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Abstract—The functional use of electrical stimulation (FES) for the restoration of movement to paraplegics has
been improved in the last decade but questions about the mechanical effect of stimulation on the skeleton have
arisen. In intact people, neuromuscular activity not only controls movement, but also minimizes bone and joint
tissue loading. Current FES systems do not use feedback and do not even use average natural patterns of muscle
activation. FES systems would be safer if muscle activation patterns were synthesized so as to minimize bending in
the long bones.

By modelling, we have verified that appropriate muscular activity reduces bone bending stresses, an approach
we named active unloading of the skeleton. Using this criterion for control is novel. The muscle activation was
calculated using measurements from intact people in different postures, and later modelling of the musculoskeletal
system. The two-dimensional model of the lower limb includes 23 muscles relevant primarily for movement in the
sagittal plane. The muscle model for constraint calculation is divided into first-order activation dynamics and
first-order contraction dynamics. Optimization, which includes minimization of net bending moment calculated
along the long bones, is static because changes in the observed postures are slow.

In the calculated muscle activity patterns, muscle coactivation and cocontraction yield very uniform and low
bone loading. Net bending moment values were fairly stable as the posture varies. The moment distribution in the
femur was found to be U-shaped, while in the tibia it is sometimes V-shaped. The bones are naturally thicker at the

points of peak moment. Copyright © 1996 Published by Elsevier Science Ltd.
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NOMENCLATURE

absolute, individual and normalized tendon force
isometric force—length relation of CE

minimal and maximal tendon force

active muscle maximal force and gravity force
M, M, gravitational and net bending moment

M e normalized array of muscle bending moments (m)

ET’FT]"FT
FCEiso

Froins Frmax
Fo, Fy

My, Mg ligament and gravitational moments in joints (i = hip,
knee, ankle)

Ivo muscle length at maximal force

T, Tt muscle and muscle-tendon normalized lengths

Umax maximal muscle velocity

Om, Dmr muscle and muscle-tendon normalized velocities

kpp: normalized PE element stiffness

Fgs Pms Tij moment lever for M, My, calculation and muscle levers
in joints

u central neural excitation

u muscle activation

FC muscle fibre composition

x muscle pennation

q muscle attachment variable

INTRODUCTION

Contrast two muscle activation schemes which are used
in FES today. (i) Simple stimulation patterns include
two-channels of bilateral m. quadriceps for standing. For
four-point walking, two additional channels are used for
Peroneal nerve stimulation, which triggers the flexion
reflex to activate the swing phase of gait (Kralj and Bajd,
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1989). (i) More complex walking with 32 channels of
percutaneous electrode stimulation (in a laboratory
environment) offers improved locomotor function and
movement elegance (Marsolais et al., 1991). Although
stimulation may be based upon EMG patterns from
intact people, no formal optimization procedure has been
presented. The main shortcomings of this approach are
(i) that repeated use of the same muscles result in fatigue
and (ii) that in safe systems one should not neglect the
fact that a plegic person is biomechanically very different
from an intact person and therefore, designers of artificial
control systems should, in addition to functional needs,
consider the safety of the skeleton. The simple open-loop
four-channel stimulation, used today in Ljubljana and
other centres, should be examined with regard to the
mechanical loading effects of muscle activity induced by
stimulation; in this respect, control methods remain un-
satisfactory.

