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In using musculoskeletal models, researchers can calculate muscle forces, and subsequently joint

contact forces, providing insight into joint loading and the progression of such diseases as osteoarthritis
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(OA). The purpose of this study was to estimate the knee contact force (KCF) in patients with varying

degrees of OA severity using muscle forces and joint reaction forces derived from OpenSim. Walking

data was obtained from healthy individuals (n¼14) and those with moderate (n¼10) and severe knee

OA (n¼2). For each subject, we generated 3D, muscle-actuated, forward dynamic simulations of the

walking trials. Muscle forces that reproduced each subject’s gait were calculated. KCFs were then

calculated using the vector sum of the muscle forces and joint reaction forces along the longitudinal

axis of the femur. Moderate OA subjects exhibited a similar KCF pattern to healthy subjects, with lower

second peaks (p¼0.021). Although subjects with severe OA had similar initial peak KCF to healthy and

moderate OA subjects (more than 4 times BW), the pattern of the KCF was very different between

groups. After an initial peak, subjects with severe OA continually unloaded the joint, whereas healthy

and moderate OA subjects reloaded the knee during late stance. In subjects with symmetric OA grades,

there appears to be differences in loading between OA severities. Similar initial peaks of KCF imply that

reduction of peak KCF may not be a compensatory strategy for OA patients; however, reducing duration

of high magnitude loads may be employed.

& 2010 Elsevier Ltd. All rights reserved.
1. Introduction

Osteoarthritis (OA) is the most common form of arthritis, with
the knee being the most affected joint. A combination of
biochemical, biomechanical, and neuromuscular factors are
thought to lead to the development and progression of OA
(Felson, 2000). The progression of OA is often accompanied by
pain and may result in changes in gait and neuromuscular
function, which may in turn lead to increased wear on the joint
and further progression of the disease (Astephen et al., 2008).

Gait analysis has provided significant information about biome-
chanical changes in OA (Astephen et al., 2008; Hunt et al., 2006;
Baliunas et al., 2002; Sharma et al., 1998; Thorp et al., 2006; Zeni and
Higginson, 2009). Studies have shown that altered loads on the
articular cartilage due to obesity, increased knee laxity, decreased
proprioception, increased age, increased knee adduction moments,
and increased knee varus/valgus increase the risk of OA (Zhao et al.,
2007; Zhao et al., 2007; Mundermann et al., 2005).

Instrumented tibiofemoral implant studies provide valuable
in vivo loading information (Mundermann et al., 2008;
ll rights reserved.
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Varadarajan et al., 2008; D’Lima et al., 2008; Zhao et al., 2007;
Zhao et al., 2007; Kim et al., 2009). These studies have shown peak
knee contact forces (KCF) ranging from 1.6 to 3.5 times body
weight (BW) for self-selected speed walking (Mundermann et al.,
2008; Zhao et al., 2007; Zhao et al., 2007; Kim et al., 2009). These
studies, however, provide limited joint loading data pertaining to
those individuals needing total knee arthroplasty, and require
surgery for implantation, even though the data can be recorded
and retrieved non-invasively post-surgery.

Recent advances in musculoskeletal modeling and computa-
tion power have enabled researchers to generate gait simulations
in efforts to estimate muscle forces, and subsequently estimate
joint contact forces (e.g. Kim et al., 2009; Winby et al., 2009). In
rare cases, predictions of contact forces were validated with
instrumented prostheses data and range from 1.9 to 3.5 BW at the
tibiofemoral joint (Kim et al., 2009). KCFs during walking at self-
selected speeds averaged 3.9 BW for healthy females and 3.4 BW
for healthy males (Kuster et al., 1997), and exceeded 4.0 BW when
using EMG-driven models (Winby et al., 2009). Taylor et al. (2004)
used scaled, whole body models to calculate KCF during walking
at self-selected speeds and showed forces averaging 3.1 BW.

