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ABSTRACT: Though asymmetric loading between the medial and lateral compartments of total
knee replacements may contribute to implant loosening and failure, the in vivo contact force
distribution during dynamic daily activities remains unknown. This study reports in vivo medial and
lateral contact forces experienced by a well-aligned knee implant for a variety of activities. In vivo
implant motion and total axial load data were collected from a single knee replacement patient
performing treadmill gait (hands resting on handlebars), step up/down, lunge, and kneel activities.
In vivo motion was measured using video fluoroscopy, while in vivo axial loads were collected
simultaneously using an instrumented tibial component. An elastic foundation contact model
employing linear and nonlinear polyethylene material properties was constructed to calculate
medial and lateral contact forces based on the measured kinematics, total axial loads, and centers of
pressure. For all activities, the predicted medial and lateral contact forces were insensitive to the
selected material model. The percentage of medial to total contact force ranged from 18 to 60 for gait,
47 to 65 for step up/down, and 55 to 60 for kneel and lunge. At maximum load during the motion cycle,
medial force was 1.2 BW for gait and 2.0 BW for step up/down, while the corresponding lateral forces
were 1.0 and 1.5 BW, respectively. At mean load in the final static pose, medial force was 0.2 BW for
kneel and 0.9 BW for lunge, with corresponding lateral forces of 0.1 and 0.7 BW, respectively. For this
patient, a constant load split of 55% medial—45% lateral duringloaded activity would be a reasonable
approximation for these test conditions. © 2007 Orthopaedic Research Society. Published by Wiley
Periodicals, Inc. J Orthop Res 25:593-602, 2007
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INTRODUCTION the predicted medial-lateral load split varying

considerably over the gait cycle.” While recent

Asymmetric loading between the medial and
lateral compartments of the knee has been
hypothesized to contribute to the development of
knee osteoarthritis (OA).! In artificial knees,
asymmetric forces exerted on the tibial insert
may contribute to mechanical failure and implant
loosening.? Ever since Morrison’s® seminal work,
modeling studies have predicted larger contact
forces on the medial than on the lateral side of the
knee during gait.*~® These studies have reported
between 50 and 100% of the total contact force
passing through the medial compartment, with
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DISCOVER SOMETHING GREAT

experimental studies have measured in vivo axial
loads in the femur and tibia using telemetry,°~12
none have been able to partition the total axial
load into medial and lateral contact forces. Thus,
the actual in vivo distribution of tibial contact
forces during dynamic, weight-bearing activities
remains unknown.

The lack of accurate in vivo medial and lateral
contact force data is also problematic for predicting
abrasive/adhesive wear in total knee replacements.
Medial-lateral load split affects medial and lateral
contact pressures, which in turn affect mild wear of
the polyethylene tibial insert.'® For lack of better
data, researchers often offset the axial load 5 mm
to the medial side when evaluating the wear
performance of a new implant design using a knee
simulator.™ Though in vivo contact pressures have
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been predicted by computational models,!®®

they too suffer from assumptions related to the
unknown medial-lateral load split.

This study sought to determine in vivo medial
and lateral tibial loads during gait, step up/down,
kneel, and lunge activities for a single knee implant
patient. Contact forces during each activity were
found using a novel combination of experimental
and computational techniques. The results provide
insight into the in vivo loading conditions ex-
perienced by a well-aligned knee implant for a
variety of activities.

METHODS

Data were collected from one patient (male, right knee,
age 80 years, mass 68 kg) eight months after surgery.
Institutional review board approval and patient
informed consent were obtained. The patient received
a custom tibial prosthesis instrumented with four
uniaxial force transducers, a microtransmitter, and an
antenna.

Implant alignment was assessed radiographically.
The angle between the bottom surface of the tibial tray
and thetibial shaft (i.e., aline through the midpoint of the
tibial cut and the center of the talus) was 90.1°. The target
was 90° and the measurement error was approximately
0.5°. The femoral component was aligned at 6° valgus to
the anatomic axis of the femur. The mechanical axis of
the lower limb (center of femoral head to center of ankle)
passed through a point 5% lateral to the midpoint of the
tibial tray.

