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Abstract—We have developed a model of the human lower extremity
to study how surgical changes in musculoskeletal geometry and mus-
culotendon parameters affect muscle force and its moment about the
joints. The lines of action of 43 musculotendon actuators were defined
based on their anatomical relationships to three-dimensional bone sur-
face representations. A model for each actuator was formulated to
compute its isometric force-length relation. The kinematics of the lower
extremity were defined by modeling the hip, knee, ankle, subtalar, and
metatarsophalangeal joints. Thus, the force and joint moment that each
musculotendon actuator develops can be computed for any body posi-
tion. The joint moments calculated with the model compare well with
experimentally measured isometric joint moments.

We developed a graphical interface to the model that allows the user
to visualize the musculoskeletal geometry and to manipulate the model
parameters to study the biomechanical consequences of orthopaedic
surgical procedures. For example, tendon transfer and lengthening
procedures can be simulated by adjusting the model parameters ac-
cording to various surgical techniques. Results of the simulated sur-
geries can be analyzed quickly in terms of postsurgery muscle forces
and other biomechanical variables. Just as interactive graphics have
enhanced engineering design and analysis, we have found that graph-
ics-based musculoskeletal models are effective tools for designing and
analyzing surgical procedures.

INTRODUCTION

USCLES and tendons actuate movement by devel-

oping and transmitting force to the skeleton. When
human movement is impaired by disease or trauma, func-
tion can sometimes be restored with surgical reconstruc-
tion of musculoskeletal structures. For example, patients
with muscular spasticity often undergo tendon lengthen-
ing and transfer surgeries to correct gait abnormalities.
Such surgical procedures, however, often compromise the
capacity of the muscles to generate force and moment
about the joints. For instance, when a tendon is length-
ened or transferred to a new location, the muscle fibers
may be too long or too short to generate active force. Lack
of sufficient muscle strength or moment arm can leave the
patient with weak or dysfunctional limbs. Models of the
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musculoskeletal system that help to understand the bio-
mechanical consequences of surgically manipulating
musculoskeletal structures are needed to analyze difficult
surgeries and to design more effective procedures.

The geometry of the musculoskeletal system is com-
plex. Computer display is therefore helpful to visualize
the three-dimensional geometric relationships among the
muscles and bones, and to understand how these relation-
ships are altered during surgery. Musculoskeletal geom-
etry is important to the function of muscles because it de-
termines the moment arm of each muscle and thus the
moment about a joint of a given muscle force. Geometry
also determines musculotendon length (i.e., distance from
origin to insertion) for a specific body position. Since
musculotendon force depends on musculotendon length
[1], accurate specification of musculoskeletal geometry is
necessary to calculate both musculotendon force and its
moment about the joints.

Other investigators have developed models of the lower
extremity to evaluate muscular forces and moments dur-
ing walking [2], kicking [3], and other activities (see [1]
for review). In general, these studies emphasize the cal-
culation of muscle forces using optimization theory, but
do not focus on musculoskeletal geometry. Models dem-
onstrating the effects of musculoskeletal geometry on
musculotendon function exist [4]-[7], but these have not
been applied to analyze surgical procedures. Lower-ex-
tremity models have been applied to study surgeries such
as total hip reconstructions [8], osteotomies [9], [10], and
tendon transfers [11]. However, since these models were
not implemented on computer graphics workstations, they
provided no means to visualize the geometric changes
caused by the surgery, nor did they enable the user to
graphically alter the model parameters.

The advantages of using interactive graphics to model
the musculoskeletal system were first described in 1977
[12]. Since that time, advances in computer and display
technology have significantly expanded the potential to
visualize and interact with models of musculoskeletal
structures. For example, three-dimensional reconstruc-
tions from computed tomographic data are now being used
to plan total hip reconstructions, osteotomies, and allo-
graph procedures [13]. Wood et al. [14] have displayed
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upper-limb musculature as part of their efforts to design
prosthetic arm controllers. To help design more effective
tendon transfers, others have developed a graphics-based
system to simulate hand biomechanics [15], [16]. How-
ever, no graphics-based model has been reported to study
the biomechanical consequences of surgical reconstruc-
tions of the lower extremity.

