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Optimal Control of Walking with Functional
Electrical Stimulation: A Computer
Simulation Study
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Abstract—Bipedal locomotion was simulated to generate a [32], or a preprogrammed sequence of stimulation patterns is
pattern of activating muscles for walking using electrical stim- applied to as many as 48 muscles [30]. Tuning the stimulation
ulation in persons with spinal cord injury (SCI) or stroke. The patterns is “hand-crafted” for each user [30]. Several more

simulation presented in this study starts from a model of the body histicated trol stratedi ted in the literat
determined with user-specific parameters, individualized with sophiStcated CONtrol Strategies are presenied in the lierature,

respect to the lengths, masses, inertia, muscle and joint properties. involving open-loop [7], [8], [30], [38], [46], [51], [56],
The trajectory used for simulation was recorded from an able- closed-loop [8], [14], [27], [28], [34] or nonanalytical control

bodied subject while walking with ankle-foot orthoses. A discrete 1], [2], [13], [22], [29], [44], [49], [50], but none is yet
mathematical model and dynamic programming were used to sufficiently practical to be widely used.

determine the optimal control. A cost function was selected as The | i i f IKi h b
the sum of the squares of the tracking errors from the desired € lower extremiues or a walking human can be rep-

trajectories, and the weighted sum of the squares of agonist and resented as a complex, multiactuator, redundant, mechanical
antagonist activations of the muscle groups acting around the hip system. Many methods have been employed to simulate the
and knee joints. The aim of the simulation was to study plausible movements of human limbs [3], [12], [25]-[28], [31], [35],

trajec_to_ries keeping in mind the Ii_m_itations imposed by the spinal [39], [40], [48], but the biomechanical models [17], [18], [58]
cord injury or stroke (e.g., spasticity, decreased range of move- ! ’ ’ ! !

ments in some joints, limited strength of paralyzed, externally aré generally very difficult to customize for a given individ-

activated muscles). If the muscles were capable of generating theual, due to their complexity and poor user interface. Hatze
movements required and the trajectory was achieved, then the [18], [21] used the traditional Lagrangian approach to derive
simulation provided two kinds of information: 1) timing of the 5 mathematical model of the total human musculoskeletal

onset and offset of muscle activations with respect to the various : . . -
gait events and 2) patterns of activation with respect to the system. The model contained a linked set of ordinary first

maximum activation. These results are important for synthesizing order differential equations that describe the dynamics of the

a rule-based controller. segments and muscles respectively. With this model Hatze [18]
Index Terms—Dynamic programming, optimal tracking, para- S|mul_ated the model with 17 segments and 46 muscles.
plegia, walking. Zajacet al. [27], [28], [56], [58] developed a planar com-

puter model to investigate paraplegic standing induced by FES.
Yamaguchi and Zajac [56] tried to determine the minimal set
. INTRODUCTION of muscles that could approximate able-bodied gait trajectories
ULTIMCHANNEL functional electrical stimulation without requiring either higher levels of force or precise
M (FES) systems with surface electrodes [32], aontrol of muscle activation. They suggested that gait was
percutaneous electrodes [5], [30] are in limited use for gaiore sensitive to changes in the on/off timing of the muscle
restoration. One of the constraints for wider usage of FE®mulus than to its amplitude. The process of adjusting
systems is the lack of efficient control. In FES system#f)e muscle activation levels was critically dependent upon
in home or clinical applications, a set of switches must kaccurately understanding the effect of each muscle on the
controlled vaolitionally for up to six channels of stimulationdynamic response of the system.
A systematic approach to include detailed biomechanical
Lo e B S5 90 T vk s ppene o by e WUl for contol of FES systerns (e.g, [10], 13}, (1), [20),
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Fig. 1. (a) Model of the body showing the definition of angles, segment lengths and interactive forces. (b) Model showing the muscles and toreress consid