Safety in an open- or closed-loop FES system relies, for
protection of the bone, as in nature, on limiting the
loading. The muscle-bone unloading principle was first
recognized by Pauwels (1965), who studied the construc-
tion of the human biomechanical system and the influ-
ence of muscle activity on bone and joint mechanical
loading. He exposed fundamental biomechanical rules
showing that muscle action not only provides moments
for stability and movement generation, in one or several
dynamically coupled joints, but, generally, loads the bone
with compressive, tensile and shear stresses. Compressive
and tensile stresses consist of (i) a pure compressive/
tensile component produced by axial force and (i) a be-
nding moment component produced by a loading force
positioned outside of the bone centre. The shear, and
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more especially the bending component, are dangerous
for bone, because stresses can exceed those during pure
axial loadings by factors of several decades (30-50;
Biewener, 1991). Shear stresses should be avoided, be-
cause bone structure is adapted to carry compressive and
tensile stresses but not shear (Currey, 1970; Reilly and
Burstein, 1975). Fortunately, appropriate muscle action
can, in addition to maintaining joint moment equilib-
rium, also minimize the bending moment of the bone
(Bertram and Biewener, 1988; Pauwels, 1965), producing
a more consistent distribution of stress in a bone during
locomotion (e.g. Rubin and Lanyon, 1982). The bending-
induced strains are the worst-case loading situation for
the limb bones; the proportion of strain due to bending
has been experimentally verified to be up 24 times the
strain due to axial loading for some animals (e.g. Alexan-
der, 1974; Biewener et al., 1983; Lanyon and Bourn, 1979).

By using active unloading, the bending moments along
the bones are minimized by transforming the bending
loads into pure compressive loads. This is achieved by
reducing the external bending moment, which is produc-
ed by gravitational and other external forces, with an
appropriate combination of muscle forces. These forces
result in bending loads of opposite sign which in total put
the bone into pure compression. With this technique,
adequate muscle action may double the compressive load
but the bending moment is minimized (Pauwels, 1965).
The implementation of the minimal bending moment
criterion results not only in minimal long bone stress, but
also selects synergistic muscle activity characteristic of
natural muscular activity.

Due to the redundancy of the muscle—joint system,
muscle forces in general cannot be directly caiculated
from the external joint moments. To solve such an inde-
terminate problem, either static optimization for slow
movements or dynamic optimization for fast responses is
possible. Static optimization techniques require a cost
function which is usually a combination of muscle size,
force or stress, activation level and muscle fatigue. The
solution is not dependent on other factors but is, of
course, limited by its failure to account for the dynamic
properties of real muscles (Khang and Zajac, 1989). Dy-
namic optimization, though requiring much more com-
putation, can improve performance, but a dynamic
scheme requires several optimizations to be performed at
real-time speeds which are beyond current software and
hardware capabilities. On the other hand, computer pro-
cedures for static optimization are realizable and well-
suited to the requirements for this study of standing.

Many researchers have dealt with lower extremity
models: from the complex static or dynamic cost func-
tions of Chow and Jacobson (1971), through the compre-
hensive models of Hatze (1981), to the work of Zajac and
coworkers (Khang and Zajac, 1989; Yamaguchi and
Zajac, 1990), to mention only some of them. However,
few studies considered either the joint or bone safety
aspects of the musculoskeletal system. For example,
Seireg and Arkivar (1973) used different static optimiza-
tion functions to study standing with (i) minimized sum
of three-dimensional passive moments in ankle, knee and
hip joints and (ii) minimized sum of vertical reactions in
ankle, knee and hip joints. Because of the good corres-
pondence with EMG recordings, the same authors

(Seireg and Arkivar, 1975) again used minimization of
passive moments in a study of walking. In contrast, femur
and tibia safety was only considered and studied in
Pauwels’ work in 1965. Even there, Pauwels used safety
principles from theoretical analysis of the loading and
not to synthesize the muscular activity.

MODELLING

The sagittal plane model of standing was divided into
three parts: segmental kinematics, musculoskeletal ge-
ometry and musculotendon actuator dynamics. Minimal
and maximal constraints for muscle forces were deter-
mined by forward integration of the dynamic
musculotendon actuator model, and then actual muscle
forces were determined via static optimization and the
inverse dynamics. The safety criterion was a static optim-
ization cost function which minimized the long bone
(femur and tibia) bending moments: this distributed the
external load among several active muscles. Ligament
constraint moments are inciuded in the ankle, knee and
hip equilibrium equations, Prior to the force optimiza-
tion, the gravitational and normalized muscular bending
moments were calculated. The modelling is based on
cadaver data, linearly scaled to the subject’s anthropo-
metric dimensions (Munih and Kralj, 1992). Posture and
support forces during standing were assessed in the la-
boratory as described in the measurement section.