Few studies have used computational modeling to calculate
KCF during walking in patients with OA. Using a statically
determinant model, Henriksen et al. (2006) compared KCF
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estimations between OA and healthy subjects and found
significant differences. The average peak KCF calculated during
early single limb support was 1.8 BW for OA subjects and 2.4 BW
for healthy subjects, and 1.6 and 1.9 BW during late single limb
support for OA and healthy subjects, respectively. However, they
grouped all patients with radiographic evidence of OA into one
group and compared them to a healthy control group (Henriksen
et al., 2006). Several studies have reported differences in KCF
when asymmetric loading conditions exist during walking such as
with unilateral hip osteoarthritis or following joint replacement
(Levinger et al., 2008; Milner, 2008; Shakoor et al., 2003), however
none have addressed loading conditions for subjects with
symmetric OA grades who likely use unique compensatory
strategies.

The purpose of this study was to estimate the net KCF in
healthy adults and those with increasing severity of symmetric
knee OA using 3D, subject-specific, muscle-driven gait simula-
tions generated using OpenSim (Delp et al., 2007). We hypothe-
sized that individuals with increased OA severity exhibit
decreased net KCF consistent with slower self-selected walking
speeds.
2. Methods

2.1. Subjects

Subjects were recruited locally to the University of Delaware to participate in

the study. Only subjects who met the following criteria were included in the

study: they had radiographic evidence of knee OA, they were ambulatory without

assistive devices, they were able to walk for 10 min on a treadmill with breaks as

needed, and they were between the ages of 40 and 85. Subjects were excluded

from the study if they had any prior significant knee injury or surgery (with the

exception of arthroscopic debridement), uncontrolled hypertension or unstable

angina, neurological disorder such as a stroke or Parkinson’s disease or diagnosed

OA at another lower extremity joint. Eligible subjects signed informed consent

forms approved by the Human Subjects Review Board prior to their participation.

Subjects first obtained a standing radiograph, with the knee flexed to

30 degrees. The radiographs were read by an experienced radiologist familiar

with the Kellgren–Lawrence (KL) OA grading scale, and assigned a score ranging

from 0 to 4, with 4 being the most severe OA grade (Zeni et al., 2010). Healthy

subjects had no or minimal evidence of joint space narrowing or osteophytes and

no complaints of knee pain (n¼14), while moderate (n¼10) and severe (n¼2) OA

subjects had KL scores of 2–3 or 4, respectively (Table 1). All subjects had

symmetric OA grades and potential subjects were excluded if the lateral

compartment grade was greater than the ipsilateral medial compartment.
2.2. Gait analysis

Gait analysis consisted of a 30 s walking trial at self-selected speed on an

instrumented split-belt treadmill (Bertec Corp, Columbus, OH). Reflective markers

were applied to the subjects using the Helen Hayes marker set. 3D kinematic data

was collected with eight cameras at 60 Hz (Motion Analysis, Santa Rosa, CA), while

kinetic data was simultaneously collected at 1080 Hz. EMG data was also collected

at 1080 Hz for vastus lateralis and medial hamstrings. EMG signals were

normalized to peak during each walking trial. Experimental muscle activity

(EMG) was compared to the predicted muscle activity to improve confidence in

the simulation results.
Table 1
Anthropometric and spatiotemporal parameters at self-selected speeds across OA seve

OA Group Age (years) Height (m) Weight (kg)

Healthy (n¼14) 52.1 (12.5) 1.62 (0.13) 70.2 (13.9)

Moderate (n¼10) 60.3 (8.5) 1.71 (0.09) 85.3 (17.5)n

Severe (n¼2) 58 1.66 88.2

n Represents significant differences between healthy and moderate groups (po0.0
2.3. Gait simulations

OpenSim (Delp et al., 2007) was used to generate 3D, subject-specific, muscle-

actuated simulations of each subject. The 3D model consisted of 23 degrees of

freedom (DOF) and 54 muscles. The knee was represented as a 1 DOF hinge joint

with anterior–posterior translation occurring as a function of flexion/extension.

The 3D model was scaled to match each subject’s height and weight. Segment

lengths were obtained from the marker positions acquired during the static trial,

and segment masses were scaled based on anthropometric data and subject’s

body weight. A computed muscle control (CMC) algorithm calculated muscle

excitations and forces that generated the muscle-driven simulation of subject’s

movements (Delp et al., 2007; Thelen and Anderson, 2006; Thelen et al., 2003).