relations at any point in the motion are solved on the badise body (arms, head, trunk and one leg) replaced by the
of optimizing some criteria such as the sum of muscle forcdnterface force and torque acting at the hip joint, and the
stress, jerk, etc. Optimal control methods that allow for theecond leg. The leg is modeled as a planar, two segmental
incorporation of muscle dynamics, have been used in motiinkage of rigid bodies. The effects of ground reaction are
synthesis [9] and optimal motion systems [15], [17], [33]. Prancluded at the base. The interface to the body is included as
dictions can be simulated using dynamic programming [42he input for simulation. Thus, the model simulated here is
[43]. Simulation of the system allows a better understandimgduced to a double pendulum with a moving hanging point
of the details of locomotion and it can help in developingvhich interfaces with the rest of the body and the ground. To
a feed-forward or a rule-based control paradigm. This studyake the problem tractable in a practical application, we have
follows two previous developments: 1) a semiempiric methadade some simplifying assumptions.
to determine the properties of body segments, joints andThe double pendulum representing the leg (Fig. 1) allows
muscles of a subject with spinal cord injury (SCI) [7], [47knee and hip extension and flexion within physiological limits.
and 2) simulation of an externally controlled leg [38], [42]We assume that the leg is driven by two pairs of monoarticular
[43] or arm [50]. muscles acting around the hip and knee joints (Fig. 1). Biartic-
Here we describe an off-line analysis of excitation patterngar muscles will of course add to the torques measured at each
of muscles required to produce a trajectory, taking into ajpint, but impose additional constraints that we have ignored at
count the individual biomechanical parameters of the eventuhis stage. Estimating experimentally the relative contribution
user. The model considers the whole body. The model a$ biarticular muscles is very difficult and time-consuming
decomposed to a body comprising one leg, trunk, head, ga@], but will be considered in the future.
arms and the other leg. The simulation requires the following Due to various perturbations and limited strength of the
inputs: 1) the hip, knee and trunk angles, 2) the correspondinipp and knee flexor and extensor muscles, the shank and
ground reaction forces and accelerations of the hip, and tB)gh may not perfectly track the desired trajectory. Then,
body parameters, including those of the joints and musclese modified shank and thigh trajectories from the prescribed
The outputs of the simulation are activation patterns of tlwne will alter the hip acceleration, velocity and position,
four equivalent muscles acting around the hip and knee joinkdp and ground forces, as well as the angle of the trunk.
These outputs were selected for use with a simple four chanigg treated the hip acceleration, angle of the trunk versus
functional electrical stimulation system. An equivalent musclae horizontal and ground reaction forces as inputs to the
is a flexor or extensor of a joint that replaces all the muscéimulation, so they should remain unchanged. The solution
contributing to this function [4]. Details of the optimal controlof this problem was to assume that the subject can compen-
algorithm are presented elsewhere [38], [50]. This informatiaate for the changes by volitional activity of the trunk and
can and is intended to provide an initial stimulation pattenmpper extremities acting over the walker or crutches at the
for paralyzed subjects to walk. ground.

The model does not include active ankle and phalangeal
joints, because it was assumed that a subject will wear ankle-
This study is limited to a planar model of bipedal locomofoot orthoses (AFO) when walking to control ankle position

tion. The model following the D’Alembert principle considersand provide lateral stability at the ankle.

Il. METHODS
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The following system of differential equations describes the
dynamics:
A1$s + Arpr cos(or — vs) + A3¢F sin(er — ¢s) b
— Ayiy sings — As(iig + g) coses Load
— XgLs sings + YgLs cos <p§ :. Ms Q) ~ Passive torque
Bi1¢pr + Bags cos(er — ¢s) + Baps sin(er — ¢s) 2k
— B,Zg sin YT — B;)(yH =+ g) CcoS QT d D (d))
— XgLy singr + Yo Ly cosor = My (2) . R
dd | ¢
A =Jes+msds, By =Jor +msly +medz L \ jdt
Ay =msdsLy, By=A;, Az=-As, B:3=DB;
Ay =msd;, By=msLr+mrdr,
Ay =—A,;, B;=-B,. Fig. 2. Model of an equivalent muscle acting at the knee or hip joint. See

) . text for details.
The following notations are used.