We have developed a computer graphics-based model
to study how surgical changes in musculoskeletal geom-
etry and musculotendon parameters (e.g., optimal mus-
cle-fiber length and tendon slack length) affect the forces
and joint moments produced by the lower-extremity mus-
cles. We describe here a model that defines the muscu-
loskeletal geometry and musculotendon parameters for 43
musculotendon actuators in the lower extremity. With this
model we can compute each muscle’s contribution to the
moment about the joint(s) it spans for any body position.
We also describe the user interface that allows one to ma-
nipulate the musculoskeletal geometry and adjust the
model parameters to determine the sensitivity of a sur-
gical outcome to the parameters of a surgical procedure.

Lower-EXTREMITY MODEL

The lower-extremity model is implemented within a
general software system that we have developed to ana-
lyze musculoskeletal structures. In this general software
system, the particular musculoskeletal structure to be ana-

lyzed (e.g., the lower extremity) is specified with several
input files. The ‘‘bone’’ file contains lists of the polygons
representing the bone surfaces. The ‘‘joint’’ file specifies
the kinematic topology of the system and the kinematics
of the joints. The kinematics of each joint are specified
by six functions, one for each possible degree of freedom
(three translations and three rotations). Finally, the
““muscle’’ file contains a list of coordinates that describe
each muscle’s line of action and the parameters (described
below) needed to compute muscle force. Although this
general software system can be applied to analyze any
musculoskeletal structure, we focus here on our model
and analysis of the lower extremity.

Musculoskeletal Geometry

To acquire the bone surface data, we first marked bone
surfaces with a mesh of polygons, and then determined
the coordinates of the vertices with a Polhemus three-di-
mensional digitizer. These coordinates were used to dis-
play the pelvis, thigh, shank, and foot bones on the com-
puter graphics system (Silicon Graphics, Iris 2400T) as
either wireframe objects or Gouraud shaded surfaces.
Based on the anatomical landmarks of the bone surface
models, we defined the paths (i.e., the lines of action) of
43 musculotendon actuators. Each musculotendon path is
represented as a series of line segments. Origin and in-
sertion are necessary landmarks and, in some cases, are
sufficient for describing the muscle path (e.g., soleus is
represented by a single line segment). In other cases,
where the muscle wraps over bone or is constrained by
retinacula, intermediate ‘‘via points’’ were introduced to

Fig. 1. Three-dimensional representation of the musculotendinoskeletal
geometry of the shank, foot, and toes. Some musculotendon actuators
are represented as single line segments (e.g., soleus). Others are repre-
sented as a series of line segments (e.g., peroneus longus).

represent the muscle path more accurately (e.g., peroneus
longus is represented by a series of six line segments, see
Fig. 1). The number of muscle via points can depend on
the body position. For example, the quadriceps tendon
wraps over the distal femur when the knee is flexed be-
yond some angle, but not when the knee is extended.
Thus, additional via points, called ‘‘wrapping points,”’
are introduced for knee flexion angles greater than 90° so
that the quadriceps tendon wraps over the bone, rather
than passes through the bone, in that range of knee mo-
tion,

On the computer graphics system, we visually com-
pared our muscle paths with paths defined by a commonly
used set of muscle coordinates [17]. In the anatomical po-
sition, the paths are similar. However, interactively
changing the skeletal configuration revealed that several
muscle paths reported by Brand ez al. [17] (e.g., iliacus,
gluteus maximus, and sartorius) passed through the bones
or deeper muscles. This occurred because each muscle
path reported by Brand et al. is defined by only two points
that were measured on cadavers in the anatomical posi-
tion. Displaying the muscle paths along with the bone sur-
face models was helpful because it clearly showed where
muscle via points and wrapping points were needed to
properly constrain the musculotendon paths. We also
compared moment arms calculated from our muscle paths
with measurements we took from cadavers and from cross-
sectional anatomy texts [18], as well as with moment arms
reported in the literature (e.g., [11], [19], [20]). These
comparisons showed that our muscle paths are anatomi-
cally correct, and generate moment arms that are consis-
tent with previous investigations.

