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A Multisegment Computer Simulation of
Normal Human Gait

Louise A. Gilchrist and David A. Winterkellow, IEEE

Abstract—The goal of this project was to develop a computer muscle forces or joint moments used to drive the model must
simulation of normal human walking that would use as driving  approximate the physiological counterpart.

moments resultant joint moments from a gait analysis. The system g, |ations have been created previously to achieve diverse
description, initial conditions and driving moments were taken

from an inverse dynamics analysis of a normal walking trial. 90@ls, both clinical (e.g., [1] and [2]) and otherwise (e.g.,
A nine-segment three-dimensional (3-D) model, including a two- [3]). Of the simulations reported to date, however, none have
part foot, was used. Torsional, linear springs and dampers were achieved the ideal described above. Some investigators have
used at the_ h_|p joints to keep the trun_k ve_rtlcal an_d at the knee fgcused on only one part of the gait cycle [4], [1], [5]-[7].
and ankle joints to prevent nonphysiological motion. Dampers Deali ith | h f th it | ids th

at other joints were required to ensure a smooth and realistic ealng wi . ,Ony_ one p ase o .e gait cycie avoids the
motion. The simulated human Successfu”y Comp|eted one Stepnumencal dlffICU|tIeS WhICh can arise as a fOOt makeS the
(550 ms), including both single and double support phases. The transition from no loading (swing phase) to full loading (stance
model proved to be sensitive to changes in the spring stiffness phase). Many investigators have not included a foot segment

values of the trunk controllers. Similar sensitivity was found 18], [9], [10]; still others have fastened the stance leg foot to
with the springs used to prevent hyperextension of the knee ; ' "~ '

at heel contact and of the metatarsal-phalangeal joint at push- the ground [11], [3], [12]-{14], [2], [15]. This strategy also
off. In general, there was much less sensitivity to the damping avoids a free transition from swing to stance. For a simulation

coefficients. This simulation improves on previous efforts because to be truly useful in practical applications, it must be able to
it incorporates some features necessary in simulations designed,qye smoothly through this transition.

to answer clinical science questions. Other control algorithms are - . . .
required, however, to ensure that the model can be realistically Much work has been done on two-dimensional simulations

adapted to different subjects. [11], [9], [12], [13], [7]. Although in walking the movement
of each individual limb is primarily planar, the limbs are
separated from each other and as a result, the pelvis undergoes
some degree of movement in both the frontal and horizontal
planes. If this movement is ignored, it is unreasonable to
N the field of lower limb prosthesis design a full-bodygxpect good kinematic results for both limbs simultaneously.
kinetically-driven computer simulation of human gait ha3he pelvic movement is also critical in minimizing the amount
the potential to be an invaluable tool. With an ideal simulatiomf motion of the upper body during the walking cycle.
design questions could be answered using the computer modeome investigators have considered only the lower limbs,
reducing dependency on costly prototypes. Before suchnmdeling the rest of the body as a point-mass [16], [3],
practical simulation can be realized, however, it is necessary{1®2]-[14]. Regulation of the torso’s orientation is an important
develop a basic simulation of healthy human gait. The intefdature in maintaining balance during locomotion and the
of this project was to develop a computer simulation of gontrol of the large inertia of the torso should not be ignored
walking subject incorporating features that will ultimately b¢15], [32].
necessary for use in an applied setting (e.g., as a design toolother investigators have used predetermined trajectories of
The most obvious criterion for success with any simulation e or more segments as feedback, as a constraint or as part
that it should predict a reasonable kinematic pattern; for g&jf an objective function for an optimization algorithm [17],
this means including both single and double support phasesigh [18], [19], [9], [10], [2]. While this is a very appealing
feature that W|” be important for the eVentual application Of @ay Of ensuring reasonab|e kinematiCS, |t does rewpdori
simulation is that priori knowledge of a specific movementinowledge of a specific walking trial. If the trajectory is
trial should not be required. Ground reaction forces shoulgciyded as a hard constraint or as feedback, it limits the
not be used to drive the simulation; nor should segments fige of the simulation in investigating the response to a novel
constrained to follow predetermined trajectories. Furthermotgy ,ation (i.e., in response to an external perturbation). It does
a reasonable representation of the physiological system myst ajiow the simulated body to respond in the same manner
be used; this influences both the number of segments choggnne human body would. This is less of a concern when the
for the model and the nature of the joints between them. Th&ia 101y is incorporated as part of an optimization scheme.
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13 linked segments with no constraints on the trajectorieted as revolute joints with the fixed axis set parallel to a line
of any segment. Passive joint constraints limiting the rangg@ining the femoral condyles. The ankle joints were modeled
of-motion were applied at each joint. In addition, equatiorss universal joints, allowing plantarflexion/dorsiflexion and
governing the passive motion of each joint (i.e., the stiffnegsversion/eversion. The two axes were set perpendicular to
at the joint) were used. The driving forces were the resultagach other, passing through a common point (the ankle joint
joint moments at each joint taken from an inverse dynamicenter). The mp joints on each foot were treated as one revolute
analysis. The foot was modeled with nonlinear spring/dampeint at the location of the mp joint for the great toe. The
contact elements arranged over the sole of the foot. Althougglint axis ran transversely, perpendicular to the long axis of
there were many commendable features about Meglan’s wattke foot and parallel to the ground. The hip, knee and ankle
as a gait simulation it was not fully successful because fmnt centers were located in the same segments, with the same
simulation run was able to complete even a partial gait cyclecal (segment-based) coordinates as in the inverse dynamics
The purpose of the current project was to develop a comalculations. The final simulation model had 20 DOF.
puter simulation of gait that would be as close to ideal asIndividual muscles were not included in the simulation
possible. The goal was to minimize the compromises madeliacause of the increased complexities and difficulties involved
representing the physiological system while still ensuring an using muscles as force actuators. Instead, torque actuators
accurate prediction of the kinematics. This is the first step were used at all the joints with the exception of the mp joints in
developing a simulation that can ultimately be used to soltike feet. The torques applied were the resultant joint moments
guestions concerning both healthy and pathological gait. from the inverse dynamics analysis of the subject’s gait data.
An Akima spline was fit to the torque/time data sets to ensure
continuous functions for all the torque actuators [23]. The mp
joints were modeled as passive joints only: a torsional spring
and damper were used to supply torque based on the relative
A. Data Collection and General Model angular position and velocity at the joint.