S the shank segment (including the foot); . L .
T the thigh segment; reference frame. For example, 1) hip extension is opposite to

CS,0T  the center of the mass of the shank and thigwe pqsitive directior_1,_ but 2) kn_ee extension ac’Fs in the same
direction as the positive angle in the xOy coordinate system.

segments; ) . .
H the hip joint; The muscle models used for simulation of equivalent flexor
K the knee joiht' and extensor muscles are based on the original work of Hill
a the point of gr,ound contact: [24] and Wilkie [55], which represents muscle dynamics by

ds, dy distances of the proximal joint to the centers of contractile component and nonlinear series and parallel
the masses: viscoelastic elements. The specific model used in this study

Ls, Ly lengths of the shank and thigh: is similar to the.ong presented.rec.eptly in the literature (e.g.,
ms,mr masses of the shank and thigh; [51]). As shown in Fig. 2 the actlve10|n.t torque_ depends on the
Jes, Jer  moments of inertia of the shank and thigh abodproduct of thre_e factors: the neural activation mp_uts_, _the length

the central axes perpendicular to xOy plane; and the velocity of the muscle. The knee and hip joint angles

g gravitational acceleration; ¢x = ¢r—ps andpy = pr —prr—m, and their derivatives
Fy force acting at the hip joint; are related to the length and the velocity of the shortening of

Xg,Yg  horizontal and vertical components of themuscles. Assuming that all of the muscles flexing the joint
’ ground reaction force; can be represented as a single flexor muscle, and all of the

Mg, My total torques acting at the shank and thigh Seérjuscle_s extending _the j(_)int as a single extensor muscle [4],
and using the modified Hill-based model of such muscles [53],

ments; ) ) )
M, My joint torques at the knee and hip joints; [54], [57], [58] the following equations can be used (Fig. 2):
TH, UM horizlontatl_l and vertical components of the hip M;z' =(612<P§( + oK +C1o)gf((¢r()m ()
acceleration; . 2 ) e (s
vs,or  angles of the shank and thigh versus the hori- Mif _(CQWS' toangr CQO)Q?(@‘)W ()
zontal axis (OXx); My =(ca20h + ca1p1 + c30)gy (Pr)us (6)
vK,png angles of the knee and hip joint; My = (cao3y + ca198 + €40)95 (91 ). (7
PTR angle of the trunk versus the horizontal axis o ) ) )
(OX). The coefficientse;; (7 = 0,1,2;4 = 1,2,3,4) in (4)-(7)

o determine the best second order polynomial fit through the
There are several torques contributing to the total torques . : X .
. ) experimental data recorded in able-bodied or SCI subjects,
acting at the links

and are user specific. The quadratic polynomial was selected

Ms=-Mg, Mr=Myk+ My as the simplest adequate fitting curve. The procedure for
Mg =M, — M, — My, My =M}, — M — Mj.  determination of the parameters is described in detail else-

3) where [45], [47], [50]. Note that each of the quantities are
. . , » .. _nonnegative (i.e., if the right-hand sides of (4)—(7) go negative,
Flexion of a joint is defined to be the positive dwecuoqhe corresponding torque is set to zero).
for angular changes; hence, the flexor torque is assumed tqpq normalized joint torques versus joint angular velocities
_be positive. Indexf_ls for the equivalent flexor muscle_, andin (4)—(7) are determined by
index ¢ for the equivalent extensor muscle. The contribution

of passive tissue crossing the joints is included by a ‘resistive’ C14, o <(1—ca)/c13
torque (index), which will be described below in (10) and gk (¢x) =4 1 —c13¢x, (1 - c1a)fes < i < 1/ers
(11). The difference in the signs of the extension and flexion 0, 1/c1s £ 9K

components of joint torques arises from the definition of the (8)
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TABLE | an able-bodied subject walked on a level, powered treadmill
BIOMECHANICAL PARAMETERS OF AN ABLE-BODIED HUMAN AND A wearing an ankle-foot orthoses for five minutes. The sensors
HuMAN WITH SPINAL CORD INJURY AT T79 USED FOR SIMULATION . . . o .
were: four force sensing resistors built into the insole of the
shank - S thigh - T shoe, flexible goniometers at the leg joints, and a pendulum
able-bodied SCI able-bodied SCI potentiometer z_it_the t_runk [37]. The data_ were cz_iptured at
subject subject | subject subject 100 Hz. The original kinematic and dynamic recordings were
Jo tkem?] | 0.23 021 0.19 0.18 Iow—pass.flltered at 5 Hz [52]. The components of the hip
Ll 051 0.54 0.2 0.44 acceleration were calculated using the kinematic data. Two
sets of surface electrodes recorded the EMG activities of the
d m] 024 0.26 0.18 0.19 quadriceps and hamstring muscles. The EMG was amplified,
m [kg] 45 32 8.1 7.2 rectified and integrated at intervals of 10 ms.