Segmental kinematics

The body was divided into seven segments (Fig. 1): the
lower segments represented the left and right feet (mass
concentrated in appropriate mass centre points), left and
right shanks and left and right thighs, with mass distribu-
tions modelled as truncated cones. The rest of the body
including pelvis, trunk, head and both arms are brought
together in a single mass centre located in the trunk
(Contini, 1972; Drillis and Contini, 1966, Winter, 1979).
The body was assumed to be symmetrical about the
midline. The thigh and shank masses were distributed
along the segments to minimize the error from gravi-
tational forces on the bending moments determined for
these segments. The artificial radii, for the truncated
cone, representing thigh and shank, were calculated ac-
cording to segment length, mass and density.

Segment kinematics was modelled by homogeneous
transformations (Paul, 1982). The coordinate system for
the shank, thigh and the rest of the body were positioned
in ankle, knee and hip rotation centres respectively, while
the coordinate system for each foot was the same as for
the ipselateral shank. The joint rotation centres were
determined as previously reported (Munih and Kralj,
1992). The ankle and hip joints were considered as rota-
tional, one-degree-of-freedom joints, while the knee joint
also included translation through the evolute curve
(Maquet, 1984).

Musculoskeletal geometry

The musculoskeletal geometry determines how the
muscle forces are converted into muscle moment. Two
approaches are possible: (i) as a straight line between two
attachments or (ii) as a centroid line. The centroid line is



Modelling muscle activity 51

Fig. 1. Schematic representation of the posture of a subject on the force

plate with four markers attached at the ankle (x,, z,), knee (x,, zx), hip

(%n, zy) and shoulder (x, z;) joints. The segment masses: m; for feet,

m, for shank, m, for thigh and m, ., for head, ankle and trunk are also

displayed. m; and m, ., are modelled as point masses, while m, and m, are
modelled as truncated cones.

generally found by virtually cutting the muscle into slices
transverse to the muscle fibres’ direction, and connecting
the centres of each slice along the length of the muscle.
Then the shortest distance from the point on the middle
line of the bone to the curve passing through the cen-
troids of the muscle represents the moment lever. The
centroid line is accurate for the calculated posture, but
may change grossly by varying the body position. The
difference between the computationally more complex
centroid line method and the straight-line approach is
between 1 and 12% according to data in the literature
(Jensen and Davy, 1975). Based on these observations,
the straight-line approach was used in this study.

The muscle attachment shapes were divided geomet-
rically into three different groups, as in our previous
study (Munih and Kralj, 1992), in which three-dimen-
sional numerical muscle and bone data were collected
from a 26 year old male cadaver. Twenty-three muscles
relevant for movements in the sagittal plane were con-
sidered: m. sartorius, m. gracilis, m. semitendinosus,
m. gluteus maximus, m. tensor fasciae latae, m. biceps
femoris longus, m. biceps femoris brevis, m. gluteus medius*,
m. adductor magnus*, m. rectus femoris*, m. vastus inter-
medius, m. vastus lateralis, m. vastus medialis, m. iliacus,
m. psoas major, m. adductor longus, m. semimembranosus,
m. gastrocnemius*, m. soleus*, m. tibialis anterior,
m. peroneus longus, m. peroneus brevis, m. digitorum
longus. Because of their morphology, the muscles
marked with an asterisk were divided into two separate
parts.
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Fig. 2. Musculotendon contraction model including tendon (T), con-
tractile and passive element (CE, PE) with uniform pennation angle.