Simulations were generated for eight gait cycles (four on each leg) and then

averaged for each leg.

2.4. Calculation of co-contraction index

Muscle activations were calculated for quadriceps and hamstrings muscle

groups for each subject. Total activation was then determined as the sum of the

quadriceps and hamstrings activation, and co-contraction depends on total

activation as well as relative EMG levels (Zeni et al., 2010). Since the groups

consist of subjects with uniform OA grades, the two legs were averaged for each

subject. The values were then averaged across OA severity and compared between

groups.

2.5. Calculation of KCF

Muscle and bone orientations were derived from OpenSim. The muscle forces

were decomposed into orthogonal components, with the component along the

long axis of the femur contributing to the compressive KCF. Only the muscles

crossing the knee were used in this calculation: biceps femoris long head, biceps

femoris short head, rectus femoris, vastus, tensor fasciae longus, sartorius, gracilis,

and gastrocnemius. Next, inverse dynamics was used to calculate the joint

reaction force (JRF) at the knee using segment masses and accelerations from

OpenSim and experimental ground reaction forces. The JRFs were also broken into

components, with the component along the long axis of the femur contributing to

the KCF. The net KCF was calculated as the sum of the muscle and JRF components.

Since the groups consist of subjects with uniform OA grades, the two legs were

averaged for each subject, and first and second peaks of the KCFs were compared

between groups.

2.6. Statistical analysis

Paired t-tests were used for comparison between healthy and moderate OA

groups. Parameters of interest were the first and second KCF peaks. Paired t-tests

were also used to confirm that the right and left legs were representative of each

other for the healthy and moderate OA groups with insignificance (p40.05)

indicating that symmetry existed. Parameters of interest were the first and second

KCF peaks as well as the timing of these peaks in the gait cycle. Statistics were not

calculated for the severe group due to small sample size.
3. Results

Comparison of normalized EMG activity and muscle forces
showed agreement in patterns for both the hamstrings and
quadriceps muscle groups for all OA severities (RMSE ranged from
0.1347 to 0.3033; peak RMSE was 0.2805 for healthy, 0.3033 for
moderate OA and 0.2535 for severe OA). Hamstrings and
quadriceps co-contractions and total activations increased with
OA severity (Fig. 1A and B).
rities Mean (SD).

Speed (m/s) Stride Length (m) Double Support (% Gait Cycle)

1.30 (0.5) 1.22 (0.21) 12.88 (1.36)

1.19 (0.53) 1.16 (0.17) 14.44 (1.92)n

0.98 0.99 19.04

5). Statistics were not calculated for the severe group.



Fig. 1. (A) Co-contraction index of quadriceps and hamstrings for healthy (solid black), moderate (dashed black) and severe (solid gray) OA groups. (B) Total activation

(quadriceps+hamstrings activation) for healthy (solid black), moderate (dashed black) and severe (solid gray) OA groups.

Fig. 2. Average right (solid line) and left (dashed line) KCFs for (A) healthy and (B) moderate OA groups during stance phase. The shaded region represents one standard

deviation.
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No statistically significant differences were found
between right and left legs in the first or second peaks
of the KCF for healthy (p¼0.69 and p¼0.40, respectively) or
moderate OA groups (p¼0.96 and 0.31, respectively; Fig. 2).
The timing of the first or second peaks in the gait cycle was
also similar.

We found that the muscles had a major contribution to the KCF
(Fig. 3). No differences were found in the first peak KCF between
healthy and moderate OA subjects (p¼0.40; Table 2; Fig. 4).
Significant differences existed in the second peak KCF between
healthy and moderate OA subjects (4.40 and 3.79, respectively;
p¼0.021). The overall peak KCF occurred during late stance
(second peak) for healthy subjects and during early stance (first
peak) for moderate and severe OA subjects. A trend was observed
where the second peak KCF decreased with increasing OA
severity. Healthy and moderate subjects exhibited two distinct
peaks in the KCF, whereas severe subjects appeared to unload
their knee throughout stance phase (Fig. 4).