The mathematical model for simulation was derived in state
space. The vector of state variableszis= (21, x2, 23, x4),

el (1)’ ) ‘P{l" < _i/@?’ . wherez, = ¢s, z2 = ¢s, 23 = ¢r, 14 = ¢7. State variables
Ii(pr) =\ 1+empr, —1fen < ‘pK<< (c2a =1)/e2s i this system are constrained by the limited physiological
€24, (coa = 1)/e23 < ok range of motion ta) < ¢x < 7/2,—7/4 < oy < 37/8,

9 and 27/5 < @rr < 3w/5, which implies constraints to

The equations for the hip joint have the same form biff€ State variables < z; < b andc¢ < z3 < d, where
the coefficientscis, cia,ca3, 24 should be replaced with @ = 1-157,¢ = 0.657,b = d = 1.9757. ‘ ‘
¢33, C34, C13, Caa, TEspectively, and indexk with H. The By solw_ng the system_(l)—(Z) with respectig and4, we
coefficientsey; (i, 1,2, 3,4, 7 = 3,4) determine the slope andCan describe the dynamics of the leg controlled by two muscle
saturation level of the linearized torque versus velocity of tfAuivalents at the hip and the knee
muscle shortening. These coefficients were determined using

the method described in [50]. e 4
The control inputsu; (i = 1,2,3,4) are variables con- iy =Py +Z Gy

strained between 0 and 1, and give the level of activation i1

of each of the equivalent muscles, and their determination i3 =7y

is the purpose of simulation. We intentionally used only the 4

levels of activation to simplify the problem. A more complete 4 =Ps+ Z Gajuj. (12)
model would include the activation dynamics, meaning that j=1

the activation level will be delayed after the actual electrical The terms Py, Py, Gay, Gay,j = 1,2,3,4 are nonlinear

stimulation was applied. Then, the form of the activatio%gu

would be like a low-pass filtered pulse [51] nctions obtained as the result of a series of linear trans-

formations of the system (1)—(11), described in [38]. In order
My =dii(px — ¢xo) + diz@k + dize™ %% — di;e™*?%  to choose an admissible contrel= () in such a way that
(10) the actual trajectoryX’ = X () will be as close as possible to
r . - - the desired trajectory = Z(t) and constraining the activation
MT, =d _ d d d34‘rH_d5 dasor : i :
i = dai(ion — @ro) + dsa + daze 356 levels of muscles, we introduce the followiegst function

(11)
to+T
Equations (10)—(11) show the nonlinear resistive torqued?(w) :/ {[z1(t) — 21(O + [23(t) — z3()]?
which depend on both the joint angle and its angular velocity. to ) ) ) )
The two first terms in (10)—(11) are the contributions of + Acfui(t) +ua(t)] + Aofus(t) + ug(D]} dt. (13)

passive tissues crossing the joints (dissipative properties OtI'he cost function used for the simulation is formulated in

joints) reduced to first order functions. The other terms alfich a way that the overlap of agonist and antagonist activities

the nonlinear components of the resistive torques around ﬁgeminimized rather than the total activity of all muscles.

terminal positions, and. are modeled as QOUble eprnem[%tails of the optimization used for the simulations are in
curves [47]. The determination of the resistive torques is cony-

plex in humans with SCI. The parametets (i — 1,3, j — e Appendix. The algorithm was implemented using MatLab

1,2,3,4,5,6) were determined from the experimental datg'zc'l_SImu“nk’ Ver 1.3a on a PC platform.

[47]. The anglespko, vuo are the neutral positions for the
knee and hip joints where the net moments are zero. Lengths
and inertial parameters depicted in Fig. 1 and needed forThe results show the simulation of an able-bodied human
simulation were determined using the procedure describedwalking, as well as a subject with SCI. The gait data for both
[47] for each individual subject (Table I). simulations (Fig. 3) were prepared using the experiments in
The input file for the simulation was prepared using than able-bodied subject (M.P. femalH, = 1.64 m; M = 56
processed data consisting of the angle of the trunk versus Kgg. She walked wearing ankle-foot orthoses which limited the
horizontal, the hip and knee joint angles, the hip acceleratiptantar flexion to 8, and dorsiflexion to 8 The orthoses sim-
and the ground reaction forces. Data were recorded whileated the common pattern of walking by paraplegic subjects