The data collection was undertaken as part of another study! he simulations were all developed and run on a DEC
independent of the current simulation project [21]. Details &000 machine using ADAMS, a multibody dynamic analysis
the data collection and reduction have been previously reporftware package from Mechanical Dynamics Inc. (Ann Arbor,
(cf., [21] and [22]) and so are only briefly described heréVll).

Three orthogonally placed CCD cameras and two force plates
were used to perform three-dimensional (3-D) gait analyses of
healthy, young subjects. The body was modeled as a linkBd
chain of nine segments: feet, shanks, thighs, pelvis, trunkMany authors have shown that there is a relatively small
(L3/L4 to C1/T7 spinal level) and head. Each video recoraut significant amount of error present in displacement data
was used to identify two-dimensional coordinates for specifgathered by the motion analysis systems commonly used
points on the body with less than 1 mm rms error. The 3 study gross human movements (cf., [26]-[28]). It has
D coordinates were then reconstructed using multiple setsatéo been shown that even small amounts of measurement
the two-dimensional (2-D) data. These data were smoothedlor have disastrous effects on the ability of simulations to
(fourth-order Butterworth filter) and further kinematic datgredict the original displacement pattern [29], [30]. These two
(angles, velocities, accelerations) were calculated. Inverse fgetors, taken together, mean that a full stride simulation,
namic techniques were used to calculate resultant momedépendent only on the initial conditions, system description,
at each joint, combining the measured external forces wilnd torque actuators at each joint is, for all intents and
the kinematic data. Thus, 3-D moments were calculated mmirposes, impossible. Some mechanism(s) must be included
the ankles, knees, hips, and the joints at L3/L4, and the neckprevent any given error from significantly degrading the
(C7/T1). The simulation was developed using the data frosimulation run.

one trial of one subject. The preferred type of controller for a simulation of a

The foot was modeled as two segments with a revolute joibiblogical system is one which mimics the physiological
between them: the forefoot, including all the toes, and the mainntrolling factors. Unfortunately, although several potential
part of the foot, stretching back from the metatarsal-phalangée¢dback mechanisms have been identified in the human body,
(mp) joints. The torso model was also modified for the simuldhe strategy by which the neural system integrates the feedback
tions. The spherical joints between the pelvis and the trunk aimtio a coordinated pattern of muscle contractions in a complex
between the trunk and the head were locked, i.e., constraintsvement remains elusive. Lacking the precise knowledge of
were added to prevent all motion at either joint. In this wayhe physiological control strategy, one can, however, identify
a combined head-arms-torso segment was created and features of gait which the body must somehow incorporate
degrees of freedom (DOF) were removed from the modéh any movement plan for walking. Two fundamental features
Therefore, the model configuration used for the simulaticaare 1) the upper body must remain close to the vertical [32],
included nine segments organized in a manner that differ|88], and 2) the movement at each joint must remain within
from the configuration used in the inverse dynamics analysits physiological range of motion (ROM).