Moment arms and musculotendon lengths are calcu-
lated with the following method. First, all muscle coor-
dinates are transformed to a common reference frame.
Then, moment arms (ma) and musculotendon lengths
(MTy are computed as shown in Fig. 2. Equation (1)
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Fig. 2. Calculation of moment arm and musculotendon length for a muscle
crossing a revolute joint. Coordinates P, through P, define the muscle
path. P, through P, are fixed in body 4; P, , , through P, are fixed in
body B. Thus, V (where V =P, ., — P,) is the only muscle segment
that changes length as the joint is flexed. In general, three angles, 8,(i
=1, 2, 3) are needed to characterize the orientation of body 4 relative
to body B. Only one angle, f,, is needed for a revolute joint. The mo-
ment arm (ma) for each orientation angle is given by:

ma = 3¢/30, where ¢=|V|. (1)

Musculotendon length (£M7) is given by:

n=1
M= 3 | Py, - P (2)

(caption for Fig. 2) provides a computationally consis-
tent, mechanically correct method to determine moment
arms for all types of joints. Equation (1) is equivalent to
computing moment arms with a vector cross product [4]
for ball-and-socket and revolute joints. For a planar joint
that includes kinematic constraints (e.g., our knee model),
(1) gives the moment arm of a muscle about the instant
joint center as determined from the joint kinematics.

Joint Models

We modeled the lower extremity as seven rigid-body

segments: 1) pelvis, 2) femur, 3) patella, 4) tibia/fibula,
5) talus, 6) foot (comprising the calcaneus, navicular, cu-
boid, cuneiforms, and metatarsals), and 7) toes (pha-
langes), with reference frames fixed in each segment. The
relative motion of these segments is defined by models of
the hip, knee, ankle, subtalar, and metatarsophalangeal
joints.
: We characterized the hip as a ball-and-socket joint. The
transformation between the pelvic and femoral reference
frames is thus determined by successive rotations of the
femoral frame about three orthogonal axes fixed in the
femoral head. _

We modified a planar model of the knee [20] to char-
acterize the knee extensor mechanism. This single-de-
gree-of-freedom model accounts for the kinematics of both
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Fig. 3. Geometry for determining knee moments and kinematics in the
sagittal plane. 6, is the knee angle; ¢ is the patellar ligament angle; 8 is
the angle between the patella and the tibia; F, is the quadriceps force;
£, is the length of the patellar ligament. From these kinematics, the mo-
ment of the quadriceps force about the instant center of knee rotation can
be computed.

the tibiofemoral joint and the patellofemoral joint in the
sagittal plane as well as the patellar levering mechanism.
We specified the transformations between the femoral, ti-
bial, and patellar reference frames as functions of the knee
angle. Tibiofemoral kinematics were determined as fol-
lows. The femoral condyles were represented as an el-
lipse; the tibial plateau was represented as a line segment
(Fig. 3). The transformation from the femoral reference
frame to the tibial reference frame was then determined
so that the femoral condyles remain in contact with the
tibial plateau throughout the range of knee motion. The
tibiofemoral contact point depends on the knee angle and
was specified according to data reported by Nisell ez al.
[21]. Assuming that the length of the patellar ligament (£,
in Fig. 3) is constant, the angle between the patellar lig-
ament and the tibia (¢ in Fig. 3) determines the transla-
tion vector from the tibial reference frame to the patellar
reference frame [22]. Rotation of the patella with respect
to the tibia (8 in Fig. 3) was specified according to ex-
perimental measurements of patellar rotation [22]. Mo-
ment arms calculated from these kinematics correspond
closely to moment arms that have been measured experi-
mentally (see [22a] for comparison).

We modeled the ankle, subtalar, and metatarsophalan-
geal joints as frictionless revolutes (Fig. 4). Isman and
Inman [23] have described the location and orientation of
axes for each of these joints. When displayed, these axes
produced realistic motion of the ankle and subtalar joints
(i.e., the bone surface models did not collide or disar-
ticulate), but unrealistic motion of the metatarsophalan-
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Fig. 4. The ankle (ANK), subtalar (ST), and metatarsophalangeal (MTP)
joints are modeled as revolute joints with axes oriented as shown.

geal joint (the phalanges separated from the metatarsals).
We therefore rotated the metatarsophalangeal axis ( —8°
about a vertical axis) to minimize disarticulation of that
joint.

