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The usefulness of forward dynamic simulations to studies of human motion is well known.
Although the musculoskeletal models used in these studies are generic, the modeling of
specific components, such as the knee joint, may vary. Our two objectives were (1) to
investigate the effects of three commonly used knee models on forward dynamic simula-
tion results, and (2) to study the sensitivity of simulation results to variations in kinemat-
ics for the most commonly used knee model. To satisfy the first objective, three different
tibiofemoral models were incorporated into an existing forward dynamic simulation of
recumbent pedaling, and the resulting kinematics, pedal forces, muscle forces, and joint
reaction forces were compared. Two of these models replicated the rolling and sliding
motion of the tibia on the femur, while the third was a simple pin joint. To satisfy the
second objective, variations in the most widely used of the three knee models were
created by adjusting the experimental data used in the development of this model. These
variations were incorporated into the pedaling simulation, and the resulting data were
compared with the unaltered model. Differences between the two rolling-sliding models
were smaller than differences between the pin-joint model and the rolling-sliding models.
Joint reactions forces, particularly at the knee, were highly sensitive to changes in knee
Jjoint model kinematics, as high as 61% root mean squared difference, normalized by the
corresponding peak force of the unaltered reference model. Muscle forces were also
sensitive, as high as 30% root mean squared difference. Muscle excitations were less
sensitive. The observed changes in muscle force and joint reaction forces were caused
primarily by changes in the moment arms and musculotendon lengths of the quadriceps.
Although some level of inaccuracy in the knee model may be acceptable for calculations
of muscle excitation timing, a representative model of knee kinematics is necessary for
accurate calculation of muscle and joint reaction forces. [DOI: 10.1115/1.3148192]

Keywords: pedaling, recumbent, knee, simulation, subject-specific, tibiofemoral, joint re-
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1 Introduction

Forward dynamic simulations are useful in a variety of appli-
cations, which include the study and treatment of joint disorders
[1-3], sports equipment and prosthetic design [4—6], human coor-
dination [7-9], the design of functional electrical stimulations
[10,11], the optimization of sports technique, and surgical plan-
ning [12,13]. Although the musculoskeletal models used in these
applications are generic, the modeling of specific components
may vary.

For example, several different models exist to describe ti-
biofemoral kinematics. In a single degree-of-freedom model de-
veloped by Yamaguchi and Zajac [14], the position of the femur
relative to the tibia is defined by the flexion angle and two coupled
translations in the sagittal plane. These translations follow pre-
scribed functions of the flexion angle inferred from the geometry
of tibiofemoral contact surfaces and tibiofemoral contact point
data reported by Nisell [1]. In another single degree-of-freedom
model, the functions describing the coupled translations are de-
rived from an inextensible four-bar linkage, consisting of the an-
terior and posterior cruciate ligaments along with the femur
[15,16]. A final model describes the tibiofemoral joint as a fixed
revolute, with no coupled translations [10,17-19].
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It is unknown how the tibiofemoral joint model affects the
simulation results, but this effect may be substantial. The location
of the knee joint center controls the lengths of the tibia and femur
segments. These lengths in turn affect both the net joint moment
required for a given motion, as well as the moment arms and
musculotendon lengths of all muscles that span the knee joint, and
so could substantially affect both the muscle forces and joint con-
tact forces returned by the simulation. Hence one objective of this
study was to analyze the effect on simulation results for each of
the three knee joint models above.

Forward dynamic simulations often use generic musculoskel-
etal models, but a need for subject-specific models has been rec-
ognized. Subject-specific models would enable surgeons to plan
for patient-specific surgeries and to recommend patient-specific
rehabilitation strategies. Subject-specific models could also im-
pact the design and use of prosthetics, sports equipment, and
sports technique. With the development of instrumented knee and
hip replacement devices [20,21], it is now possible to validate the
joint contact forces predicted by a forward dynamic simulation.
This validation would require a subject-specific model. Although
methods of determining subject-specific model parameters have
been developed [22-25], and the sensitivity of simulations to
some of these parameters have been explored [19,26,27], it is
largely unknown how variations in many of these model param-
eters affect simulation results. To determine which model param-
eters need to be subject-specific and the level of accuracy required
for these parameters, it is necessary to know the sensitivity of a
simulation to these parameters. The second objective of this study
was to analyze the sensitivity of the joint contact forces and
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Fig. 1 The right leg of the pedaling model. Coordinate sys-
tems are shown for the femur (F), tibia (T), patella (P), and talus
(Ta) segments.

muscle forces returned by a forward dynamic simulation to real-
istic variations in knee kinematics for the knee model by Yamagu-
chi and Zajac [14], which is the most commonly used of the three
knee models above.