Musculotendon actuator dynamics

The optimization procedure must take into account
several physical constraints, including a minimum, Fy;,,
due to elasticity of the muscle when there is no activation,
and maximum, Fp,.,, range of muscle forces (e.g. Dul
et al., 1984a, b; Seireg and Arkivar, 1973, 1975). Usually,
in static optimization, it is assumed that physiological or
anatomical muscle cross sections have some typical
maximal stress value and this is used to determine the
maximal possible muscle force. Such an approach ex-
cludes the static or dynamic properties of tendon and
muscle. In contrast, dynamic models frequently use high-
order linear differential equations to describe the
muscle-tendon properties (Chow and Jacobson, 1971;
Hatze, 1981; Khang and Zajac, 1989; Yamaguchi and
Zajac, 1990). The fact that the muscles cannot generate
force instantaneously should also be considered, and that
lead us to use a simple dynamic muscle modelling ap-
proach for determining Fr.;, and Fr ...

Hill’s musculotendon model was implemented in
a way similar to that used recently by Zajac (1989) and
Winters and Stark (1985) (Fig. 2). The central neural
system excitation u acts through a first-order activation
dynamics, generating an internal muscle state called
muscle activation which triggers muscle cross-bridge
force development, through the contraction dynamics.
The activation dynamics were modelled as muscle-inde-
pendent single-input-single-output (SISO) (Zajac, 1989)
with an activation time constant of 20 ms and a deactiva-
tion time constant equal to 200 ms. With FES, the system
excitation u is a function of three stimulation parameters:
amplitude, pulse width and frequency but these effects
lumped together within the input variable u.

The dimensionless musculotendon contraction dy-
namics includes the active and passive properties of ten-
don (T), a contractile element (CE) and a passive element
(PE) (Fig. 2). The series elasticity of CE was neglected
since it is of little significance in the dynamics of FES
standing (Zajac, 1989). All absolute parameters in the
model were scaled according to the muscle length l, at
maximal muscle force, maximal muscle velocity v, and
active muscle maximal force F,, (normalized variables are
marked with ~). The force-length relation Feg ioo(ly, a)
of the CE element was modelled after Hatze (1976), while
force—velocity of CE was taken as Hill’s relation for
oy > 0 and as FitzHugh (1976) for §y < 0 where shape
and vy, vary with muscle fibre composition (Winters
and Stark, 1988). The parallel elasticity (kpg) greatly
influences the model output force and is defined for all
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muscles as in Stephenson and Williams (1982). The ten-
don was assumed to be elastic and linear with g, = 0.033
at Fp = F, (stress equal to 32 MPa) (Zajac, 1989). Given
all those muscle properties, the first-order contraction
dynamics was defined as

dF ~

5 =/ Fr her, Bur, 0,0, FO) M

With the exception of the few details described above,
our musculotendon model is similar to that used by
Pandy et al. (1990). In static conditions, u =0 gives
Frmin and u =1 gives Fr,,.

Bending moments

Two different types of bending moment were cal-
culated for each time sample: (i) gravitational bending
moments M, (caused by the ground reaction force and
grav1ty) and (ii) normalized muscle bending moments

M., (caused by muscular activity).

The gravitational bending moments M, were deter-
mined as M, = F,r,. The lever r, represented distance
from the force vector to the calculated central point in
bone and the gravity force F, was derived from segment
anthropometric data and ground reaction force vector
which was measured in the laboratory.

The normalized bending moment M,,,, for each se-
lected muscle, was determined as the bending moment for
1N tendon force (M, = Fyrmg; Fr= 1N), where
r= represents the distance from the tendon force vector to
the calculated central point in the bone. Special attention
was paid to the muscle tendon force value in the regions
of the origin and the insertion (Fig. 3). While calculating
M., in these regions, only part of the whole muscle—
tendon force, depending on current position inside the
attachment area, loads the bone. This is included through
attachment variable 0 < ¢ < 1, as the origin and inser-
tion move along the attachment regions.

q—l

orlgm

m. gluteus medius

\\\\\\\'
\\

Fig. 3. M,,, calculation could be divided into two different regions.