I1l. RESULTS
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TABLE I
PARAMETERS DETERMINING THE JOINT TORQUES AT THE HIP AND KNEE JOINTS FOR
AN ABLE-BODIED HUMAN. ALL PARAMETERS HAVE DIMENSIONS IN INTERNATIONAL SYSTEMS

73

¢1g=61.6 ¢, =154 ¢y =-9.24 ¢,3=0.06 ce=12
3y =56.45 ¢y =368.67 ¢ =-128.77 | c3=0.04 =15
cy0=206 ¢y =76 cyy=-54 c33=0.05 cyy=1.2
cip=158.4 cy=114.84 cp=-52.8 c43=0.04 cu=15
d;;=9 dy;=0.5 dy3=0.002 d,,=5.02 dy5=50.61 d1g=-29.32
dyy =10 dy,=0.6 d3,=0.84 dy,=2.5 dy5=0.05 dy=-14.99
2 A
HIP ACCELERATION [m/s ] —— SIMULATION DESIRED TRAJECTORY
e ZONT!, v / —
10 - HORIZONTAL, VERTICAL = o6
= 2 © :
B il ..v ﬁ .v e
0 w%v %‘j? X 0.4
s A . S U
-5 Je oW v .
] % ~
-10 , o 0.2
Z,
-«
1.7 0.0
\.. .o'/.\.- :g‘ 0.2
'.. rd '.. & S
144 K% = 0.1
| S
3 0.0
ANGLES ¢ [rad] 2
0.8 { « KNEE JOINT; - HIP JOINT | < -0.1
!\.. .’\. .A. Y H p—— T T T aaae
0.4 - Y % FAY I 0 1 2 3 4 5
7 TIME [sec]
—0.4 T T Fig. 4. Desired (input) and calculated knee and hip angles for the able-bodied
subject. The error, that is the difference between the desired and calculated
GROUND REACTION FORCES [N] trajectory, is very small.
800 17+~ HORIZONTAL, -~ f;}&»l‘[(}AL |
600 7 sy~ N § T ! errors in radians were defined
400 17 ’ Ea v o i
200 ¥ L T LT . n n
0 - —— X N CK = Z lor, — @i |/n, en = Z lom, — €l /n
—200 | , ‘ izt im1
0 1 2 3 4 )

These errors have been calculated for the whole sequence
TIME [sec] of walking (230 consecutive strides) using the values sam-
Fig. 3. Set of input data used for simulation for both, the able-boded subjeRlﬁd at every 10 ms. The magnitude of errors aje =
and the subject with SCI. The graphs present four consecutive stride cydk8124,¢y = 0.083 radians, with the standard deviations
starting with right heel contact. The simulation was running for many strides,.. — (.0104. 0 = 0.065 radians. The maximum absolute
but only four strides are presented to show the consistency of the model, ang OH .
the variability from stride to stride. errors wereey,,,, = 0.06, ey, = 0.13 radians.

The joint torques (Fig. 5) were determined using the mini-
and reduced the complexity of the mathematical problem (se®im cocontraction assumption (see Section Il and the Appen-
Section 1), but did require additional forces from proximatlix). The profiles of joint torques are in agreement with data
muscles to compensate for lack of plantar flexion, for example. the literature for gait with a fixed ankle joint [52].

The stride length varied betweel = 0.88 m andA = 1.08 The simulation output is a set of discrete activation values
m, with a stride cycle betweehl = 1.24 s andZ = 1.35 s. for four muscle groups (Fig. 6). The agonist and antagonist

The body and muscle parameters determining the relauscle are deliberately presented in opposite directions to
tionships between joint torque, joint angle, angular velocityraphically display that their effect is inverted. The maximum
and activation for the able-bodied subject are summarizeddativation is assumed to be 1, while the resting muscle is
Tables | and II. The neutral angles wesgo = 0.5, 0o = 0. described with the activation value 0.