Several anthropometric and spatiotemporal parameters were
also examined across subject groups (Table 1). No differences
were found in speed, height, or stride length, although a trend
suggests that stride length decreases with increasing OA severity.
However, statistically significant differences between healthy and
moderate OA subjects were found in weight (p¼0.04) and double
support time (p¼0.04). Subjects with severe OA used decreased
speed, shorter stride length and longer double support times than
the moderate and healthy groups.
4. Discussion

Peak KCFs during walking in this study ranged from 3.67 to
4.45 BW and decreased with OA severity (Fig. 4; Table 2). Results
were symmetric for healthy adults and those with moderate OA
suggesting that this subgroup of the OA population uses a whole-
body compensatory strategy rather than unloading an individual
limb.

Muscles contributed substantially to the KCF (Fig. 3), adding
forces up to 3.5 BW. Others have also concluded that muscles play
a significant role in knee joint contact loads in healthy adults
(Winby et al., 2009). The predicted activity patterns of the
quadriceps and hamstrings muscle groups are similar to EMG
data which gives confidence in the ability of our model to
estimate loading patterns at the knee. Furthermore, we can see



Fig. 3. (A) Muscle force and JRF contributions to the KCF. (B) Individual muscle contributions to the total muscle force component of the KCF. Only the components along

the long axis of the femur are shown.

Table 2
Peak KCFs across OA severities expressed in BW. Mean (SD).

Group 1st Peak 2nd Peak

Healthy 4.36 (0.76) 4.40 (0.70)

Moderate 4.17 (0.74) 3.79n (0.51)

Severe 4.45 3.67

n Represents significant differences between healthy and moderate groups

(po0.05). Statistics were not calculated for the severe group.

Fig. 4. KCF during stance phase across varying OA severities. Healthy subjects

(solid black) had significantly higher second peak KCFs than moderate subjects

(dashed black). Severe subjects exhibited a different pattern than healthy and

moderate OA subjects, unloading their knees throughout stance phase.
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that the model predicts increasing co-contraction between
quadriceps and hamstrings with increasing OA severity
(Fig. 1A). This increase in co-contraction is consistent with
increases in total activation (Fig. 1B). Other studies have shown
that co-contraction of the quadriceps and hamstrings is present in
healthy subjects, and the degree of co-contraction increases in
subjects with knee OA despite declines with walking speed
(Zeni et al., 2010).

Although no significant differences in speed were observed
between groups, a trend was observed that adults with knee OA
walk more slowly than their healthy counterparts. We might
expect reduced joint loads at slower speeds, and in fact the second
peak of the KCF decreased significantly with increasing OA
severity. However, the first peak of the KCF was similar between
groups suggesting that increases in KCF due to co-contraction
early in stance may offset reductions in muscle forces expected
with slower walking speeds in the OA population. Additionally,
decreased walking speed has been reported when there is
increased self-assessed pain in subjects with OA (Nebel et al.,
2009). Therefore, reducing walking speed may decrease KCF in
order to alleviate pain associated with OA.

Instrumented tibiofemoral implant studies have provided
researchers with invaluable data regarding the dynamic loading
conditions at the knee, reporting KCFs ranging from 1.6 to 3.5 BW
during level walking (Mundermann et al., 2008; Varadarajan
et al., 2008; D’Lima et al., 2008; Zhao et al., 2007; Zhao et al.,
2007; Kim et al., 2009), values generally below the peaks found in
this study. However, the results from instrumented prostheses
cannot be extrapolated to larger populations other than tibiofe-
moral implant patients because of the drastically different joint
conditions. A gold standard does not exist for estimating KCF, but
others have demonstrated the ability of musculoskeletal models
to predict physiological joint loads by comparing with measured
KCFs from an instrumented implant (Kim et al., 2009). Although
our model does not include knee ligaments to ensure loading of
the lateral compartment, we have constrained the joint to only a
single rotational DOF and observed muscle activity which would
promote loading of both compartments.