Between muscle origin and insertion Fy = 1 N produces M,,,. Within

the origin and insertion regions (insertion in this figure), only part

of Fy, determined with variable ¢, produces M,,. q changes with

the current calculation point according to the percentage of force
loading area.

Optimization

The normalized muscular bending moments M,
should be combined in such a way that gravitational
bending moments M, are minimized:

J=|anFT“Mg| (2)
with solution space constrained:
FTmin < FTa FT FTmax (3)

As some muscles are divided into two independent parts,
the number of inequalities is doubled (to 56) with respect
to the number of muscles. Additionally, the following
three moment equilibrium equations (i = hip, knee,
ankle) must be satisfied:

28

Z rijFry+ My + Mg; = 0. 4)

j=1
The muscle levers r;; were determined according to the
subject’s posture. The ligament moments in the joints
M, ;, which were most important at extreme joint angles,
were modelled after Hatze (1976). Mg, represents the
gravitational moment in the joints. For finding the opti-
mally constrained solution of equation (2), the least-
squares error method with Kuhn—Tucker conditions was
used (Lawson and Hanson, 1974).

MEASUREMENTS

In addition to the anthropometric muscle and bone
data, the subject’s posture data and ground reaction
vector (GRV) are needed to calculate the position of
body masses. These were measured in the sagittal plane
for five normal subjects (men, 24 to 27 years) in the
laboratory in various standing postures. An AMTI
(Advanced Mechanical Technology Inc.) strain gauge
force plate (ORG6-5-1) was used to assess GRV ampli-
tude and position. The positions of four body markers
placed on the shoulder, hip (trochanter major), knee, and
ankle were acquired with OPTOTRAK (Northern
Digital Inc) measuring system. The subjects stood
upright, with hands crossed on the chest, heels placed
together, while the angle between the feet was approxim-
ately 30°. Various measurement protocols were examined
in each person. In one, shown in the results section, the
subject assumed a normal standing posture for 10 s, then
leant forward for 10 s, leant backward for 10 s and, finally
concluded with 10s in normal standing. This protocol
was chosen with regard to quiet standing and posture
switching dynamics. The forward/normal/backward in-
clination moved the GRYV position typically 11/5/0 cm
in anterior/posterior direction; the shoulder position
typically in the range of 12/0/ — 7 cm; the hip typically
12/6/5 cm, while the ankle position stayed at the refer-
ence (0 cm).

RESULTS

The figures show a detailed study of one simulation
run for a single person (Figs 4-6) and the comparison of
net bending moments in different persons (Fig. 7).

Figure 4 shows typical time courses for the calculated
muscle activity in a single subject. Even if the posture
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Fig. 4. Muscle force during switching posture in standing. Vertical axis represents the tendon force in (N),

horizontal axis is time in (s). Solid line represents the bending optimized tendon force Fr, dotted line Fr,,,

dashed line Fy;,. Values for Fr;, are usually small and thus invisible, except in this case in muscles:
m. gracilis, m. rectus femoris.

deviations from upright standing are relatively small,
when compared to normal standing, it is obvious that the
maximal tendon force Fr,,, (dotted line in Fig. 4) effects
all muscles forces during postural changes. Major cha-
nges can be observed especially in m. rectus femoris I,
m. vastus intermedius, and m. soleus. In m. gracilis, the
dashed line represents minimal tendon force Fr,. For
all the other muscles, Fi,,;, were also calculated, however
they are not visible in the figure because of their low
value. By comparing the calculated tendon forces (solid
line in Fig. 4), it is obvious that force is modulated simul-
taneously in several muscles at the same joint. This rep-
resents synergistic muscle activation in the coactivation
and cocontraction sense (Dul et al., 1984a, b; Herzog and
Leonard, 1991; Winter, 1987). Coactivation occurs when
several muscles work together to produce higher joint
moment, while cocontraction means cooperation of
agonist and antagonist muscle. At the hip joint the fol-
lowing muscles work together: m. sartorius, m. gracilis