Musculotendon Actuator Model

To compute musculotendon force as a function of mus-
culotendon length, we formulated a specific model for
each musculotendon actuator. Each specific model was
formed from a generic model [1] that accounts for the
static properties of both muscle [24] and tendon [25] (Fig.
5). When the generic model is scaled by a muscle’s peak
isometric force (F¥), optimal muscle-fiber length (£2),
pennation angle («), and tendon slack length (¢7), the
force-length relation of a specific musculotendon actuator
can be computed [1]. Values for muscle physiological
cross-sectional area, which scale F¥ [26], were taken from
the literature [27], [28]. Values for £¥ and o, which scale
the range of lengths over which a musculotendon actuator
develops force, were taken from Wickiewicz et al. [28].
For muscles not reported by Wickiewicz et al., we used
muscle-fiber lengths and pennation angles measured by
Friederich and Brand in the anatomical position [28a].

Since no experimental data exist for tendon slack length
(i.e., tendon length beyond which force develops), one
application of our model was to estimate ¢! for each ac-
tuator. Tendon slack length includes both the length of
free tendon and the length of tendon internal to the muscle
belly (aponeurotic tendon). When muscle paths are spec-
ified, as above, £7 determines the joint angles where a
musculotendon actuator develops force [1], [4]. We spec-
ified values for £7 based on the following two criteria [4].
First, assuming that passive muscle contributes to the joint
moment (called ‘‘passive moment’’) only when the mus-

_cle fibers are longer than ff, we selected Bf so that actua-
tors were slightly longer than ¢¥ at joint angles corre-
sponding to the onset of in vivo passive moment measured
at the hip [29], knee [30], [31], and ankle [32]. Second,
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Fig. 5. Musculotendon actuator model. The isometric properties of muscle
are represented by an active contractile element (CE) in parallel with a
passive elastic element. Isometric muscle force is assumed to be the sum
of muscle force when it is inactive (passive) and when it is excited (ac-
tive). The muscle is in series with tendon, which is represented by a
nonlinear elastic element. The forces in muscle (F) and tendon (FT)
are normalized by peak isometric muscle force (F¥). Tendon length (#)
and muscle-fiber length (£*) are normalized by optimal muscle-fiber
length (£¥). Note that: €T = ¢7 + ™ (cos «) and FT = FM (cos a)
where /™7 is the musculotendon length and « is the pennation angle.
LT is the tendon slack length. For a given musculotendon length and
activation level the model determines musculotendon force.

since ¢7 determines the joint angle where an actuator de-
velops peak active joint moment (i.e., moment of active
muscle force about a joint), we adjusted £ so that the total
active moment about each joint peaked at a joint angles
corresponding to in vivo measurements of joint moment
(e.g., see Fig. 6 below).

Model Output

By combining the musculoskeletal geometric data, joint
models, and musculotendon models, we are able to com-
pute the force and joint moment that each muscle can de-
velop for any body position. For a given body position
we compute musculotendon length and moment arm with
the equations given in Fig. 2. Using the musculotendon
actuator models, we then compute the maximum (i.e.,
fully activated) isometric muscle force at the computed
musculotendon length. The joint moment for each muscle
is then computed as the product of the tendon force and
the moment arm.

We summed the active joint moments exerted by all
muscles, and compared these total computed moments to
active joint moments measured during maximum volun-
tary isometric contractions. For example, Fig. 6 com-
pares the total active plantarflexion moment computed
with the model to the moment measured during maximum
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Fig. 6. Comparison of computed and experimental active plantarflexion
moments. Computed moments of soleus (SOL), medial and lateral gas-
trocnemius (GAS), and the other plantarflexors (OPF) were summed to
produce to total computed moment (thick-solid line). The total computed
moment, with muscles fully activated, compared well with plantarflex-
ion moments measured during maximum voluntary isometric contrac-
tions (large dots) [33].

voluntary isometric contraction of the ankle plantarflexors
[33]. The computed ankle moment corresponds closely
with the measured plantarflexion moment, both with the
knee extended and flexed. Similar to Fig. 6, we found
excellent agreement between computed joint moments and
moments measured at the hip [19], [34], [35], knee [36],
ankle [33], [37], and subtalar [38] joints. (See [22a] for
comparisons of computed and measured joint moments.)