In vivo tibial force data were recorded simultaneously
with fluoroscopic motion analysis data during treadmill
gait (hands resting on handlebars), step up/down, kneel,
and lunge activities.'”~2° The fluoroscopic and tibial force
data were collected at different sampling frequencies
using different data collection systems that did not
possess a common synchronizing signal. All data were
resampled at a common frequency during postproces-
sing. Additional overground gait trials were performed
during which the instrumented implant data collection
system also recorded the vertical ground reaction force
signals from two force plates.

Following data collection, the fluoroscopic and tibial
force data were synchronized to define motion cycles for
subsequent data analysis. For gait, the cycle was defined
to begin at right heel strike. From the overground gait
data, we identified an inflection in the tibial force curve
at the point where the vertical ground reaction force
transitioned from zero to nonzero. The same inflection
point in the tibial force data was used to identify right
heel strike during treadmill gait. The start and end of the
gait cycle in the fluoroscopic data were identified by the
lowest point in the knee flexion curve. For step up/down,
the cycle started when the tibial force began to rise and
ended when it returned to its starting value. Maximum
knee flexion was used to identify the start and end of the
same cycle for the fluoroscopic data. For kneel and lunge,
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time frames were analyzed only from the final static pose,
which was held by the patient for several seconds and
possessed an approximately constant tibial load and knee
flexion angle. These two activities were only partially
weight bearing because the patient was standing on the
opposite leg.

To facilitate subsequent contact analyses, one set of
kinematic and tibial force data were constructed from the
synchronized experimental data for each activity. For
gait, horizontal knee translations combined with fluoro-
scopic field of view limitations necessitated the use of two
fluoroscope positions to image the entire cycle.l™?°
Consequently, we created a single composite gait cycle
by averaging eight cycles of fluoroscopic data (four from
each half of the gait cycle) and 12 cycles of tibial force data
including the same time frames. Different numbers of
cycles were averaged to make use of all data available for
analysis. For step up/down, no data averaging was
required because a complete motion cycle was visible
fluoroscopically. Hence, a single representative step up/
down cycle was selected for analysis. For kneel and lunge,
joint pose at the most highly flexed position was
determined by averaging five and nine, respectively,
time frames of fluoroscopic data. Different numbers of
time frames were averaged to make use of all data
available at the final static pose. Approximately constant
tibial force data spanning the same time frames were
identified, and the mean, minimum, and maximum force
and corresponding center of pressure measurements
were used in the subsequent analyses. The duration of
the resulting cycles was 1.11 s for gait and 3.20 s for step
up/down.

For the treadmill gait data, two additional steps were
taken to synchronize fluoroscopic and instrumented
implant data on an objective basis. First, because the
averaging process caused slight inconsistencies, we
phase shifted the kinematic data slightly forward and
backward in time to find the position (2% of the cycle
forward) that minimized root-mean-square (RMS) errors
in predicted anterior-posterior (AP) center of pressure
(CoP). Second, because the fluoroscopic measurements
possessed error as well, we offset the AP translation at
each time point within the range of +1 mm, the error
bound on the experimental measurement.” The offset
for each point was selected so as to minimize the AP
CoP error at that time instant. Similar steps were not
taken for the medial-lateral (ML) CoP because the
contact model was allowed to equilibrate in the ML
direction under the action of the applied loads. This
approach made the data synchronization process for
treadmill gait objective without markedly influencing
the results.

Dynamic contact models (i.e., multiple time frames of
gait and step up/down) and static contact models Gi.e., a
single time frame of kneel and lunge) of the patient’s knee
implant were constructed to predict in vivo contact forces
on the medial and lateral contact surfaces of the tibial
insert. The models were implemented within the Pro/
MECHANICA MOTION simulation environment (PTC,
Waltham, MA) (Fig. 1). A six degree-of-freedom (DOF)
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Overview of the experimental and computational methods used to

develop and evaluate the dynamic contact model of the instrumented knee implant.
In vivo fluoroscopic motion and telemetric force measurements provide accurate
kinematic and force inputs to a dynamic contact model. The model predicts medial and
lateral contact force, distributed contact pressure, and center of pressure (CoP) over a
motion cycle. The predictions are evaluated by comparing measured and predicted CoP
locations. [Color scheme can be viewed in the online issue, which is available at http://

www.interscience.wiley.com]

joint between the femoral component and tibial insert
was used to measure relative (i.e., joint) kinematics for
contact calculations. The experimentally measured
tibial force was applied to the back side of the tibial tray
at the experimentally measured CoP location. Conse-
quently, the femoral component was fixed to ground and
the tibial component allowed to move relative to it.
AP translation, internal-external rotation, and flexion-
extension were prescribed to match the fluoroscopically
measured kinematics while the other three DOFs
were predicted via forward dynamic simulation or static
analysis.'®