For the simulation, the hip joints were modeled as sphericalGiven that in the current project, the torque actuators are
joints allowing full rotational DOF. The knee joints were modat least one step removed from the actual muscles (and hence

Il. METHODS

Controls
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segment (Fig. 1). The vertical ground reaction forces resulted
from linear spring/damper systems in each of the contact
elements. The shear forces were made linear functions of the
velocity of the contact points. Initial attempts using a smaller
number of elements were unsuccessful; as were attempts in
which a wide variety of off-center placements for the elements
were tested. Heavy torsional damping was used to control
movement about both the vertical and anterior/posterior (A/P)
Fig. 1. Diagrammatic representation of the foot model used in the simu@X€S to counteract the effects of the midiine arrangement.
tion. Note that the horizontal dampers in the frontal plane are not visible in

this view. D. Assessment of the Simulation

from muscle-related feedback mechanisms) and that the trudNote that at each joint, the torques calculated from the
(physio]ogicaj) control strategy is unknown' it was decided ﬂ@verse solution were applled throughout the simulation. The
strive for mathematically simple control strategies that woufPrrective torques from the “controllers” were applied over
yield a relatively normal walking pattern. In accordance witBnd above the resultant joint torques. To give some basis for
the two standard gait features noted above, two types &fsessment as to the magnitude of the corrective torques, the
simple “controls” were identified for use in the simulationfesultant joint moments for the entire 24 walking trial data
trunk controls and ROM controls. To keep the trunk vertica$€t collected as part of the study by Eng and Winter [21],
torsional spring/damper systems were incorporated about ¥@re examined. These data were normalized to a standard time
right/left (R/L) and the anterior/posterior (A/P) axes of th@attern where two successive right heel contacts occurred at
stance leg hip joint. Essentially, if the trunk deviated from th@% and 100% of the stride time, and right foot toe-off occurred
vertical in any direction, a restorative moment proportion@t 60% of the stride time. The moments were normalized
to both the angular deviation and the trunk angular velocit¢ body mass. The mean and standard deviation of these
was applied at the stance leg hip joint. A similar controlléformalized data were calculated. In this way, the adjusted
was used to prevent the trunk from rotating too far aboiftint moments used in the simulation could be compared with
the vertical axis. It seems reasonable to place some limigments taken from a broad data set.
on the rotation because, in general, for normal walking, the©Once the control parameters that yielded an acceptable
torso faces anteriorly. At the ankle and knee joints torsion@ilking pattern had been identified, several analyses were
spring/damper systems were used as ROM controls to provig to test the sensitivity of the model to changes in these
physical stops at the ends of the range of motion. SuchParameters. The effect of increasing and decreasing each
stop prevented hyperextension at the knee as well as unnat@emeter by 5, 10, 20, and 30% of its value was examined.
ankle plantarflexion or dorsiflexion.

It was decided that the trunk controls and the ROM controls lll. RESULTS
would be the basic controls applied; if others were needed,
simple linear springs and/or dampers, based on the relatje Simulation Behavior
angular positions and velocities, would be applied at the ap- : . . . .
prgpriatepjoints. The parameters for all the conptfols were estali)—In general, the kmemaﬂ_cs_ predicted by the S|mu_lat|on were
lished by running the simulation for progressively longer pe”r_easongb(;y clﬁ_seht(_) thle_ (;}I’I?Ind mea;]sured kmematl'(;_s f0r2a 250
ods of time and identifying the torque adjustments necessa?)ﬁepsno I’ whic 'st '9 t%’ more t fanhonfe st(falp ( 19s. 2= f)
The only exception was for the ROM limits, where approxi-. Imulation ran from the start of the foot-flat portion o

. right foot stance to roughly the same point in left foot stance.
mate ranges were taken from standard physical therapy te)il\ er 550 ms, the deviagt]iori/s between tF;le simulated movement

and the original movement became too large to be considered

C. Foot Model acceptable. Clearly, this is a subjective evaluation: it is based

A foot model, based on visco-elastic contact elements, was examination of the displacement, velocity and GRF patterns
used to calculate the ground reaction forces. This has beenwell as on viewing the simulation graphics.
previously described in detail [24], [25] and will only be The first group of results presented allows comparison of
summarized here. The foot model was developed by treatinglues predicted in the simulation to the comparable values
the right foot as an isolated segment. Ankle joint forces arfitbm the gait analysis (Figs. 2—6, Table I). The angles pre-
moments were used to drive a simulation which encompasssthted are projection angles: the long axis of the segment
a full stance phase, from a few time steps prior to heel contaghas projected onto the applicable plane and the rotation
extending to a few frames after toe-off. The philosophy usedgound the axis normal to the plane was calculated. In all the
in developing the foot model was similar to that used igraphs “measured” refers to values from the inverse dynamics
developing the rest of the model: try to find a relatively simplanalysis, whether or not they were directly measured.
formulation which will produce acceptable kinematics and The right foot ground reaction forces were also close to the
which has at least potential for use with different data sets.measured values (Fig. 6). The exception occurred at the time