INTERACTING WITH THE MODEL

An effective user interface has been critical in both de-
veloping and using the lower-extremity model. Four soft-
ware tools help the user to modify and analyze the mus-
culoskeletal model.

The ‘‘view controller’” allows the user to rotate, scale,
and translate the model into any viewing perspective. The
joints can also be flexed using a mouse to examine the
joint motion and to see how the muscle paths change with
joint angle. To improve display speed, the model is rep-
resented as a wireframe object during these transforma-
tions. Once a desired view has been reached, the model
can be rendered as a Gouraud shaded image to enhance
visualization.

The ‘‘joint editor’’ enables the user to graphically ma-
nipulate the kinematics of any joint. For example, the user
may choose to display the kinematic functions (cubic
splines) that define the relative motion of the femur and
tibia. These functions can then be changed by moving
each spline’s control points with a mouse. The resulting
motion can then be observed by flexing and extending the
knee. The quantitative effects of these kinematic changes
can also be displayed (Fig. 7). Graphic manipulation of
joint kinematics is an efficient way to refine the model
parameters to match experimental data and to alter the
joint motion according to surgical procedures.

Joint Editor (il

knee

View Controller

translate y \
translate
rotate X
rotate y
rotate z

X translation

Plot Maker

knee angle

knee angle

Fig. 7. Graphic manipulation of knee kinematics. In the left window (joint
editor), the user can alter the splines that define joint kinematics by mov-
ing the spline’s control points. In this example, the spline controlling
X-translation of the tibia with respect to the femur is altered. The re-
sulting motion of the knee can be observed in the view controller window
(upper right). The effect of these kinematic changes on the knee moment
arm can also be plotted and compared to experimental data (lower right).

The ‘‘muscle editor’” gives access to every parameter
that describes a muscle. The muscle paths can be altered
by first selecting a muscle from a screen menu and then
choosing its origin, insertion, or one of the muscle via
points. The chosen muscle point can then be moved in the
X, Y, and Z directions. An algorithm assists the user in
attaching a muscle point to the bone by first finding the
surface polygon closest to the muscle point and then mov-
ing the muscle point toward that polygon. At any time, a
muscle point can be added or deleted, or the muscle can
be restored to its original path. The muscle paths and bone
geometry are displayed throughout the musculotendon
path planning process. Each of the musculotendon param-
eters (FM ¢7 M o, activation) can be changed by using
a mouse to select a parameter from a menu that lists all
the parameters, and then typing in a new parameter value.

The ‘‘plot maker’’ allows the user to display the me-
chanical effects of changing a joint or muscle. For ex-
ample, the user may plot the effect of changing a muscle’s
path on its moment arm or length. Or, the effect of chang-
ing an actuator’s tendon slack length (27 or muscle-fiber
length (£¥) on muscle force may be plotted for a range of
joint motion. To specify a plot, the user first chooses the
Y-axis variable (e.g., force, moment, length, moment
arm) and then the X-axis variable (joint motion). Next,
the user selects a muscle, or set of muscles, from menus
that group the muscles according to their functions. Fi-
nally, the user may specify the angles of the adjacent joints
(e.g., the hip may be flexed at a specific angle while the
effects of knee flexion on joint moment are calculated).
Fig. 8 shows the menus used to specify the plots, alter
the musculotendon parameters, and specify the joint an-



762

gles along with an example of the graphical output (so-
lius force versus ankle angle for three values of ¢/ and
£ ):

SURGERY SIMULATION

To determine how a planned surgical procedure affects
muscle force and joint moment, we adjust the model’s
muscle paths, muscle strengths, muscle-fiber lengths, and
tendon lengths according to a specific surgical technique.
For example, to simulate the mechanical effects of an
Achilles tendon lengthening with concomitant anterior
transfer of the tibialis posterior (a procedure commonly
performed to correct an equinovarus deformity [39]), we
increase the model’s Achilles tendon length and graphi-
cally detach the tendon of tibialis posterior from its inser-
tion on the navicular bone, and reroute its path to insert
on the dorsum of the foot. The results of this simulated
surgery are then displayed as plots of presurgery and post-
surgery plantarflexion and dorsiflexion moments versus
ankle angle (Fig. 9).