and m. rectus femoris I to produce hip flexion, while m.
gluteus medius 11, m. psoas major and m. adductor magnus
I work to generate hip extension torque. A similar situ-
ation is found at the ankle joint where m. soleus (lateralis
and medialis) works together with m. gastrocnemius me-
dialis to pull the body back, while m. peroneus brevis and
m. peroneus longus try to pull the standing body forward.
After the forces were known, the inverse muscular
activation dynamics was used to calculate the neural
activity. In standing, the relatively fast activation/deacti-
vation time constants (20 ms/200 ms) cause the shape of
the neural activity u to be similar to the force curves.
The muscle activity shown in Fig. 4 generates loading
and unloading bending moments described as M., in the
femur and tibia. These ‘active’ bending moments add to
the gravitational bending moments M, to produce net
bending moments M, (M, = M,,Fr + M,) which stres-
ses the bones. In Figs 5 and 7, the diagram always repres-
ents the bending moment M,, determined in 50 ms
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Fig. 5. Detailed measurements in single person. Horizontal axis shows M, bending moment as it appears in calculated central points of the bone. Due to calculation in intervals several lines are visible.
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Fig. 6. Net bending moments at particular high-stress and other se-
lected points vs time for minimized bending loading. The points I, 1L, 11
and IV are selected as is shown in Fig. 5(a).

discrete time intervals, each being represented with one
curve. Fig. 5(a) shows the whole measurement period
including all standing postures (as in Fig. 4): Fig. 5(b)
shows only the time interval when the person was in the
normal-standing position; Fig. 5(c) the period of back-
ward-standing; and Fig. 5(d) the period of forward-stand-
ing. The moments in normal standing appear to be very
uniform, which seems logical. In all diagrams for the
femur, the bending moment distribution appear to be
U-shaped, while along the tibia, higher bending moment
amplitudes, with a triangular V-shaped distribution ap-
pear for backward-standing posture (Fig. 5(c)). Since the
peak values are of the greatest concern for safety, Fig. 6
shows the time courses M, at particular selected points.
The most extreme values occur at switching events, re-
main fairly high at ‘extreme’ body positions and are very
low during normal standing (which is almost amuscular,
as we can see in Fig. 4).

Figure 7 shows the net bending moments M, for four
additional male subjects. The curve shapes show no es-
sential difference compared to Fig. 5. Discrepancies
among persons exist and can be attributed to the more or
less rapid movements between different standing phases.
The shape of moment M, is similar in all cases and does
not change significantly among different persons, even if
all anthropometrical and geometrical coordinates were
scaled according to the individual.

DISCUSSION

In this study equal importance was given to achieving
joint moments and to the bone bending moments. Some
new techniques have been introduced in the modelling.
Even in simple activities such as standing and posture
switching, the results suggest that it is essential to allow
variations in the boundaries Fr;, and Fyn,, in order to
obtain accurate results. For example, Fig. 4 shows pro-
nounced modulation of both upper and lower tendon
force constraints, originating primarily from variable
musculotendon actuator length. Further simplification
by making F; ., and F; .., constants, as has often been
described in the literature, would lead to poorer accu-
racy.

The synergistic muscle activation, found in all our
simulations, is characteristic of natural muscular activity
{Herzog and Leonard, 1991; Pedotti et al., 1978). We
have found that if minimization of bone bending moment
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Fig. 7. Net bending moment M, in four intact persons.