A custom deformable contact model based on elastic
foundation theory'®?!-24 was incorporated into the Pro/
MECHANICA MOTION models using the custom load
interface. The contact model utilized springs distributed
uniformly over the articulating surfaces of the tibial
insert to prevent excessive interpenetration, where each
spring was associated with a single tibial surface element
of known area. The contact pressure p for each element
was calculated from

(1-v)E(p) d
7 (1)

1+v)(1-2v)

where E(p) is Young’s modulus of the elastic layer
(constant for the linear material and a function of p for
the nonlinear material®!), v is Poisson’s ratio of the
elastic layer, h is the layer thickness at the element
location, and d is the element’s spring deflection, defined
as the interpenetration of the undeformed surfaces
in the direction of the local surface normal. d was
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computed at each time instant given the relative
position and orientation of the insert with respect to
the femoral component as obtained from the six DOF
joint in the Pro/MECHANICA MOTION model. The
three-dimensional contact force vector acting on each
side of the insert was computed by multiplying the
element pressures by their respective areas and per-
forming a vector summation over all elements. Medial
and lateral contact forces were calculated by taking the
axial components of the two contact force vectors.
Evaluation of the calculated contact forces was per-
formed by comparing measured and predicted CoP
locations for the entire tibial insert in the ML and AP
directions.

Element contact pressures were calculated using
linear and nonlinear material models with a Poisson’s
ratio of 0.46.2° Two material models were used to deter-
mine the sensitivity of predicted medial-lateral contact
forces to the choice of model. For the linear model,
Young’s modulus was set to 463 MPa for all elements.>°
For the nonlinear model the modulus was set to a
different value for each element depending on its current
level of contact pressure. The relationship between
modulus and contact pressure was derived from a
modified nonlinear power law??:

a—lsp+18 AN (2)
_Zopo 27 \po

where ¢ is element strain and ¢,, p,, and n are material
parameters. Values for these parameters were set to
g, =0.0257, p,=15.9 MPa, and n =3 based on fitting of
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experimental stress-strain data for polyethylene.?® The
initial modulus of the nonlinear model (1237.4 MPa) was
greater than that of the linear model. For any specified
value of element pressure, E=dp/de was calculated

from Equation 2 as
n—1
1+n (pﬁ) ] } (3)
o

Equation 3 was then substituted into Equation 1 to
produce a single nonlinear equation with p as the only
unknown. During a simulation, Equation 3 was solved
for each element using a nonlinear rootfinding algo-
rithm. Further details for performing dynamic and
static contact analyses using multibody simulation
methods can be found in reference 27.

leg,

E(p) = 1/{§p—o

RESULTS

The ratio of medial to total contact force as
calculated by the contact model varied between
and within activities (Fig. 2). Despite differences
in predicted contact pressures (Fig. 3), predicted
contact forces were insensitive to choice of mate-
rial model. Medial contact force followed the trend
of total contact force better than did lateral contact
force for both gait and step up/down (Fig. 2, top
and middle). Step up/down exhibited the largest
medial and lateral contact forces, followed by gait,
lunge, and kneel. At maximum load, medial force
was 2.0 BW for step up/down and 1.2 BW for gait,
while the corresponding lateral forces were
1.5 and 1.0 BW, respectively (Table 1). At mean
load in the final static pose, medial force was
0.2 BW for kneel and 0.9 BW for lunge, with
corresponding lateral forces of 0.1 and 0.7 BW,
respectively (Table 1). The ratio of medial to total
force (reported as a percentage) ranged from 18 to
60% for the entire gait cycle, averaging 55% during
midstance phase and 33% during swing phase, and
from 47 to 656% for the entire step up/down cycle
(Fig. 2, bottom). The ratio was much more constant
for step up/down than for gait over a single cycle.
At maximum load, the ratio was between 53 and
60% for all four activities (Table 1).