Notice that the magnitude and the shape of the plantar-
flexion moment versus ankle angle curve are changed by
the surgery (cf. purple and blue lines in Fig. 9). Two
factors cause the significant decrease (65% at 0°) in the
ankle plantarflexion moment. First, after surgery, the ti-
bialis posterior does not contribute to the plantarflexion
moment since it crosses the ankle joint anteriorly. Sec-
ond, and more importantly, increasing the Achilles ten-
don length changes the ankle angle at which both the gas-
trocnemius and soleus produce maximum force. This
combination of effects not only decreases the magnitude,
but also shifts the angle of the peak moment toward greater
dorsiflexion. We found that the plantarflexion moment is
extremely sensitive to changes in Achilles tendon length.
This may explain why it is clinically difficult to maintain
plantarflexion strength after Achilles tendon lengthening
procedures [40].

In this particular surgery simulation, the postsurgery
dorsiflexion moment is greater than the presurgery mo-
ment, but only in the range of ankle plantarflexion ( —30°
to 0°) (cf. red and green lines in Fig. 9). The significant
increase in dorsiflexion moment in the range of ankle
plantarflexion (100% at —30°) can be attributed to the
large force developed by tibialis posterior in that range.
Presurgery and postsurgery dorsiflexion moments are
equal in the range of ankle dorsifiexion (0° to 20°) be-
cause the fibers of tibialis posterior are too short to de-
velop force in dorsiflexion.

The primary reason for transferring the tibialis poste-
rior is to correct the varus component of the equinovarus
deformity. Indeed, the varus moment will be decreased
by this transfer since, after surgery, the tendon passes lat-
eral to the subtalar joint. However, in this particular sim-
ulation, tibialis posterior does not generate a corrective
valgus moment when the ankle is dorsiflexed since its fi-
bers are too short to develop force in dorsifiexion. If the
attachment of the tendon were moved distally on the met-
atarsal, or if the tendon were shortened, the tibialis pos-

IEEE TRANSACTIONS ON BIOMEDICAL ENGINEERING, VOL. 37, NO. 8, AUGUST 1990

terior would then generate force, and thus valgus mo-
ment, over the full range of ankle motion. Such variations
in the surgical procedure are easily explored on the com-
puter graphics system.

SENSITIVITY RESULTS

We performed a sensitivity study to understand how the
musculotendon parameters and musculoskeletal geometry
affect muscle force. The joint angle at which a muscle
develops peak force (6,) depends on tendon slack length
(Pf) (Fig. 8, left plot) and optimal muscle-fiber length
(€)) (Fig. 8, right plot). To determine the sensitivity of
muscle force to ¢7 and ¢¥ we varied these parameters and
determined the change in the joint angle at which each
actuator develops peak force (Af,). This change in the
joint angle also depends on the actuator’s moment arm
(ma), since 30 = 3f/ma (see caption for Fig. 2). The
change in joint angle at which four actuators develop peak
force resulting from a 5% change in €7 and ¢ is shown
in Fig. 10.

We found that the angle of peak force (6,) is more sen-
sitive to a change in tendon length for actuators with high
ratios of tendon length to moment arm (ff/ ma) than for
actuators with low £ /ma ratios (Fig. 10, open bars). For
example, changing the £ of gastrocnemius by 5% shifted
the joint angle of peak force by 38°, whereas a 5% change
in the £ of gracilis shifted the angle by only 6°. Simi-
larly, the angle of peak force is more sensitive to a change
in optimal muscle-fiber length for actuators with long fi-
bers relative to moment arm (i.e., high Bf /ma ratios) than
for actuators with low [’fff/ma ratios (Fig. 10, filled bars).
For instance, a 5% change in the £ of gracilis shifted the
joint angle of peak force by 16° while the same percent-
age change shifted gastrocnemius force by only 2°. In
general, 8, is more sensitive to ¢! than £~ since £/p >
1 for most actuators (cf. magnitude of open and filled
bars).