is incorporated, synergistic muscle coactivation and
cocontraction results. In contrast, several past studies
have used various artificially created high-order optim-
ization functions in order to add muscle synergism into
the model (Dul et al., 1984a, b; Herzog and Leonard,
1991). The synergistic activity may incorporate coactiva-
tion and cocontraction. Coactivation in general, leads to
minimal energy consumption with several submaximally
activated muscles, generating together higher joint mo-
ment, which might be otherwise achieved with only one
maximally activated muscle. However, as the energy con-
sumption relates to the second or third power of muscle
force (Crowninshield and Brand, 1981) and because the
total muscle fatigue and energy consumption are added
from all the muscles, it is more economical to use several
muscles at low activation instead of one muscle at a high
activation (e.g. ZF} < F3 if ZF; = F, F; > 0). The coac-
tivation leads to smaller energy consumption and lower
muscle fatigue. Note that neither the energy consumption
nor the consequent muscle fatigue have been made a cri-
terion for optimization: rather, their reduction results
from the minimization of the loading of the bone.

When studying the shape of the bending moment
along femur and tibia, it can be observed that net be-
nding moment agrees with the theoretical predictions of
Pauwels (1965), regardless of the subjects’ postures.
Pauwels predicted higher moment values with triangular
shape in the tibia for forward-leaning postures: this is
verified by Fig. 5(d). Also, higher values of M,, with
a V-shape in the tibia, are mostly found in backward
standing (Fig. 5(c)). The reason for these characteristic
profiles for the bending moments, originates in the mus-
culoskeletal system, and could be described as follows.
The net bending moment M, is the sum of the gravi-
tational moment M, and the combined muscular be-
nding moments M, F;. For the tibia, the triangular
muscle moment distribution, with higher value at the
ankle joint, could be found for each of the active muscles:
m. soleus, m. peroneus brevis or m. peroneus longus (Fig. 4).
This means that there is no muscle which could bi-
omechanically compensate for a rectangular or a triangu-
lar shape of M, with higher moment at the knee. The
distribution and magnitude of the moment is not critical
because backward leaning is unnatural and rarely used.
The knee moment in this case must be balanced by
m. quadriceps activity.

Additional information about the bone loading mech-
anism is evident from Fig. 6, which demonstrates that the
peaks in the minimized bending moment appear only in
bone regions with enlarged cross-sectional area. Higher
moment values are observed in Fig. 6, also in the middle
sections of the bones. Further estimation of the real
stresses is beyond the scope of this paper and any calcu-
lations of stresses, based on these bending moments and
without detailed bone data, would be speculative. In
general, higher bending moments result in an increase of
stress value, but the bone deformations are plastic, not
according to Hook’s law.

Comparing M, for several persons, no significant dif-
ference can be seen after the minimal bending criterion
has been applied. The variations of moment amplitudes
are expected because of differences in skeletal geometry
and body segment masses. However, they still remain in
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the same amplitude range even though posture changing
was subjective.

CONCLUSIONS

We have shown that appropriate muscular activity can
not only provide the joint moments required for stand-
ing, but can do so with small stresses in the long bones
and thus improve safety. The modelling results show that
this is achieved by a synergistic sharing of the external
load among the muscles. Both coactivation and co-
contraction have been found. Variations in the optimized
loadings are small among different persons in similar
postures. It can be concluded that the ‘unloading prin-
ciple’ is useful. We expect that the same would be true for
other normal activities such as standing up, stepping, etc.

Although the results are not shown here, we also found
that the active unloading of the skeleton produces small-
er bending loads in the long bones than currently used
simple four-channel FES stimulation sequences. This is
primarily due to the larger number of active muscles
which can compensate for moment peaks in intact per-
sons. Even higher loading was found when paraplegics
stood in extreme forward or backward postures, assisted
by FES of a smail group of muscles. Only with a sufficient
number of stimulated muscles, using multichannel devi-
ces with sophisticated muscle force control, might we be
able to achieve loadings similar to intact persons. At
present, use of the proposed optimization in real-time
seems to be unrealistic: the large number of force sensors
(about 10, see Fig. 4) required for practical implementa-
tion cannot easily be implemented with current implant
technology. However, the method is useful for generating
activation patterns to be applied open-loop with multi-
electrode implants.
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