A total of nine “contact” elements, arranged down the midbf left heel contact, when there was a sharp change in both
line of the foot, were used; three of these were on the forefabe A/P force and the vertical force under the right foot. This
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Fig. 2. Orientation and position of the feet. (a) The sagittal plane angle. (b) The right/left position of the segment center of mass= A sirthe right
foot has just begun the foot-flat portion of stance. LHQeft heel contact for the measured data. LHC for the simulation occurréc=a.4 s.
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Fig. 3. Orientation and position of the shank segments. (a) The sagittal plane angle. (b) The right/left position of the segment center of mass0At time
the right foot has just begun the foot-flat portion of stance. LH@ft heel contact for the measured data. LHC for the simulation occurred=ad.4 s.
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Fig. 4. Orientation and position of the thigh segments. (a) The sagittal plane angle. (b) The right/left position of the segment center of mass.0Ad time
the right foot has just begun the foot-flat portion of stance. LH@ft heel contact for the measured data. LHC for the simulation occurred=a.4 s.

heel contact was not as smooth in the simulation as it wasdpring). The effect of this was to cause the ankle to undergo
the measured case. The left foot trajectory did not remain lass dorsiflexion and to plantarflex too early [see Fig. 2(a)],
high above the floor as it should have been during swing andmpressing the other springs too rapidly. The “bouncing”
as a result, the spring/damper closest to the heel was activgtattern seen in the ground reaction forces (Fig. 6) was the
prematurely (i.e., it dropped below the resting length of thesult.
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of stance. LHC= left heel contact for the measured data. LHC for the simulation occurred=at0.4 s.

TABLE |
RMS DIFFERENCESBETWEEN THE MEASURED AND SIMULATED
FoRCE AND DisPLACEMENT CURVES FOR A550 ms RBRIOD

CM displacement (m) | Projection Angles (deg)
Segment X y z Bx By 0,
R. Foot 0.033 | 0.007 | 0.023 | 57.7 10.9 5.4
R. Shank | 0.033 | 0.011 | 0.019 | 53 6.8 3.7
R. Thigh | 0.034 | 0.024 | 0.008 | 3.7 3.5 133
L. Foot 0.117 | 0.025 | 0.044 | 26.0 4.9 13.6
L. Shank | 0.105 | 0.015 ] 0.032 | 5.0 6.5 3.6
L. Thigh | 0.060 | 0.014 | 0.012 | 4.9 7.6 8.0
Trunk 0.064 | 0.016 | 0.011 39 13.4 2.6
Force x (N) y(N) z(N)
R. GRF 65.7 111.1 253
L. GRF 432 171.1 39.1

axes: X - anteriot/posterior; y - vertical; z - right/left.

when interpreting these results is that although projection

angles are somewhat easier to interpret than Euler angle
sequences, in certain configurations (i.e., when the long axis
is almost perpendicular to the plane of projection), projection

angles are very sensitive to errors. In the current project, this
is of concern particularly for the frontal plane ang,) of

the feet and the horizontal plane angg) of the trunk.

B. Controls
The general form of all the controllers was as follows:

if 6>86,
if 6>86,

then Ts =k(6—6,) elsels =0
then Tp =cv elseTp =0

whered is the angle used by the controllé, is the angle at
which the restorative torque is first appli€fis is the torque

The root mean square (rms) differences between the meantributed by the torsional spring, is the spring stiffness,
sured and simulated curves for all the displacement and forEg is the torque contributed by the dampeiis the damping
values vary considerably between variables (Table I). Part afefficient andv is the rate of change & The total restorative
the high values for the trunk stem from the fact that in thrque about a given axis was the sunviaf and 1.
simulation, the trunk and pelvis were locked together, whereasTo avoid sharp changes in the restorative torques at those
in the measured case they were not. Another fact importgints when dampers became active or inactive, a third-order
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Fig. 7. Moments for the right ankle. The net moment from the simulation [the driving mo#némé controller moment(s)] is plotted with the mean resultant
joint moment+1 standard deviation calculated from 24 walking trials. Right heel contacts occurred at 0 and 100% of stride. Right toe-off (TO) was lined
up at 60%. The simulation curve is shorter because the 600 ms simulation was less than a full stride.