2 Methods

A two-dimensional forward dynamic simulation of pedaling
was used to study the effect of knee joint models and variations in
kinematics on simulation results. The musculoskeletal model was
adapted from an upright pedaling model [28,29] to recumbent
pedaling [30]. The skeletal model consisted of nine segments: a
pelvis and left and right femur, tibia, patella, and foot segments
(Fig. 1). Each foot was fixed rigidly to a pedal, which was con-
nected to the crank through a simple revolute joint. The pelvis was
fixed in space. Both the hip and ankle joints were modeled as
revolutes. The knee joint was modeled in several different ways to
be described later. The skeletal model was driven by 78 Hill-type
muscle-tendon actuators, a subset of those used in a walking
model [31]. Crankload dynamics were modeled by applying an
equivalent inertial and resistive torque about the center of crank
arm rotation [32].

Equations of motion for the pedaling model were generated
using SD/FAST (Symbolic Dynamics, Mountain View, CA). A
forward dynamic simulation was produced using SIMM in conjunc-
tion with dynamics pipeline (MusculoGraphics, Evanston, IL).
Muscle excitations were found using computed muscle control
[33,34], which uses static optimization along with feedforward
and feedback controls to reproduce or “track” essential features of
the subject’s experimental data. For the static optimization prob-
lem, muscle excitations were found that minimized the sum of the
activations squared [35]. The experimental data to be tracked were
previously obtained averaged crank and pedal angles and radial
pedal forces, collected from 15 male cyclists, ranging from 18
years to 60 years, pedaling at a rate of 90 rpm and a workrate of
250 W [36]. Thelen et al. [33] demonstrated that tracking these
quantities was sufficient to reproduce experimental kinematics
and electromyogram (EMG) timing. It is not necessary to track
tangential pedal forces because they are directly related to crank
accelerations.

The knee joint reaction forces computed by SIMM were further
processed according to a method detailed elsewhere [37], but de-
scribed briefly here. The SIMM knee model defines a joint between
the patella and tibia so that patellotibial kinematics can be pre-
scribed. No force is transmitted through the patellar ligament,
which is not modeled. Hence the knee joint reaction forces com-
puted by siIMM are not physiologic—the tibiofemoral joint reac-
tion force could be primarily shear with the knee flexed, and a
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patellofemoral joint reaction force is not calculated. To calculate
physiologic patellofemoral and tibiofemoral joint reaction forces,
the fictional patellotibial joint reaction force was removed, and a
force was applied through the patellar ligament. The magnitude of
this force was found so that the resulting moment about the ti-
biofemoral instantaneous joint center was equal to the moment
resulting from the quadriceps muscles. The resulting contribution
of the quadriceps to the tibiofemoral joint reaction force is prima-
rily compressive, and a physiologic patellofemoral joint reaction
force is calculated.

2.1 Objective 1. Three different models of the tibiofemoral
joint were incorporated into the pedaling simulation. In two of
these models, translations of the knee joint center in the sagittal
plane were coupled to knee flexion angle, but differed in the func-
tions used to describe the coupled motions. In the third model, the
tibiofemoral joint was a simple pin joint, with a stationary knee
joint center.

