forces may signify
that the axial compressive forces produced by muscles are unrealistically small as well. The assumption that articular contact was
frictionless is also likely to have contributed to lack of constraint;
Sathasivam and Walker 关38兴 reported large differences in implant
kinematics caused by changes in coefficient of friction using a
static computer model of total knee replacement.
Underestimation of the net intersegmental knee force in the
simulation was likely to have been caused by the simulated
ground reaction force, from which net force was calculated, being
too small. This insufficiency in the simulated ground reaction
force was probably caused by accelerations of massive body segments being slightly different from those of their real counterparts, resulting in unrealistic accelerations of the whole-body center of mass. Further simulations were performed in which small
variations were made in the motion prescribed for the hips and
stance ankle; it was found that ground reaction forces could be
increased in this way. Levels of net intersegmental knee force seen
in patients, however, could not be attained by varying the prescribed motion, and we attribute this failure to a lack of the necessary degrees of freedom. Proper motion of the center of mass is
difficult to achieve without joints between the pelvis and trunk, or
between the head and neck. A more complicated model that includes these joints has greater potential to reproduce realistic
ground reaction forces. Underestimation of ground reaction force
by simulations has been reported previously 关39,40兴, and Stauffer
et al. 关41兴 demonstrated that subjects with similar joint motions
may exhibit ground reaction forces that are very different.
The contact modeling used in the present simulation has benefits and limitations. Unlike those described previously, the
present knee model does not rely on explicit constraints specifying the nature or number of contacts between implants. Contact
forces are computed as the solution of a linear complementarity
problem rather than by solution of a less tractable system of differential algebraic equations. The contact model is limited, however, by the assumption that the implants are rigid bodies. If deformation of the implants is not allowed and there are multiple
points of contact, as in the present simulation, solving for the
contact forces becomes an indeterminate problem. The result of
this indeterminacy is that the set of contact forces in f 共Eqs. 共4–6兲兲
is generally not unique. The set of accelerations in a, however, is
unique; a proof of this result was published by Cottle 关42兴. The
uniqueness of the accelerations and non-uniqueness of the contact
forces may mean that this contact model is appropriate for understanding implant motions but ill-suited for quantifying contact
forces. This limitation could be addressed by implementing a conTransactions of the ASME

tact force determination scheme in which the repulsive force at
each point of contact depends on the degree of penetration, material properties, and surface geometry.
Many of the limitations of the model discussed above could be
addressed by driving the simulation with a set of input data derived solely from patients with total knee replacements; unfortunately, such data are not presently available. Such a data set would
also provide greater potential for validation of the simulation output. Changing the formulation of the model to incorporate an
optimization algorithm 关43兴 to determine muscle excitation inputs
that permit the model to track measured kinematic or kinetic variables 共such as knee flexion angle and ground reaction force兲
would also likely result in a more realistic simulation. How implant motions are affected by changes in implant geometry, surgical placement of the components, ligament releases, and muscle
weakness are all areas of clinical interest that may be addressed
using a future version of the present model that incorporates these
improvements.

Table 3 Components of vectors defining locations of joints
relative to segment centers of mass. Each vector a
ÄŠ a x , a y , a z ‹ points from a segment center of mass to a joint
that connects that segment to a neighboring segment, where
these components of a are aligned with the coordinate systems
attached to the center of mass of each segment and oriented as
shown in Fig. 1„C…. All values for body segment inertial parameters are derived from Yamaguchi †16‡.
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Newton’s Law of Restitution states that when two bodies collide, the separation velocity (  ⫹ ) is related to the approach velocity (  ⫺ ) by a constant of proportionality called the coefficient of
restitution 关33兴:

contact. Other factors, such as temperature and the magnitude of
the approach velocity, may also affect this relationship.
A simple experiment was performed to determine the coefficient of restitution for impacts between knee replacement components. Collisions between a solid chrome-steel ball with a diameter of 1 in. 共meant to represent a condyle of a Co–Cr femoral
component兲 and a 12 in.⫻12 in.⫻3/8 in. sheet of ultra-high molecular weight polyethylene 共meant to represent the tibial insert of
a tibial component兲 were studied. Velocities just prior to and just
following an impact are difficult to measure directly; instead, the
ball was dropped from a known height, h ⫺ , onto the sheet and the
height of its rebound, h ⫹ , was recorded. Neglecting air resistance,
it was possible to compute  R from the initial and final heights
using conservation of energy:

 ⫹ ⫽⫺ R  ⫺ .

(12)

mgh ⫺ ⫽0.5m 共  ⫺ 兲 2

(13)

This coefficient may be assumed to depend on the material properties of the colliding bodies and their geometry near the point of

mgh ⫹ ⫽0.5m 共  ⫹ 兲 2

(14)

Appendix 1
The inertial parameters for the model segments were those
specified by Yamaguchi 关16兴. Values for the segment masses and
mass moments of inertia are given in Table 2. Values defining the
center of mass locations relative to the joints are specified in Table
3.

Appendix 2

⫹

⫺

⫹

⫺ 0.5

 R ⫽  /  ⫽ 共 h /h 兲
Table 2 Masses and mass moments of inertia for the body
segments. All moments of inertia are principle moments of inertia „products of inertia are zero… except for those of the
pelvis-head-arms-trunk segment. The pelvis-head-arms-trunk
was modeled with arms outstretched in front of the trunk; the
asymmetry of this configuration resulted in a nonzero
Ixy„À0.472 kg m2…. Nominal inertial parameters were used for
the patella and for the knee replacement components. All values for body segment inertial parameters were derived from
Yamaguchi †16‡.

(15)

The polyethylene sheet was rigidly clamped to a steel fixture,
which was bolted to the structural supports of the laboratory. Steel
balls were dropped inside a Plexiglas tube 共1.25 in. I.D.兲 to which
a ruler was affixed, and measurement of the initial and final
heights were accomplished using a video camera recording with a
shutter speed of 1/60 s. Thirty trials were performed from varied
initial heights; ten drops each were carried out from approximately 2, 4, and 6 cm. Videotape of the ball drops was analyzed
using a videocassette player with frame-by-frame capability.
The square root of the final height was plotted versus the square
root of the initial height for each ball drop. A highly linear relationship (R 2 ⫽0.99) was found and the slope of the regression
line, 0.79, was taken to be the coefficient of restitution.
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