TABLE 1l
ROM CONTROLLERS TORSIONAL SPRINGS AND DAMPERS USED
TO PREVENT JOINTS FROM EXCEEDING NORMAL END LIMITS

TABLE 1
TRUNK CONTROLLERS TORSIONAL SPRINGS AND DAMPERS APPLIED AT THE
STANCE LEG HiP JOINTS TO MAINTAIN A NATURAL TRUNK POSITION

Frontal Plane | Horizontal Planc | Sagittal Planc Knees (F/E) Ankles(PF/DF)
Minimum angle for torque | +.001° from +5° from +.001° from the Range through which no torques were applied | 2° to 145° F* | 45° PF to 50° DI'%
to be applied the vertical neutral vertical Spring constant 400 Nm/r 600 Nm/r
Spring constants R 800 Nm/r 100 Nmv/r RD 1200 Nm/r Maximum damping coefficient 5 Nms/r 10 Nms/r

L 900 Nm/r RS, L 600 Nm/r Angular deviation for full damping .01° 01°

Maximum damping R 5 Nms/r 10 Nms/r RD 20 Nms/r *0° = full extension; Tncutral = normal stance
coefficients L 35 Nms/r RS,L 15 Nms/r F = flexion; PF/DF = plantarflexion/dorsiflexion.
Angular deviation for full 0.1° 0.1° 0.1°
damping

RS = Right leg, single support; RD = Right leg, double support; [. = Left leg.
Neutral = normal stance.

TABLE IV
EXTRA CONTROLLERS TORSIONAL SPRINGS AND
DAMPERS REQUIRED TO ACHIEVE NORMAL GAIT

polynomial was used to model the damping coefficient. That is A A Damping Stiffness
Joint Motion (Nms/r) (Nm/r)
< — Ankle | Inversion/ Left swing: 0.2 none
For <6y, c¢=0 Eversion Left stance: 5.0
For 6, <6<6; Right swing: 0.5
PF/DF* Swing: 0.08 Swing: 1.0
5 Left stance: 1.0 Stance: nonc
6 — 90 6 — 90 Right stance: 5.0
C = Cmax X 9 —8 X93—-2X 9 —8 Knee | [Flexion/ Left: 0.01 none
1 0 1 0 extension | Right double support: 6.0
Hip Int/Extt Swing: 0.5 none
For 6> 917 C = Cmax *plantarflexion/dorsiflexion; tinternal/external rotation

whered is the angle used by the controll@g, is the minimum
angular deviation at which a restorative torque is appléed, segment. The second difference was that the angles at which

is the angular deviation at which full damping is reached, the torsional spring/damper systems first became active were
is the damping coefficient ang,.. is the maximum value of much greater. In this way, there was a much bigger range
the damping coefficient. throughout which no restorative torques were applied. There-

It should be noted that the step function was applied ovtare, these controllers did not always contribute torques: If the
very small ranges, i.e{f; — 6y < 1°). Thus, for a large joint angle remained within the allowable ROM, no restorative
percentage of the time when a damper was active, the dampiagntroller) torque was calculated.
coefficient was constarft,,.x ), providing linear damping. In addition to the controls described above, it was found

The torsional spring/dampers used to control the trunk wenecessary to apply other correcting torques to prevent non-
set as functions of the orientation and angular velocity of thahysiological movements. With the exception of the swing
trunk principal axes with respect to the global reference systgghase ankle control, all of these controllers were torsional
(Table II). dampers only (Table IV).

The ROM controllers were mathematically similar to the Another issue important in the assessment of the simulation
trunk controllers with two important differences (Table Ill)is how much alteration in the driving torques was required
The angles used were the relative angles between the adjatertroduce the kinematics seen. For this, the joint moments
segments as opposed to the projection angles of a gifeom the original 24 trial data set were used. The net ankle
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0.80 . TABLE V
D TRUNK CONTROLLER SENSITIVITY: RMS DIFFERENCESBETWEEN THE
ORIGINAL SIMULATION CURVES AND THOSE FROM=£5% SENSITIVITY RUNS

E 5:3 Right Foot * (deg) Trunk * (deg) Time
£ & Plane | Cocfficient | +5% | -5% | *5% | -5% | ()
= frontal stiffness 1.62 6.40 0.06 0.31 0.4
@ 000 damping 0.17 0.20 0.01 0.02 0.4
g horizontal | stiffness 1.03 1.33 0.08 0.08 04
=> 5 damping 0.09 0.15 0.01 0.01 04
® ; S Mean sagittal stiffnt?ss 14.38 1.52 0.63 0.21 0.4
g o . Mean +/— sd. - . d@plng 0.80 0.73 0.05 0.06 0.4
[ =— = Net moment ' * Angle in the sagittal planc.
-0.75 T T T T 1
2} 20 40 60 80 100 TABLE VI

ROM CONTROLLER AND MP DINT SENSITIVITY: RMS DIFFERENCESBETWEEN

Percentage of Stride THE ORIGINAL SIMULATION CURVES AND THOSE FROM£5% SENSITIVITY RUNS

Fig. 8. Moments for the right knee. The net moment from the simulation (the Right Foot * (deg) | Trunk * (deg) Time
driving moment+ the controller moment) is plotted with the mean resultant Joint | Coefficient | +5% 5% | +5% | -5% (s)

joint moment+1 standard deviation calculated from 24 walking trials. (See . Knee | stiffness 0.09 30.00 0.02 1.08 0.55
Fig. 7 caption for timing details.) damping 0.11 0.16 0.02 0.02 0.55