The first model, hereafter referred to as the contact model, was
that developed by Yamaguchi and Zajac [14] and modified by
Delp et al. [38]. Using a combination of bone geometry and the
experimental tibiofemoral contact pathway data reported by Nisell
[1], Yamaguchi et al. extrapolated the orientation of the femur
relative to the tibia. In this model, the tibiofemoral contact surface
of the femur in the sagittal plane was represented by an ellipse.
The contact surface of the tibia was approximated by a straight
line, offset from the tibial anterior-posterior axis. The position of
the tibia relative to the femur at each degree of flexion was found
by constraining the tibiofemoral contact point to follow the path
along the tibial plateau reported by Nisell. Nisell defined the con-
tact point as the midpoint on the shortest distance between the
femur and tibia. This point was found from lateral radiographs of
20 subjects standing at various knee flexion angles.

In a second model, the kinematics of the tibiofemoral joint were
developed using an inextensible four-bar linkage, consisting of the
anterior cruciate ligament (ACL), posterior cruciate ligament
(PCL), the tibia, and the femur [16,39]. Parameters describing
ligament attachment locations were based on the measurements of
van Dijk et al. [40], and parameters describing bone dimensions
were based on anatomical measurements [39,41]. As with the con-
tact model, the tibial contact surface was approximated by a
straight line, but normal to the tibial proximal-distal axis. The
femoral condyle was approximated by a circle. The point where
the ligaments crossed was defined as the instant center of zero
velocity of either body relative to the other. To avoid either sepa-
ration or penetration at the contact surface between the tibia and
femur, the line normal to both articular surfaces at the contact
point must pass through this instant center. Although the radius
and location of the circle representing the condyle are not explic-
itly stated in the literature related to the model, they were found
by choosing a radius and location that minimizes the square of the
distance between the contact point and the most distal point of the
circle. Because the four-bar linkage has only one degree of free-
dom, the pose of the femur relative to the tibia depends on the
flexion angle. With knowledge of the location of the femur origin
relative to the ACL and PCL ligament attachments sites, transla-
tions describing the position of the tibia relative to the femur as a
function of flexion angle were found.

Finally, in the pin-joint model, the flexion axis of the simple
revolute was coincident with the epicondylar axis (Fig. 2). This
axis has been shown to correspond closely with the functional
flexion-extension axis [42]. Although this knee model does not
attempt to emulate the rolling motion observable in real knees, it
is still often employed in musculoskeletal models [10,17-19].

Each tibiofemoral model was incorporated into the existing
musculoskeletal model. The four-bar linkage was scaled homoge-
neously so that the anterior-posterior depth of the femur was equal
to that of the contact model. The depth of the femur has been
shown to provide good correlation with many other knee param-
eters [43]. In the contact model, this depth was given by the el-
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Fig. 2 The contact, four-bar, and pin-joint models. The origins
are shown relative to the femur for different angles of flexion,
ranging from 0 deg to 120 deg in 10 deg increments.

lipse representing the femoral condyles. In the four-bar linkage
model, the depth was the sum of two circles, and the offset be-
tween them. The patellotibial kinematics of each knee model were
based on the model developed by Delp et al. [38], which was used
with all three tibiofemoral models. No other model parameters
were changed.

Normalized root mean squared (rms) differences were used to
analyze the sensitivity of the simulations to the various knee mod-
els. Root mean squared differences for generated pedal angle, ra-
dial pedal force, and tangential pedal force data were calculated
with respect to experimental averages. Root mean squared differ-
ence for pedal angle were normalized by the range of experimen-
tal pedal angles. The radial and tangential pedal force components
were normalized by the corresponding maximum absolute experi-
mental force. For data for which there were no experimental
measures—ijoint reaction forces, muscle forces, and muscle
excitations—rms differences for the four-bar and pin-joint models
were calculated with respect to the contact model. Joint reaction
force components were normalized by the contact model’s corre-
sponding maximum absolute force. Joint reaction forces were in-
clusive of both bone-on-bone contact forces and unmodeled soft
tissue forces. Muscle forces were normalized by the contact mod-
el’s corresponding maximum force for that muscle. By definition,
muscle excitations ranged from O to 1, and so were not normal-
ized. Differences were calculated as a function of crank angle.
Cubic splines were fit to each data set so that differences could be
taken at identical crank angles.