The range of joint angles over which an actuator de-
velops active force increases with the ratio of its optimal
fiber length to its moment arm (i.e., range increases with
ff/ma). Hence, muscles with small Bf/ma ratios (e.g.,
gastrocnemius, soleus, rectus femoris) develop active
force over a relatively limited range of motion (e.g., so-
leus develops active force over only 50° of ankle motion).
Since £¥ has been measured for many muscles in the lower
extremity [28], and given that the muscle paths presented
here yield reasonable moment arms, we expect that the
calculated range of motion over which each actuator de-
velops active force is fairly accurate.

Since no experimental measurements of ¢/ have been
reported, it is important to assess the adequacy of our ¢7
estimates. We have shown that the angle of peak muscle
force is most sensitive to £ for actuators with high £/ /ma
ratios (e.g., gastrocnemius, soleus, rectus femoris). We
have also shown that actuators with low £ /ma ratios de-
velop force over a limited range of motion. Consequently,
¢ must be specified accurately for actuators with both high
¢f/ma ratios and low ¢¥ /ma ratios (i.e., actuators with
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Fig. 10. Change in joint angle at which four musculotendon actuators
[gastrocnemius (GAS), rectus femoris (RF), semitendinosus (ST) and
gracilis (GRA)] develop peak force resulting from a 5% change in tendon
slack length (£7) (open bars) and optimal muscle-fiber length (£) (filled
bars). The number associated with each open (filled) bar is the
7 /ma (£ /ma) ratio of that actuator. The moment arms (ma) were com-
puted at the ankle (GAS), knee (RF and ST), and hip adduction (GRA)
angles at which these actuators develop peak force. Note that actuators
with high £7/ma ratios (£%/ma ratios) are most sensitive to a change in
tendon length (fiber length).

high £7 /€Y ratios), so that active force is developed in the
physiologic range of motion. Since the modeled actuators
indeed develop force in the physiologic range of motion,
we are confident in the estimates of ¢! for muscles with
high ¢7/¢¥ ratios. We are less confident in our estimates
of ¢ for muscles with low ¢7/¢¥ ratios (e.g., sartorius,
gracilis, iliacus); however, the force developed by these
muscles is less sensitive to £7 and thus accurate estimates
of ¢7 are less critical.

To study how increasing tendon length influences the
magnitude of the forces generated by the muscles, we in-
crease the ¢! of each actuator by 5% and measured the
decrease in the force at the angle of peak force (8,). Fig.
11 shows that the magnitude of the force developed at 6,
by actuators with large ratios of tendon length to fiber
length (£7/6¥) is much more sensitive to a change in ten-
don length. For example, gastrocnemius force decreased
by 40% at 6, fora 5% (2.0 cm) increase in 7, whereas
gracilis force decreased only 1% at 6, for a 5% (0.7 cm)
increase in £7. These results indicate that, in an actual
surgery, a much larger decrease in force will be realized
by lengthening the tendons of muscles with high /e
ratios (the ankle actuators) than by lengthening the ten-
dons of muscles with low £7 /¥ ratios (the hip actuators).

DiscussIiON

It is important to discuss the assumptions and limita-
tions of our model. First, we have simplified the knee
model to represent motion in the sagittal plane only. While
this does not account for rotation of the tibia about its
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Fig. 11. Decrease in muscle force (F*) at the joint angle of peak force
(8,) resulting from a 5% increase in tendon slack length(f7). The numbers
associated with the bars for gastrocnemius (GAS), rectus femoris (RF),
semitendinosus (ST), and gracilis (GRA) are the tendon slack length to
muscle-fiber length ratios (£7/%) for each actuator. Note that the mag-
nitude of the muscle force is significantly more sensitive to a change in
tendon length for actuators with high €7 /¢ ratios.