R. Ankle | stiffness 0.14 0.20 0.02 0.01 0.55

L. .. d i 0.15 0.15 0.02 0.02 0.55
torques were generally withigz1 standard deviation of the 24 v st 1928 T TAAT 0T T oTs |65

walking trial mean value because the ankle joint controllers damping | 986 | 1420 | 015 | 032 | 030
added relatively small amounts of torque (Fig. 7). This was *Angle in the sagittal plane.
not the case at the knee joint (Fig. 8). During the late stance
(double support) period, the net torque was well beyond the Ecrrn < TAB'-ER\,\/A"S o 5

P . XTRA CONTROLLERS SENSITIVITY © FFERENCESBETWEEN THE
+1 standard deviation for the group mean. The net hip torque%RlGlNAL SIMULATION CURVES AND THOSE FROM=£5% SENSITIVITY RUNS

followed a similar pattern to the group mean driving moments,

. Right Foot * (deg) | Trunk * (deg) | Time
but the magnltydes were _such that they t_axceed_edﬂlhe Joint | Motion | %5% [ <5% | %5% [-5%] ()
standard deviation boundaries at several points (Fig. 9). R Ankle | Inv/Ev | 004 001 | 000 | 0.01 | 055

PE/DF | 1044 | 30.57 | 041 | 1.61 | 055
L R Knce | F/E 027 | 0.6 | 000 | 0.01 | 0.50
C. Sensitivity Analyses R Hip. | TaUGxt | 0.02 | 000 | 0.00 | 0.00 | 0.55

Although sensitivity analyses were run on almost all the * Angle in the sagittal plane; Inv/Ev = inversion/eversion
PE/DF = plantarflexion/dorsiflexion; F/E = Flexion/extension
control parameters, the sheer volume of data generated make |y — intemal/external rotation
itimpossible to present all the results graphically. Accordingly,
rms differences are presented comparing the original simula-
tion output with that of+5% sensitivity runs (Tables V-VII).
It should be noted that in some cases, the sensitivity runs werd he simulation model presented here was successful in that
for shorter periods of time than the 550 ms of the origindhe predicted kinematics, ground reaction forces and even the
simulation. The simulations were ended when unnatural bedjusted moments approximated normal walking for a 550
havior occurred and/or when the integration algorithm faileétls period. Moreover, both single and double support phases
to converge. have been modeled, including a continuous transition through
The model proved to be quite sensitive to changes el contact. In this way it has moved us closer to the ideal
the trunk control parameters, particularly the spring stiffnesgmulation, that is, the one that will be suitable to address
values (Table V). Normal push-off was completely disrupteglinical issues such as prosthesis design. It is clear, however,
when alterations were made in either the frontal or sagittélat the model’s limitations are such that it still falls short of
plane springs. The model did show changes when the dampées ideal.
used in the trunk controllers were changed, but these werd~ew previous studies have modeled so many segments
considerably less dramatic. with so many degrees of freedom. It is clear that for the
There was some sensitivity to changes in the ROM coaimulation to be useful, it must use a realistic model. In
troller at the left knee (Table VI). This controller was used tparticular, three degrees of freedom at the hip joints are impor-
generate a brief torque to prevent the left knee from hyperetnt because the additional movements (adduction/abduction
tending immediately following heel contact. The other ROMnNd internal/external rotation) allow the torso to maintain its
controllers were much less sensitive. The set of sensitivisgnooth forward progression, with minimal twisting and/or ris-
analyses run to test the sensitivity to changes in the passig and falling. The rms differences between the measured and
torque generator at the mp joint indicate the extreme sensitivitimulated curves (Table I) indicate that allowing these DOF
of the model to changes in the spring constant (Table VI). was somewhat successful: the trunk linear translation patterns
In general, the “extra” controllers were not very sensitive taere very similar, although there were greater differences in
changes in the damping coefficients with the exception of tiiee twist angle(d,).
plantarflexion/dorsiflexion damper at the right ankle during Most previous models have fixed the foot to the ground
stance (Table VII). in some fashion for some portion of the gait cycle. As a

IV. DISCUSSION
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Fig. 9. Moments for the right hip. The net moment from the simulation (the driving morhethie controller moment) is plotted with the mean resultant
joint moment+1 standard deviation calculated from 24 walking trials. (See Fig. 7 caption for timing details.)