2.2 Objective 2. Beginning with its incorporation into the
musculoskeletal model developed by Delp et al. [38], the contact
model is arguably the most commonly used knee model in for-
ward dynamic simulations of human motion. For this reason, this
model was used in the sensitivity analysis of knee joint contact
forces and muscle forces.

To vary the tibiofemoral model, it was first necessary to repro-
duce the original knee model. Although the knee model is de-
scribed in Ref. [38], several specifics are missing including key
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Fig. 3 Simulation results for the three knee models and ex-
perimental results. The gray area is the experimental data +/
-1 standard deviation. At 0 deg crank angle, the crank arm is
vertical. Positive radial force is toward the crank axis. Positive
tangential force is forward.

geometric relations, such as the dimensions of the ellipse repre-
senting the contact surface, the tilt of this ellipse, and the tilt of
tibial plateau. Using the contact data reported by Nisell, these
relations were found that reproduced the tibiofemoral kinematics
given in the SIMM joint file within a rms difference of 1 mm [44].
Variations in tibiofemoral kinematics were made by adjusting
the contact pathway data according to the standard deviations re-
ported by Nisell [1]. All contact points within a knee model varia-
tion were moved consistently either anteriorly or posteriorly along
the tibial plateau a percentage of the standard deviation for a
particular contact point. Within each model variation, each contact
point standard deviation was scaled consistently by the same per-
centage. Percentages applied to each variation were spaced incre-
mentally from two standard deviations posterior to the average to
two standard deviations anterior to the average. New tibiofemoral
kinematics were calculated, so that, at a specified flexion angle,
the elliptical representation of the femoral condyles came in con-
tact with the tibial plateau at the point specified by the new con-
tact pathway [14,38]. At two deviations posterior, the rms differ-
ence in the origin of tibia in the femoral coordinate system with
respect to the reference model was 7.9 mm. At two deviations
anterior, the rms difference was also 7.9 mm. Root mean squared
differences increased linearly with the magnitude of the deviation.
The patellotibial model employed in the sensitivity analysis
used experimental measures of patellar and patellar ligament ro-
tation relative to the tibia to define patellotibial kinematics [38].
These rotations were determined from lateral radiographs of ca-
daveric knees at various angles of knee flexion [45]. The length of
patellar ligament was assumed constant. The insertion point of the
patellar ligament used in this model was not found in the litera-
ture, so the insertion point that best reproduced the kinematics
recorded in the original SIMM joint file was used [44].
Patellotibial kinematics were varied by adjusting the patellar
ligament rotation angle, according to the standard deviations
given by van Eijden et al. [45]. The same percentage of the stan-
dard deviation was used to adjust the patellar ligament angle
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Table 1 Normalized rms differences calculated for the three
knee models. Normalized rms differences for tracking results
are computed with respect to average experimental data. All
other differences are computed with respect to the contact
knee model. Hip, tibiofemoral, patellofemoral, and ankle joint
reaction forces are given, respectively, in the femur, tibia, pa-
tella, and talus coordinate systems (Fig. 1). Pedal forces were
normalized by the maximum absolute experimental values.
Pedal angles were normalized by the range of experimental
pedal angles. Muscle force and joint reaction forces were nor-
malized by the contact model’s corresponding maximum abso-
lute value. Muscles were abbreviated as follows: GMAX
=gluteus maximus, GMED=gluteus medius, IL=iliacus, VASL
=vastus lateralis, BFLH=biceps femoris (long head), SEMT
=semitendinosus, BFSH=biceps femoris (short head), TA
=tibialis anterior, MGAS=medial gastrocnemius, SOL=soleus.

Contact Four-bar Pin
(%) (%) (%) 100%=
Tracking

Pedal angle 1.2 1.5 49 37 deg
Radial pedal force 54 7.2 8.9 219 N
Tangential pedal force 13.8 14.1 16.7 236 N

Excitations
GMAX 5.1 10.7
GMED 12.2 16.9
1L 13.0 18.0
VASL 7.9 14.2
BFLH 6.4 15.6
SEMT 9.7 20.0
BFSH 8.9 16.0
TA 2.9 52
MGAS 6.9 7.3
SOL 33 6.4