Predicted CoP locations matched the experi-
mental measurements over most of the gait cycle
and the entire step up/down cycle. Similar to
contact forces, results from the two material models
were nearly identical. Without changing any
fluoroscopically measured motion inputs, the con-
tact simulations reproduced the ML location of the
CoP very closely for all activities with RMS errors of
0.6 mm for gait and 0.0 mm for step up/down, kneel,
and lunge. In contrast, the simulations matched
the AP location of the CoP well only for the stance
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Figure 2. Medial and lateral contact forces calculated
during gait (top) and step up/down (middle) activities and
the percentage of medial-to-total contact force over the
gait and step cycle (bottom). Results are plotted only for
the linear material model because results for the non-
linear model were indistinguishable.

phase of gait and for step up/down, with RMS errors
of 4.8 mm over the entire gait cycle, 1.9 mm during
stance phase, and 1.3 mm for step up/down. When
the fluoroscopically measured AP translations
were adjusted within their range of experimental
error (=1 mm), RMS errors in the AP CoP location
were reduced to 3.5 mm over the entire gait cycle,
0.5 mm during stance phase, and 0.5 mm for step
up/down (Fig. 2). At maximum load for each
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Figure 3. Visualization of contact pressures exerted on the tibial insert at maximum
load during gait, step up/down, kneel, and lunge activities using linear and nonlinear
material models. Maximum load does not necessarily correspond to maximum pressure
due to the effect of contact geometry on the pressure calculations. [Color scheme can be
viewed in the online issue, which is available at http://www.interscience.wiley.com]

Table 1. Medial-to-Total Force Percentage, Contact Force, and AP CoP Error for Gait, Step Up/Down, Lunge, and
Kneel Activities Using the Linear Material Model

Force (BW) AP CoP Error (mm)
Activity Load (BW)  Medial/Total Force (%) Medial Lateral Original Adjusted
Gait 2.2 53.4 1.2 1.0 2.9 1.0
Step 3.5 56.0 2.0 1.5 0.3 0.2
Kneel 0.3(0.2,0.4) 57.0 (565.2, 59.6) 0.2(0.1,0.2) 0.1(0.1,0.2) 11.6(12.6,11.2) 10.4(11.5,10.1)
Lunge 1.6(1.2,2.2) 57.7 (56.6, 57.5) 0.9(0.7,1.3) 0.7(0.5,0.9) 2.9 (3.1,1.2) 1.7 (2.0, 0.1)

For gait and step up/down, results are reported at maximum load. For kneel and lunge, results are reported for mean load with
additional results for minimum and maximum load over the interval indicated in parentheses.
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activity, CoP error in the AP direction was smallest
for step up/down and largest for kneel, ranging
from 0.2 to 11.5 mm after AP translation adjust-
ment (Table 1).

DISCUSSION

This study used a novel combination of an
instrumented knee implant, fluoroscopic motion
analysis, and a deformable contact model to
determine in vivo medial and lateral contact forces
on the tibia during treadmill gait (hands resting
on handlebars), step up/down, kneel, and lunge
activities. Medial and lateral contact force calec-
ulations were insensitive to choice of material
model (linear or nonlinear), with the ratio of
medial to total contact force being close to 50%
for high-loading phases of all activities. CoP
calculations were also insensitive to choice of
material model, and the reliability of the calcu-
lated medial and lateral contact forces was
supported by the model’s ability to reproduce the
experimentally measured AP and ML CoP loca-
tions. Contact pressures predicted by the model
followed the same trends as medial and lateral
contact force for gait and step up/down. Though a
constant load split of 55% medial-45% lateral
would be a reasonable approximation for the
current patient performing gait, step up/down,
kneel, and lunge activities, the reasonableness of
this approximation for the general patient popula-
tion is unknown.

While previous studies reported that the major-
ity of the load passes through the medial compart-
ment during gait, our study found a more equal
medial-lateral load split. To our knowledge, all
previous estimates of medial-lateral load split
during gait have been based on biomechanical
models without internal load measurements.*~®
Most estimates were derived from models that
required prediction of individual muscle forces, and
these predictions may have been sensitive to errors
in muscle origin and insertion locations, moment
arms, and peak isometric strength values. Further-
more, previous studies did not have a method for
evaluating the reasonableness of the predicted
medial-lateral load split. In our study, prediction
of individual muscle forces was not needed due to
the availability of internal force measurements,
and the load split calculations could be evaluated
using the experimentally measured CoP locations.