result, few simulations have modeled the transition phasedNonetheless, what can be learned from the sensitivity results
(heel contact and toe-off), crucial points in the gait cycle. The that simple dampers can provide a great deal of “control” to
use of visco-elastic contact elements in the current simulatibnked, rigid-body models, without being extremely sensitive
was the critical feature that allowed impact to be successfully the exact coefficient value. Caution must be taken however,
modeled. Being able to model impact is vital for an applietb avoid pure step changes in the damping forces. Including
gait simulation tool: foot placement at heel contact is atamping at many joints in a model is not inconsistent with the
important strategy for maintaining balance while walking [32piological system: some light damping must be present in the
Thus, if one wants to be able to include considerations fints of the body, given the synovial fluid and the visco-elastic
balance, the simulation must be able to make the transitinature of tissues such as ligaments and cartilage.
from swing to stance. Furthermore, several gait pathologiesAlthough other simulations have met the criterion of pre-
manifest themselves in the push-off (propulsive) phase at ttlieting reasonable kinematics, this project differs in that it
end of stance. It would be very limiting not to include thiglid not force the model to fit a pattern of pre-determined
in an applied tool as improved propulsion is often the goal ¢fajectories. It can be argued that there is nothing wrong
rehabilitation strategies. with using predetermined trajectories and certainly the gait
A major limitation of the model is apparent in the sensitivitsimulation literature attests to the fact that a reasonable level
results (Tables V-VII). When the model is found to be vergf success can be achieved with closed-loop feedback systems
sensitive to a given parameter, it implies that a critical valusased on such trajectories (e.g., [19]). Others (e.g., [2]) have
of the parameter has been found. If this critical value provéad success with an optimization pattern which minimized the
to be applicable to a large segment of the population, then itdeviations in segment displacement patterns from prescribed
of great value. Unfortunately, the high variability of biologicatrajectories. The fact remains, however, that these techniques
systems, combined with the errors inherent in the measuremesguire very specifica priori knowledge of the movement
and computational processes, make this an unlikely scenapattern.
It seems reasonable to expect that, if this model was appliedrhe first philosophical argument against using prescribed
to data from different subjects, the parameters with lotwajectories is that if a novel situation were to be introduced to
sensitivity values would transfer more directly than those witthis type of simulation, the response would be always directed
high sensitivity values. toward maintaining the normal walking trajectories. This is not
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how the human body operates: if loss of balance is threatened] D. Mena, J. M. Mansour, and S. R. Simon, “Analysis and synthesis of
for example, the swing |eg trajectory can be sharply altered hgman swing leg motion during gait and its clinical applicationk,”
f . | tt t t trolled fall. Th Biomechan.vol. 14, no. 12, pp. 823-832, 1981. )
rom its normal pattern to prevent an uncontrolied tall. 1n€7) 4 Hemami, Y.-F. Zheng, and M. J. Hines, “Initiation of walk and tiptoe
overall walking pattern may continue, but this is achieved of a planar nine-link biped,Math. Biosci, vol. 61, pp. 163-189, 1982.
through very different joint and segment displacement pattern&! '3" é“ib:noevgﬂz”\?o?”g /?)'ps‘;'ﬁ%'s T{‘99752y”thes's of bipedal locomation,
This is not to say that some form of general trajectory planningg] M. Ju and J. M. Mansour, “Simulation of the double limb support phase
does not occur. Studies of obstacle avoidance strategies (cf. gf &uTag gait,"J.hBioge}gh%n- Engdvgl- Tl;Obllpr- i23|—2t_29,| 198tﬁ- a4
. . M. L. Amirouche, S. K. Ider, and J. Trimble, “Analytical method for
[34]-[36]) C_'ea”Y ShOW that some pre-plannlng.occurs wh the analysis and simulation of human locomotioh, Biomechan. Eng.
adequate time is available. These same studies, as well as vol. 112, pp. 379-386, 1990.
gait perturbation studies (cf., [37]), however, also indicate thE] S. Onyshko and D. A. Winter, "A mathematical model for the dynamics
h | d traiectori b d of human locomotion,’J. Biomechan.vol. 13, pp. 361-368, 1980.
when necessary, pre-planned trajeclories can be superse @y M. G. Pandy and N. Berme, “A numerical method for simulating the
A further argument against prescribed trajectories is that dynamics of human walking,J. Biomechan.vol. 21, no. 12, pp.
data show that even for one subject, there is stride-to-strigg, 10431031 1988 . :
. L ] , “Synthesis of human walking: A planar model for single
variability in the normal gait displacement patterns [38]. So It ~ sypport,” 3. Biomechan.vol. 21, no. 12, pp. 1053—1060, 1988.
is unrealistic to expect (or constrain) a given segment to bel&] M. G. Pandy and N. Berme, “Quantitative assessment of gait deter-
one unique angle at a given point in time. minants during single stance via a three-dimensional model. Part 2.
These disadvantages in using prescribed trajectories mys
however, be weighed against the fact that a pure open Iooe}

Pathological gait,"J. Biomechan.vol. 22, pp. 725-733, 1989.
1

J. F. Yang, D. A. Winter, and R. P. Wells, “Postural dynamics of walking
in humans,”Biol. Cybern, vol. 62, pp. 3%1_—330,_1990. o

strategy is unlikely to work because of the error factor [29}, tsh.eS;ngrf, E' Ssirf]lgf;arrhzgﬂ;r\(i'cgymgéuf'g}gﬁté%ﬂgé.%rﬂ]alnﬁag;wth

[30]. Somewhere in between these two extremes lies a strategy

that is both realistic and pragmatic. Such a strategy will cont¥’]

about from consideration of what features characteefle [ig

415-425, 1982.