Muscle forces
GMAX 4.0 12.0 179 N
GMED 15.2 19.9 326 N
IL 8.0 153 565 N
VASL 14.9 29.7 548 N
BFLH 6.5 33.0 211N
SEMT 12.3 32.1 164 N
BFSH 10.7 18.0 339 N
TA 18.8 24.9 102 N
MGAS 9.6 12.2 185 N
SOL 7.5 15.8 389 N

Joint forces

X-component
Hip 13.5 22.7 961 N
Knee (tibiofemoral) 11.3 22.6 809 N
Knee (patellofemoral) 18.9 35.6 1425 N
Ankle 6.7 13 290 N

y-component
Hip 35 11.7 2141 N
Knee (tibiofemoral) 11.9 22.3 1441 N
Knee (patellofemoral) 27.2 22.5 833 N
Ankle 3.7 10.3 1075 N

within each model variation. These percentages were spaced in-
crementally from positive two standard deviations to negative two
standard deviations. Using the adjusted patella rotation angles,
new patellotibial kinematics were calculated. At two standard de-
viations posterior, the rms difference in the origin of patella in the
tibial coordinate system with respect to the reference model was
10.8 mm. At two standard deviations anterior, the rms difference
was also 10.8 mm. Root mean squared differences increased lin-
early with the magnitude of the deviation.

For each tibiofemoral and patellotibial model variation, com-
puted muscle control was used to compute muscle excitations.
Model comparisons were made on the basis of rms differences, as
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Fig. 4 Muscle excitations generated from computed muscle
control for variations in the kinematics of the patellotibial (PT)
and patellofemoral (PF) models. —2 TF and +2 TF are the —2
standard deviation and +2 standard deviation tibiofemoral
model variations, respectively. —2 PT and +2 PT are the —2
standard deviation and +2 standard deivation patellotibial
model variations respectively. 0 SD is the unaltered reference
model. For comparison, the experimental on-off timing of the
EMG activity +/-1 standard deviation is given for muscles for
which this data was available [30].

with Objective 1. For all results, including pedal angles, pedal
forces, joint reaction forces, muscle forces, and muscle excita-
tions, rms differences were calculated for each variation with re-
spect to the reference model. In the tibiofemoral case, the refer-
ence model was the model generated using the averaged contact
point data. For the patellotibial model, the reference model was
the model generated using the averaged patella rotation angle.

3 Results

3.1 Objective 1. Although all three models reproduced the
experimental data (pedal angle and radial and tangential pedal
forces) well (Fig. 3), the contact model consistently returned the
smallest differences, followed closely by the four-bar model
(Table 1). For both the contact and four-bar models, pedal angles
were reproduced within a normalized rms difference of 1.5%. Ra-
dial pedal forces were also well tracked to within 1 standard de-
viation except at around 90 deg crank angle; the normalized rms
difference was 5.4%. Tangential pedal force was less well tracked
with the normalized rms difference being about 2.5 times that of
the radial pedal force.

For the generated muscle excitations, muscles forces, and joint
reaction forces, the differences between the contact and four-bar
models were usually smaller than the differences between the con-

Transactions of the ASME



Table 2 Normalized rms differences for tibiofemoral (TF) and patellotibial (PT) model varia-
tions relative to the reference tibiofemoral and patellotibial models respectively. For all data,
rms differences increased approximately linearly with the magnitude of the variation. For this
reason, only the extreme values at +/-2 standard deviations are shown