One possible explanation for the near-equal
medial-lateral load split during gait was that the
subject was allowed to rest his hands on the
handlebars of the treadmill for balance and safety
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reasons. Even though the subject was extremely
stable and in excellent condition, we wanted to
minimize the possibility of him falling on the
treadmill. Resting the hands on the treadmill
handlebars had two effects. First, it provided the
subject with some force feedback that may have
improved his ability to balance. Second, the subject
did not swing his arms during treadmill gait, in
contrast to overground gait where arm swing
occurs out of phase with leg swing. Consequently,
at right heel strike on the treadmill, the right arm
was forward instead of in its usual backward
position, while at right toe off, the right arm was
forward in a position similar to its usual forward
position.

Given these issues, we assessed whether our
treadmill results were indicative of overground gait
by following a two-step process. First, we evaluated
the accuracy with which medial contact force can be
estimated directly from the two medial load cell
measurements. The sum of the two medial load
cell measurements need not equal the medial
contact force calculated by the contact model (see
Appendix). However, when we performed the
comparison for the treadmill gait data, we found
that the medial force curves calculated by the two
approaches were nearly identical, with maximum
and RMS differences of 0.03 and 0.01 BW, respec-
tively. For the step up/down, kneel, and lunge data,
the maximum error was 0.14 BW with an RMS
difference of 0.04 BW for step up/down. Thus, while
we could not prove ahead of time that the medial
contact force is the sum of the two medial load cell
measurements, our contact model calculations
support this conclusion, at least for this instru-
mented implant design and activities without
significant internal-external rotation (see Appen-
dix for further discussion).

Based on this finding, we then used the load cell
measurements directly to compare the total axial
load and medial-lateral load split between tread-
mill and overground gait. The total axial load
profiles were similar with an RMS difference of
0.15 BW. In contrast, the medial-lateral load split
during overground gait was larger during mid-
stance (i.e., about 15 to 45% of the cycle) but
comparable at the start and end of stance. The
maximum difference occurred at about 20% of
the cycle, where 70% of the load passed through
the medial compartment during overground gait
but only 50% during treadmill gait. This finding is
consistent with force feedback to the hands and
altered arm positioning during this portion of
the treadmill gait cycle. Thus, our treadmill
gait measurements may have underestimated the
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amount of load passing through the medial com-
partment during midstance of overground gait.
We also assessed the reasonableness of our
computational procedure by evaluating whether
inaccurate model prediction of varus-valgus (VV)
rotation or ML translation would lead to inaccurate
prediction of the CoP. To mimic a rigid body
analysis, we performed static analyses for the
initial time frame of gait but with ML translation
or VV rotation locked to specific values rather than
left free. ML translation was varied by +£1 mm
about its nominal position, whereas VV rotation
was varied by =+0.1°. These small variations
changed the predicted ML CoP by about 25 mm.
Because single plane fluoroscopy can measure ML
translation to within about 6.6 mm and VV rotation
to within about 1°,'7 using the fluoroscopically
measured kinematics directly for these two DOFs
would not produce ML CoP and contact force
predictions consistent with the experimental
data. The model’s predictions for these two
DOF were within the confidence limits of their
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fluoroscopically measured motions, supporting the
reasonableness of this approach.

Errors in the predicted CoP locations were small
apart from the AP direction during the swing phase
of gait and during kneel (Fiig. 4). The CoP locations
measured by the instrumented implant have been
shown to be accurate to within +2 mm for loads
ranging from 800 to 2,000 N.'° Maximum errors in
predicted CoP location were about 10 mm in the AP
direction for loads in the range of 150 N (swing
phase of gait) to 200 N (kneel). Because the
experimental CoP calculation involves dividing by
the total axial load, the calculation will be most
sensitive to axial load measurement errors when
the load is “small.” Consequently, when we plotted
AP CoP error as a function of the inverse of the axial
load, we found a high correlation (R? = 0.80, Fig. 5).
Thus, sensitivity of the experimental CoP calcula-
tions to errors in the measured axial load helps
explain the large AP CoP errors during light
loading. Data averaging may have also contributed
to AP CoP errors, consistent with the observation
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Figure 4. Comparison of experimental and simulated center of pressure locations in
the AP (anterior is positive) and ML (lateral is positive) directions for gait (top row) and
step up/down (bottom row) activities. Results are plotted only for the linear material
model because results for the nonlinear model were indistinguishable. The coordinate
system origin of the tibial insert, located at the geometric center of the back surface, is the
zero reference point for AP and ML translations (see inset in lower right plot).
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Figure 5. Error in predicted AP center of pressure
location as a function of the inverse of the applied axial
load during gait.