C. K. Chow and D. H. Jacobson, “Further studies of human locomotion:
human walking, not just one trial of one individual. These
include the following:

Postural stability and controlMath. Biosci, vol. 15, pp. 93-108, 1972.
B.-R. Chen, M. J. Hines, and H. Hemami, “Dynamic modeling for
implementation of a right turn in bipedal walkingJ: Biomechan.vol.
19, no. 3, pp. 195-206, 1986.
[19] D. T. Davy and M. L. Audu, “A dynamic optimization technique for
» the upper body must remain close to the vertical [32], predicting muscle forces in the swing phase of gait, Biomechan.

[33]- vol. 20, no. 2, pp. 187-201, 1987.
’ .. . e 420] D. A. Meglan, “Enhanced analysis of human locomotion,” Ph.D. dis-

+ the movement at each joint must remain within its phys- = sertation, Ohio State Univ., 1991.
iological ROM; [21] J. Eng and D. A. Winter, “Kinetic analysis of the lower limbs during

walking: What information can be gained from a three-dimensional
model?,”J. Biomechan.vol. 28, no. 6, pp. 753-758, 1995.

Y. Jian, D. A. Winter, M. G. Ishac, and L. Gilchrist, “Trajectory of the
body COG and COP during initiation and termination of ga@dit and
Posture vol. 1, pp. 9-12, 1993.

H. Akima, “A method of bivariate interpolation and smooth surface fit-
ting for irregularly distributed data points®CM Trans. Math. Software
vol. 4, no. 2, pp. 148-159, 1978.

L. A. Gilchrist and D. A. Winter, “A two-part, viscoelastic foot model
for use in gait simulations,J. Biomechan.vol. 29, no. 6, pp. 795-798,
1996.

L. A. Gilchrist, “A computer simulation of human gait,” Ph.D. disser-
tation, Univ. of Waterloo, Waterloo, Ont., Canada, 1994.

A. Cappozzo and F. Gazzani, “Joint kinematic assessment during
physical exercise,” inBiomechanics of Human MovememM. Berme
and A. Cappozzo, Eds. Worthington, OH: Bertec Corporation, 1990,
pp. 263-274.

R. M. Angulo and J. Dapena, “Comparison of film and video techniques
for estimating three-dimensional coordinates within a large fidlat.”

J. Sport Biomechanvol. 8, pp. 145-151, 1992.

K. J. DeLuzio, U. P. Wyss, J. Li, and P. A. Costigan, “A procedure to
validate three-dimensional motion assessment systeim8ibmechan.

vol. 26, no. 6, pp. 753-759, 1993.

R. N. Marshall, R. K. Jensen, and G. A. Wood, “A general Newtonian
simulation of am-segment open chain model]’ Biomechan.vol. 18,

no. 5, pp. 359-367, 1985.

L. A. Gilchrist, R. P. Wells, and D. A. Winter, “Effects of random
error on forward solution simulations,” presented at 2nd World Congress
Biomechanics, Amsterdam, The Netherlands, 1994.

H. Hemami and R. L. Farnsworth, “Postural and gait stability of a planar
five link biped by simulation,1EEE Trans. Automat. Contrvol. AC-22,

pp. 452-458, 1977.

D. A. Winter, G. K. Ruder, and C. D. MacKinnon, “Control of balance
of upper body during gait,” iMultiple Muscle Systems: Biomechanics

¢ a stance leg must provide support at all times;

» there must be forward progression with an alternatingz
pattern of leg support;

¢ the swing foot must clear the ground until the body i§23]
suitably positioned for weight transfer.

The controllers used in the current project specifically,,
addressed the first two items on this list. No specific strategy
was adopted to deal with the remaining ones—the “extra”
controllers accomplished what was needed but not as part[zo‘r1J
a control algorithm. The development of such an algorithimae]
would offer substantial improvement to the simulation.

In summary, a modeling approach for a simulation was
taken that differed quite markedly from what has appeardi]
previously in the literature. It was reasonably successful in
meeting the immediate aim of simulating normal gait but hgsg)
not yet achieved the ultimate goal of an applied research tool.

[29]
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