Fig. 4 shows the recorded joint angles superimposed onThe simplest validation of the simulation results is to show
the results of simulation. To measure the quality of trackirthat the actual activity of muscles (EMG) coincide with the
the difference between the desired angles, ¢y and the calculated activations (Fig. 7). Note that the recorded EMG
calculated valuegy, , ¢, were determined. The mean absolutactivities are from both monoarticular and biarticular muscles,
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JOINT TORQUES [Nm]: — M, - - - M, ——— CALCULATED ACTIVATION OF KNEE MUSCLES
= 150 4 , [ NORMALIZED, RECTIFIED AND INTEGRATED EMG
S 1.0 : . —
> ] M.HAMSTRINGS
é 100 g {
£ 50 A ?3 0.5 b % " \W I
H ; 7 : { :‘» I i %;‘
o | = i | ,:E.( “‘vr i I il i,
Z 0.0 4 |||l| A H! iJ..!._;.,},nu :_v;l;“ H, "='i~“l'I
S 50 o P 1 a1
z 2 il i Wl i b
B =100 o 2 05 4 v :
=) &5 f
7 &
=190 : v = M.QUADRICEPS |
1 2 3 4 5 1.0 : : : : _—
1 2 3 4 5
TIME [sec]
TIME [sec]

Fig. 5. Calculated joint torques at the hip and knee joints for the able-bodied o ) »
subject. Fig. 7. Calculated activations of knee muscles and normalized, amplified,
rectified, and integrated EMG recordings from the hamstrings and quadriceps
muscles for the able-bodied subject.

ACTIVATION OF KNEE MUSCLES

1.0

é (@) The simulation of the gait of a subject with SCI with a lesion

= 0.5 at 119 level (C.M., female,H = 1.61 m, M = 52 kg) was

= done by using her body and muscle parameters (Tables | and

0.0 ), but the trajectory recorded from the able-bodied person

g walking on the powered treadmill (Fig. 3). The externally

Z 0.5 activated muscles generate forces that are smaller than the

» forces generated volitionally by the able-bodied subject; thus,

= 1o : : : e the SCI subject was not capable of developing the joint
ACTIVATION OF HIP MUSCLES torques that are needed to track the desired trajectory. Fig. 8

" 1.0 T ' ' ' T shows that due to this limitation the tracking errors were

> considerably more than the errors found in an able-bodied

j 0.5 subject. The tracking errors for the subject with SCI (Fig. 8)

= reachedey = 0.0364,25 = 0.1560, the standard deviations

~ 0.0 were o = 0.0516,05 = 0.1611, and the maximum errors

2 ek, = 0.177,ey. = 0.293 radians.

5 05 The simulation shows that for a subject with SCI there is

5 a noticeable difference between the desired hip joint force

Iy and torqueM y, and calculated force and torqu€;, M7,
imposed by the tracking error. The mean absolute error in the
TIME [sec] force and torque were defined ag,, = (1/n) X7, |Fy —

Fig. 6. Calculated levels of activation of equivalent monoarticular muscldgf| andey, = (1/n) X7, |Myg — M};|. Those reached

at the hip (b) and knee joint (a) for the able-bodied subject. The top parts = 14.77 N, €5, = 9.21 Nm with the standard devia-
both panels show the activation of flexor muscles, and the bottom parts k e ' i

extensors. Note that because of the selection of the cost function cocontracOiS 0 F; = 12.33, 06, = 8.82. The maximum difference

is minimized in the simulation. between the forces isp, ,, = max|Fy — Fj;| = 51 N, and
between the joint torquesy,,, ., = max |My — M| = 14.6

- - S Nm. Both occur at near maximum magnitudes and could be
and that the principle of minimum cocontraction is presum- . Lo
compensated by upper extremity effort to help maintain the

ably not used for ‘normal’ walking. The EMG patterns are asired trajectory.

normalized to the maximum EMG activity recorded off-line Figs. 9 and 10 show the calculated joint torques and activa-

when_ the subject was asked to_generat_e a t_etz_smlc contract!orﬂc% profiles for the person with SCI. Note that the activations
the given muscle group. Despite the simplifying assumptioQgyrate. hecause the muscles are not strong enough to generate
there is a reasonable agreement between the observed quate joint torques. We selected a trajectory for presenta-
and predicted activation (Fig. 7). The similarity of patterns angy, where a gait pattern was achieved that was close to the
timing validates the simulation method to some extent. Thgsired one, even though the muscle activation saturates.
main discrepancy is the existence of cocontraction in the EMGonly two examples are shown here to illustrate the al-
recordings which is not seen in the simulation. This differenggyithm. However, we tested numerous sets of input data
is due to the selected cost function (see Section IV). Thghich were collected in volunteer subjects, and the results
minimization of cocontraction will lead to decreased periodgere similar. Variation of the parameters by 10% for the
of activating stimulated muscles, which is beneficial from th&ble-bodied subjects produced little change in the accuracy
point of view of muscle fatigue, but may lead to unexpectesf tracking. However, with the weaker muscles after SClI,
situations because of the low stiffness of the joints. the simulation sometimes became unstable, as is true in most