TF, —2 TF, +2 PT, —2 PT, +2
(%) (%) (%) (%) 100%=
Tracking
Pedal angle 1.4 1.5 0.3 0.2 37 deg
Radial pedal force 8.6 4.5 1.2 1.3 238 N
Tangential pedal force 7.0 43 24 5 283 N
Excitations
GMAX 53 5.3 2.6 2.6
GMED 17.8 14.0 12.1 14.3
L 19.4 12.3 9.5 10.5
VASL 5.3 8.4 35 3.1
BFLH 3.7 7.5 3.6 3.8
SEMT 14.1 9.2 5.5 7.2
BFSH 20.6 10.4 8.2 13.4
TA 7.3 3.0 2.3 3.2
MGAS 11.8 6.7 5.1 6.4
SOL 2.9 4.2 2.2 3.0
Muscle Forces
GMAX 8.0 5.5 1.2 2.4 179 N
GMED 20.7 17.3 12.4 15.5 326 N
L 11.0 8.3 5.1 5.7 565 N
VASL 22.0 11.9 12.7 30.3 548 N
BFLH 7.5 14.6 5.5 8.6 211 N
SEMT 394 12.3 10.4 21.0 164 N
BFSH 29.2 15.3 10.6 16.4 339 N
TA 55.4 19.9 13.2 21.7 102 N
MGAS 24.5 8.1 6.1 9.9 185 N
SOL 6.3 6.7 1.7 33 389 N
Joint forces
X-component
Hip 22.7 15.5 9.6 13.9 961 N
Knee (tibiofemoral) 32.7 13.4 39.6 13.0 809 N
Knee (patellofemoral) 18.6 9.1 29.2 323 1425 N
Ankle 18.1 7.0 3.6 6.3 290 N
y-component
Hip 9.1 42 2.7 5.2 2141 N
Knee (tibiofemoral) 14.9 8.7 32.6 10.9 1441 N
Knee (patellofemoral) 14.9 6.5 61.3 30.1 833 N
Ankle 13.3 49 29 5.2 1075 N

tact and pin-joint models (Table 1). Normalized rms differences
for muscle forces and joint reaction forces were higher than
muscle excitations. The biceps femoris (long head), vastii, and
semitendinosus were most sensitive, at approximately 30% rms.
Patellofemoral joint reaction forces were affected the most at
35.6% (507 N) for the x-component of the pin-joint model and
27.2% (227 N) for the y-component of the four-bar model. Ti-
biofemoral joint reaction forces for the pin-joint model were also
strongly affected at 22% for both the x- and y-components.

3.2 Objective 2. For both tibiofemoral and patellotibial varia-
tions, differences in tracked data and muscle excitations were
small relative to the differences in muscle forces and joint reaction
forces. Excitation on/off timing closely matched the EMG data for
all models (Fig. 4), falling within 1 standard deviation of the
experimental on/off point for most muscles. Normalized rms dif-
ferences for tracked data and muscle excitation were generally
below 10% (Table 2). Exceptions were the excitation of the biceps
femoris (short head) at 20.6%, the iliacus at 19.4%, and the glu-
teus medius at 17.8% all three of which occurred for the —2
standard deviation tibiofemoral model variation. Forces of several
muscles were particularly sensitive midway through the second
half of the crank cycle, including the vastii, biceps femoris (short
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head), semitendinosus, tibialis anterior, and gastrocnemius (Table
2, Fig. 5). Joint reaction forces were also sensitive, particularly at
the knee, and were as high as 61.3% for patellotibial model varia-
tions and 14.9% for tibiofemoral model variations. Joint reaction
forces were particularly sensitive over the second half of the crank
cycle. (Fig. 6).

Root mean squared differences were generally higher for ti-
biofemoral variations than patellotibial variations by as much as
10%, with the exception of knee joint reaction forces (Table 2).
The y-components of the tibiofemoral and patellofemoral joint
reaction forces were higher for patellotibial model variations by
17.7% and 46.4%, respectively.

4 Discussion

Several different models exist to describe tibiofemoral kinemat-
ics, but the effect of the knee model on forward dynamic simula-
tion results is unknown. Hence one objective of the present study
was to investigate the effect of three commonly used tibiofemoral
joint models on forward dynamic simulation results. Because of
the need for subject-specific knee models, a second objective was
to investigate the sensitivity of forward dynamic simulation re-
sults to variations in kinematics of the most widely used of the
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Fig. 5 Muscle forces over a complete crank cycle for the ref-
erence contact model and for variations in the kinematics of
the tibiofemoral (TF) and patellotibial (PT) models. —2 TF and
+2 TF are the —2 standard deviation and +2 standard deviation
tibiofemoral model variations, respectively. —2 PT and +2 PT
are the —2 standard deviation and +2 standard deviation patel-
lotibial model variations, respectively. 0 SD is the unaltered ref-
erence model. Forces were sensitive to the kinematic varia-
tions over the second half of the crank cycle. Only results for
extreme kinematic variations are shown. The vastus interme-
dius and vastus lateralis are not shown, but behaved similarly
to the vastus medialis.