that the unaveraged step up/down data set had the
lowest errors. Because researchers are most inter-
ested in phases of high rather than low loading, CoP
errors during light loading periods are not a critical
limitation of the study.

The primary limitation of this study is that only
a single patient with an implanted knee could be
analyzed. This limitation is due to the difficulty of
obtaining the in vivo experimental measurements
of implant motions and loads required as inputs to
the contact model. Although the patient’s walking
speed (1.24 + 0.03 m/s) and ground reaction forces
were similar to those of normal subjects,?®?° we are
still limited by the use of only a single subject. The
extent to which these results apply to knee implant
patients in general or to nonimplanted knees is
unknown.

The kneel and lunge tests were included to
investigate static loads in deep flexion positions.
They provide no information on the dynamic loads
that occurred while reaching the final static pose.
Furthermore, these static poses may not be re-
presentative of deep flexion poses that occur during
normal daily activities. Nonetheless, these poses
were worth studying because sustained deep
flexion occurs in daily life in some cultures. Under-
standing internal medial and lateral contact loads
under such static conditions could be helpful for
designing total knee replacements that function
well in deep flexion.

In summary, this study presented a novel
approach of combining in vivo load and motion
measurements with a computational model to
predict the medial-lateral force distribution in an
implanted knee during a variety of activities. The
in vivo medial-to-total force ratio and contact
pressure results may be valuable for improving
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our understanding of knee joint mechanics and
developing computational and experimental test-
ing protocols to assess wear performance of new
knee implant designs. However, the extent to
which our results apply to nonlaboratory condi-
tions is unknown.
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APPENDIX

In this Appendix, we investigate the question of
whether the sum of the two medial load cell
measurements should equal the medial contact
force. To answer this question, consider Figure Al
(A1), which shows a coronal view of the loading
situation on the instrumented implant. In this
schematic, FM is the total uniaxial load measured
by the two medial load cells, FL the total uniaxial
load measured by the two lateral load cells, AM the
medial contact force, AL the lateral contact force, d
the fixed distance from the center of the tibial tray
to the medial and lateral load cells, and a and b
the variable distances to the medial and lateral
contact loads, respectively.

Engineering statics can be used to solve for AM
and AL as a function of FM, FL, a, b, and d.
Summing forces in the vertical direction yields

(A1)

AM +AL + FM + FL

Figure Al. Schematic representation of the medial-
lateral loading situation for the instrumented implant.
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while summing moments about the center point O
produces

aAM —bAL = d(FM — FL) (A2)

Because a and b are unknown, we have two
equations in four unknowns. Consequently, we
will solve Equations Al and A2 for AM and AL
assuming the values of @ and b are known:
AM =54 FM + 24 FL A3)
AL =<4FM + 24 F[,

a+b a+b

From Equation A3, it is clear that we will obtain
AM=FM and AL=FL if and only if a=d and
b=d. In other words, the sum of the two medial
load cell measurements will equal the medial
contact force only if the CoP on each side is
directly over the two load cells on that side in the
AP direction.

When we calculated the CoP on each side using
our contact model, we found that the data approxi-
mately satisfied these requirements. During tread-
mill gait for example, the medial CoP location (i.e.,
a in Fig. Al) varied between —22.2 and —17.0 mm
and the lateral CoP location (i.e., b in Fig. Al)
varied between 18.9 and 22.7 mm. The medial-
lateral distance from the center line of the tibial
tray toeachloadcell (i.e.,d in Fig. A1) was 20.4 mm.
If the medial-lateral spacing between the femoral
condyles or between the load cells had been
different, approximating the medial contact force
with the sum of the two medial load cell measure-
ments would have been less reasonable. It is also
possible that other activities not measured in our
study could produce larger axial rotations or
medial-lateral translations that would make this
approximation less accurate.
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