longitudinal axis near full extension [41], or varus/valgus
rotation, these nonplanar rotations are small compared to
motion in the sagittal plane [20]. Since our objective was
to determine the effects of knee flexion and extension on
musculotendon excursions, forces, and moments, the sag-
ittal-plane model is adequate. We have also idealized the
ankle and subtalar joints as fixed-axis revolutes. This is a
reasonable assumption for the ankle, but the subtalar joint
has more complex kinematic characteristics [42]. Thus,
we are fairly confident in the ankle moment calculations,
but less confident in the computed subtalar moments.
Since our software system allows for six degrees of free-
dom between any two bones, more complex joint models
can easily be incorporated into the lower-extremity model.

Second, the musculoskeletal geometry and musculoten-
don parameters have been specified for only a single,
nominal subject. However, there is a paucity of experi-
mental data to indicate how the musculotendon parame-
ters vary among subjects with different musculoskeletal
geometry (i.e., different moment arms and body-segment
lengths). If we assume that the range of joint angles over
which each actuator develops active force is relatively
constant among individuals, then ¢¥ would scale with the
moment arm (ma) since the ¢ /ma ratio determines the
range of joint angles over which active force is developed
[4]. Furthermore, if we assume that the joint angle at
which each actuator develops peak force is also subject
independent, we would expect £; to vary to accommodate
the change in musculotendon length in subjects with dif-
ferent body-segment lengths.

A third limitation is display speed. Our current work-
station takes nearly two seconds to render a shaded image
of the lower extremity ( =4000 polygons). Hence, we can
only interact with the model in wireframe mode. Wire-
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frame images are visually ambiguous and sometimes dif-
ficult to interpret. However, recent advancements in
graphics workstations make it possible to animate com-
plex shaded images in real time. Once we convert our
software to run-on such a workstation (Silicon Graphics,
4D/25), we will be able to manipulate our model as a
shaded image. This will significantly enhance our ability
to visualize the model geometry and to understand the
simulation results.

In the past, biomechanists have represented muscles as
single lines from origin to insertion [2], [3], [17] and re-
sorted to physical models, such as elastic threads attached
to skeletons, to visualize the muscle paths [7], [43]. The
ability to manipulate computer-generated images of mus-
culoskeletal structures has allowed us to define more ac-
curate musculotendon paths for all the major lower-ex-
tremity actuators, and to efficiently change these paths to
study the biomechanical consequences of surgical recon-
structions.

Display of the bone surfaces was also helpful in devel-
oping the joint kinematic models. Although the knee
model has only one degree of freedom, there are five con-
straint functions that specify the relative motion of the
femur, tibia, and patella. The ability to graphically alter
these constraint functions (Fig. 7) and then view the mo-
tion of the knee allowed us to quickly refine the knee
model. Dynamic display was also helpful to position and
orient the axes for the ankle, subtalar, and metatarso-
phalangeal joints.

The combined effects of musculoskeletal geometry and
musculotendon parameters on the joint moment versus
joint angle curve of a muscle are complex. We have found,
however, that interacting with our model facilitates rapid
discovery of how surgical manipulations of musculoten-
dinoskeletal structures affect the moment generating ca-
pacity of the muscles. For example, in a few minutes, one
can explore the effects of transferring the insertion of the
rectus femoris to the tendon of sartorius (a procedure pre-
formed to correct stiff-legged gait [44]) on the knee flex-
ion/extension moments. Further interaction with the
model allows one to determine the sensitivity of the knee
and hip moments to the exact location of rectus femoris
attachment. Since the graphical mode of interaction elim-
inates the need for the user to focus on the model’s math-
ematical basis, it can be used not only to analyze surgical
procedures, but also to train surgeons.

We have planned several enhancements to the model.
In addition to simulating tendon transfers, we plan to ana-
lyze total hip replacements to study the effects of pros-
thesis design and surgical technique on the hip muscular
forces. We also plan to implement the model within a
standard windowing environment (X windows) to im-
prove software portability. We are currently extending the
software so that experimental and simulated human-
movement data can be used to drive an animated display
of lower-extremity movement. This enhancement will al-
low us to study the function of muscles during complex
activities such as walking and bicycling.
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