1 2 3 4 5
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TABLE I
PARAMETERS DETERMINING THE JOINT TORQUES AT THE HiP AND KNEE JOINTS IN A HUMAN WITH SPINAL
CORD INJURY AT Tho LEVEL. ALL PARAMETERS HAVE DIMENSIONS IN INTERNATIONAL SYSTEMS

cg=28 ¢, =07 cp=-4.2 c3=0.1 cu=1.4
Cy=43.2 ¢, =282.15 5, =-98.55 €3=0.3 cp=1.2
cy=167.37 3, =61.75 3, =-43.87 ¢53=0.03 cyy=1.4
cyp=108 ¢y =783 Cqp=-36 ¢43=0.06 cpuy=12
dy, =17 d,,=0.6 d,3=0.005 d,4=5.048 d;5=98.57 dyg=-28.56
dy, =16 d;;=0.7 dy3=1.67 dy,=2.51 dys=0.1 dye=-15.04
—— SIMULATION - - — DESIRED TRAJECTORY 10 ACTIVATION OF KNEE MUSCLES
< 0.6 =
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Fig. 8. Calculated trajectories of the hip and knee joints superimposed over 1.0
the desired trajectory for the simulation of walking for a human with SCI. 1 2 3 4 5
Note that the tracking error is much bigger than the one presented in Fig. 4.

TIME [scc]
JOINT TORQUES [Nm]: M, ---M Fig. 10. Calculated activities of the equivalent hip and knee flexor and
K }f extensor muscles for a human with SCI injury. Note that there are phases
z 150 A : ) of the gait cycle where the level of activity is equal to one, i.e., the muscle
= : h ; ;
2 100 | ha; to be st_|m_u|ated to generate tetanic contraction, Whlch could be very
51 fatiguing. This is caused by the fact that the muscle forces in a human with
g 50 SCI are substantially smaller than those in an able-bodied subject. The gait
pattern is the same as the one used for simulating the locomotion of the
- 0 able-bodied subject.
2 -50
n
é—mo perfect tracking of the desired trajectories. The parameters
Z5-150 | , were varied to determine the range in which the simulation
) 5 N . . algorithm generates the patterns of activation and ensure
tracking. The maximum torques versus joint angle could be
TIME [sec] decreased by 30%, which is equivalent to a change of the
Fig. 9. Joint torques at the hip and knee joints for a human with SCI injurgoefficients ¢;;,¢ = 1,2,3,4;5 = 0,1,2 by about 20%.

The gait pattern is the same as the one used for simulating the locomot|gitreasing the maximum torques over the range of joint angles
of the able-bodied subject. affects the simulation by reducing the levels of activation.
The coefficientsc;4,i¢ = 1,2,3,4 can be decreased up to
nonlinear systems. This required a sensitivity analysis of th@% which results in increased duration of muscle activations
algorithm to variation of the coefficients. There is no exadteing saturated. The coefficients, ¢ = 1,2, 3,4 affect the
method to test the sensitivity of a nonlinear system, so tk@nulation very little and they can be reduced up to 90%.
sensitivity was tested empirically by varying the parameterghe increase of the coefficients;,i = 1,2,3,4,5 = 3,4
The values of parameters determining the joint torques versaffects the simulation by decreasing the levels of activations.
joint position, joint torques versus joint angular velocitiesThe coefficients determining the passive behavior of the joints
and passive joint torques were selected to ensure almdgt: = 1,2,3,4;5 = 1,2,3,4,5,6 can be increased by
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80%, and the algorithm will generate the output, while the In practical FES systems the activity can only be changed
coefficientsd;; can be increased by more than 80% befonghen a new stimulation is provided which is typically every
the simulation becomes unstable. The body parameters camBeor 50 ms (25 or 20 Hz). This is considerably longer than
varied by 20% without causing instability of the algorithm, buthe 10 ms interval used in the analysis, but a shorter time
the patterns of activation will change. The sensitivity of thenproves the stability of the linear programming method.
system is highest to changes in the gait pattern. If the groundA weakness of this model is that it reduces locomotion to
reaction forces are asynchronous with respect to the jomplanar system, and includes only four actuators per leg. The
angles by 5%, the simulation becomes unstable. Similarlggmplexity of the optimization algorithm was the main reason
the trunk angle must be synchronous with respect to the jotntselect this reduced model. The limitation of the analysis to
angles to within 10%. only four muscle groups is still suitable for the design of an