For our study, we included subjects with identical bilateral OA
grades who exhibited symmetrical joint loading patterns to avoid
confounding issues with compensatory strategies employed by
subjects with a single painful joint. In fact, no significant
differences were found between right and left legs for the first
and second KCF peaks, nor the timing of these peaks in the stance
phase, supporting the findings of previous studies involving
healthy adults and those with moderate OA (Sadeghi et al.,
2004; Liikavainio et al., 2007). This is important because it
suggests that there are similar loading conditions present in
both knees so any utilized compensatory strategy maintains
symmetry.
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Statistical analysis revealed significant differences between
healthy and moderate OA subjects in the second KCF peak, but not
in the first peak (Fig. 4; Table 2). Therefore, reduction of overall
peak KCF may not be a compensatory method for subjects with
knee OA. Specifically, differences in the second peak KCF are
attributed to decreased gastrocnemius force. The second peak KCF
coincides with the forward propulsion of the center of mass,
which occurs during late stance. During late stance, there is also
maximal hip extension, which causes the femur to be aligned with
the tibia. Since much of the KCF results from muscle force (Fig. 3),
we can conclude that the lower second KCF peaks arise from less
muscle force being produced to propel the body forward,
consistent with slower walking speeds generally adopted by
subjects with moderate knee OA.

Although statistical analysis was not conducted for the severe
OA group (n¼2), several trends can be observed. First, we saw
initial peak KCFs similar to healthy and moderate OA groups.
However, severe OA subjects exhibited prolonged midstance
loading and lower second peak KCFs, consistent with decreased
propulsive force and walking speed. Severe OA subjects also
had shorter stride length and longer double support time than
healthy and moderate OA subjects. Therefore, by decreasing
walking speed, increasing double support time, and
decreasing stride length, subjects with OA can decrease the
second KCF peak.

We acknowledge several limitations with the musculoskeletal
model used for this study. The knee was represented as a single
DOF joint and we solved for muscle contributions to knee flexion/
extension which is achieved by strategic control of the quad-
riceps, hamstrings and gastrocnemius muscles. Although this
provided us with a representation of the knee and a net KCF, the
effect of adduction moments on KCF were not addressed nor was
the distribution of loads on the medial and lateral compartments
verified directly. Several studies have shown that there is
significant correlation between medial knee compartment loading
and the knee adduction moment (Zhao et al., 2007; Zhao et al.,
2007; Mundermann et al., 2005). Since this study examines net
KCF and not medial/lateral compartment loads resulting from
adduction moments, we feel that the simplified knee joint
provided adequate estimates.

In addition, there is no way to validate the individual muscle
forces that are being calculated by directly measuring in vivo

muscle forces in the OA population. We can only verify that the
muscles in the model are active at physiological times by
comparing normalized experimental EMG signals to predicted
muscle activity. Kim et al. (2009) found only small differences
between measured values of KCFs from an instrumented implant
and predicted values from a subject-specific musculoskeletal
model. Since muscles contribute significantly to KCF, estimates of
muscle force based on musculoskeletal models must be reason-
ably well predicted. Furthermore, plantarflexor force (sum of the
gastrocnemius and soleus muscles) calculated from our muscu-
loskeletal simulations are comparable to loads measured in vivo

via the Achilles tendon using implanted force transducers
(Froberg et al., 2009). Although there are important differences
between models and patient groups studied previously, recent
results support the use of musculoskeletal models to predict
physiological loading conditions in the knee (Kim et al., 2009;
Froberg et al., 2009).
5. Conclusion

Subjects with healthy knees or symmetric OA exhibit
symmetry of KCFs between their right and left legs. There appears
to be decreases in loading with increasing OA severity. Similar
initial peaks of KCF imply that reduction of overall peak KCF may
not be a compensatory strategy for OA patients. However,
decreased second peaks of KCF in subjects with increasing OA
severity indicates that less muscle force is being produced and
therefore the subjects are not propelling themselves forward
with as much force. This could explain why subjects with
increasing OA severity have slower gait speeds. Further, the
slowed gait prevents the subjects from reloading their knees to a
higher force late in stance phase and could be a compensatory
mechanism.
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