three knee models. Differences in the contact and four-bar models
were small compared with differences between the pin-joint
model and the contact model. With the exception of knee joint
reaction forces, forward dynamic simulation results were more
sensitive to changes in tibiofemoral kinematics than to changes in
patellotibial kinematics. In general, muscle excitations, pedal
angle, and pedal forces were less sensitive to changes in knee
model than muscle forces and joint reaction forces, particularly at
the knee.

4.1 Objective 1. From comparing simulation results for the
three tibiofemoral models, we found that with regard to pedal
forces, pedal angles, and muscle excitation data, the two rolling-
sliding models behaved similarly. For these output quantities, dif-
ferences between the pin-joint and the contact model were more
pronounced, but were still generally small with respect to their
normalizing values. Muscle forces and joint reaction forces, how-
ever, were affected strongly by the type of knee model. The rea-
sons behind this sensitivity are similar to those for the high sen-
sitivity in these same quantities to variations in knee kinematics
and will be given in the discussion related to Objective 2, which
follows. These results suggest that a simplified knee model may
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be sufficient for those applications concerned with output excita-
tion timing, or where a certain amount of imprecision is accept-
able. However, if either accurate muscle or joint reaction forces
are of interest, then a more accurate knee model is required.

One limitation in comparing the simulation results for the three
different knee models was that only tibiofemoral kinematics dif-
fered. The patellotibial model was designed for use with the con-
tact model [38]. The four-bar and pin-joint models each are part of
complete musculoskeletal models, with their own method of de-
scribing the patella. Simulations incorporating the pin joint often
model the patella as a single wrapping point in the path of the
quadriceps, which may be grouped into a single actuator [17,19].
The patellotibial kinematic model used with the four-bar ti-
biofemoral model required the grouping of the quadriceps muscles
into a single actuator, with a single insertion and origin [46]. Fur-
thermore, in the four-bar model, a single wrapping point was used
to represent the muscle’s interaction with the femur rather than a
wrapping surface. Because the present study is concerned with an
investigation of knee kinematics, it was undesirable to alter the
muscles modeled. For this reason, only the tibiofemoral models
were compared.

The areas of sensitivity in muscle excitations, muscle forces,
and joint reaction forces were similar to those of Objective 2, as
shown in Figs. 4-6. Hence, similar plots for Objective 1 were
deemed redundant and were not included.

4.2 Objective 2. Forward dynamic simulation results were
generally more sensitive to changes in tibiofemoral kinematics
than to patellotibial kinematics. This was expected because varia-
tions in tibiofemoral kinematics affect the moment arms and mus-
culotendon lengths of all muscles that cross the knee joint,
whereas variations in patellotibial kinematics affect only the mo-
ment arms and musculotendon lengths of the quadriceps muscles.
Muscle forces and joint reaction forces were sensitive to varia-
tions in both tibiofemoral and patellotibial kinematics.

Variations in tibiofemoral and patellofemoral kinematics could
have been created using other means. For example, tibiofemoral
kinematics also could have been altered by changing the dimen-
sions of the ellipse representing the femoral condyles. Patellotibial
variations also could have been created by adjusting patellar rota-
tion angles rather than the patellar ligament rotation angles. How-
ever, because the correlations between bone geometry and contact
point or patellar ligament rotation angle and patellar rotation angle
were not known, only one characteristic was chosen. Although
this might be an oversimplification, adjusting more than one char-
acteristic without knowledge of how other characteristics were
correlated could result in knee kinematics, which are not physi-
ologic. Hence adjusting the contact pathway was chosen for the
tibiofemoral joint model because standard deviations were readily
available. Patellar ligament rotation angle was chosen for the pa-
tellotibial joint model because inconsistencies were found in the
patellar rotation data, extracted from the existing knee model and
the experimental data [44].

For both the contact point and patellar rotation angle inputs, all
inputs within a model variation were adjusted by the same per-
centage of the standard deviation, rather than adjusting each data
point individually. For both patellar rotation angle and contact
point, individual subject data were not available so that some
assumption as to how each data point was subject dependent or
autocorrelated was necessary. Using a Monte Carlo simulation,
where different degrees of autocorrelation were tested, it was
found that assuming complete autocorrelation produced kinematic
variations that were greater than those variations achieved by al-
lowing each data point a degree of individual variation [44]. With
regard to tibiofemoral kinematics, this assumption is further sup-
ported by the data reported by Montgomery et al. [47], which
show that extensive autocorrelation occurs for tibiofemoral con-
tact point.

The differences observed in muscle excitations, muscle forces,
and joint reaction forces were not a result of changes in either
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Fig. 6 Joint reaction forces over a complete crank cycle for the reference
model and for variations in the kinematics of the tibiofemoral (TF) and pa-
tellotibial (PT) models. —2 TF and +2 TF are the —2 standard deviation and
+2 standard deviation tibiofemoral model variations, respectively. —2 PT
and +2 PT are the —2 standard deviation and +2 standard deviation patel-
lotibial model variations, respectively. 0 SD is the unaltered reference

model.

intersegmental forces or moments, which were small. Differences
in intersegmental forces, which are the sum of the joint reaction
forces and muscle force contribution at each joint, were below 1%
rms difference for all joints, when normalized by the reference
model’s corresponding maximum intersegmental force. Likewise
differences in intersegmental moments were small, less than 1%
rms when normalized by the reference model’s corresponding
maximum intersegmental moment.

Changes in simulation results were caused by changes to mus-
culotendon lengths and muscle moment arms. Although these
changes were not large, less than 10% rms (normalized by the
reference model’s peak values), because several muscles were af-
fected simultaneously, these changes had a marked impact on
simulation results. This is illustrated in the second half of the
crank cycle (Figs. 5 and 6).

The increased sensitivity over the second half of the crank cycle
is primarily an effect of the changes to the quadriceps’ moment
arms and musculotendon lengths. At about 180 deg crank angle,
the vastii generate a passive force. Changes in musculotendon
length of the vastii affect the magnitude of this force. Cocontract-
ing muscles on the opposite side of the leg must compensate to
achieve the same net joint moment. For example, at the —2 stan-
dard deviation tibiofemoral model variation, the lengths of the
vastii increase, leading to an increase in their passive force. At the
same time, their moment arms increase, while the hamstrings mo-
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ment arms decrease. To achieve the same net joint moment, the
excitations of the biceps femoris (short head), medial gastrocne-
mius, and semitendinosus must increase dramatically (Fig. 4). At
270 deg crank cycle, the excitations of these muscles drop off, but
they continue to generate a passive force (Fig. 5), requiring co-
contraction by the quadriceps muscles. Because some of the
muscles crossing the knee are bi-articular, the hip and ankle net
joint moments are affected and must be compensated for by co-
contractions in other muscles at these joints. In this manner,
muscles forces on opposite sides of the leg can increase or de-
crease together, summing to cause large changes in the joint reac-
tion forces.

In summary, our results show that the choice of the knee joint
model affects the results of forward dynamic simulations particu-
larly the muscle and joint reaction forces with little effect on the
muscle excitations. Differences between the two rolling-sliding
models were smaller than differences between the pin-joint model
and the rolling-sliding models. Similarly, joint reaction forces and
muscle forces were more sensitive to variations in knee model
kinematics, while muscle excitations were less sensitive. Gener-
ally, tibiofemoral variations resulted in greater rms differences in
results than patellotibial variations, with the exception of knee
joint reaction forces, which were more sensitive to patellotibial
variations. The observed sensitivity was not due to changes in
either intersegmental forces or net joint moments, but was prima-
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rily an effect of changes to the moment arms and musculotendon
lengths of the quadriceps. Although some level of inaccuracy in
the knee model may be acceptable for determining muscle exci-
tations, a representative model of knee kinematics is necessary for
the accurate calculation of muscle and joint reaction forces.
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