FES system which commonly only has four to six channels of

IV. DiscussioN stimulation for walking with ankle-foot orthoses.

This study starts from a model of the body determined The use of a multiplicative model of joint actuators is
with user-specific parameters, individualized with respect taivantageous, compared to other biomechanical models that
the lengths, masses, inertia, muscle and joint properties. Thelude muscles and their tendinous geometry, because the
trajectory used for simulation was recorded from an abl@ctual characteristics of the actuators can be determined ex-
bodied subject while walking with ankles fixed using ankleperimentally. Models dealing with muscle forces require a
foot orthoses. The aim of the simulation was to study plausibdemplete knowledge about the actuators such as: muscle force
trajectories keeping in mind the limitations imposed by the S@krsus length, muscle force versus velocity of shortening,
(e.g., spasticity, decreased range of movements in some joigisometry of insertion points, elasticity of tendons, etc. The
limited strength of paralyzed, externally activated muscleshuscle forces or tendon properties can not be measured
If the muscles were capable of generating the movemewligectly and estimation of all the anatomical data for a given
required and the trajectory was achieved, then the simulatiombject (e.g., point of tendon insertion, position of the center of
provided two kinds of information: 1) timing of the onsefotation, etc.) is almost impossible. As a result these detailed
and offset of muscle activations with respect to the variowsodels are generally not customized for individual subjects.
gait events; and 2) patterns of activation with respect to theThe validity of the model was illustrated by analyzing
maximum activation. the actual EMG recordings and calculated patterns of acti-

These results are very important for the synthesis of a rulgation for the able-bodied subject. The differences between
based control as stated in the Introduction. A rule-based contiieé two superimposed functions are due to: 1) the calculated
operates with a finite state representation of locomotion. Thigtivations correspond to minimal cocontractions and 2) the
finite state representation models walking as a sequenceredordings are from both biarticular and monoarticular mus-
sensory states, and corresponding joint states, and needs @fdg while the activations correspond only to monoarticular
the timing of the onset and offset of muscle activations. Thauscles. The mean absolute tracking errors for angles at the
rules are executed as the need for a transition is recognizedkbge and hip joints calculated using the simulation results
changes in the sensory state; then a new motor commancigl desired trajectories were very small, if the muscles could
issued. A sequence of state changes, turning muscles on gederate the joint torques without being saturated. The input
off, can lead to jerky movements. data varied from stride to stride, but the error remained small

A possible solution to minimize jerks when using finitelue to the optimization algorithm (not shown).
state control is to introduce “soft” states into the rule-based For the SCI subject the mean absolute tracking errors were
control. These “soft” states include the continuous pattern séveral times larger than those calculated for the simulation of
stimulation for individual muscles, rather then finite states thatalking for the able-bodied subject. This finding was expected,
are either on or off. The “soft” states improve the contrdlecause the muscle forces from the subject with SCI are
because they resolve variations in 1) the musculo-tendonausaller than the forces that an able-bodied person can develop.
geometry from person to person, 2) the individual joint torquasle analyzed components contributing to the joint torques and
as a result of the disuse and atrophy of muscles, 3) tfeund that the contribution of inertial torques and torques
increased muscle tone which may functionally decrease ttige to the ground reactions are dominant. In fact, the ground
range of movements, 4) spasticity which can be very strongaction forces primarily produced the errors.
and interfere with the process of locomotion. Sudden perturbations were not studied, since the model was

The results presented are directly applicable to the synthmt developed for real-time control. If perturbations can be
sis of “soft” states. There is a consistent reproducibility adescribed in terms of external torques versus position, velocity
the calculated activity of joint flexor and extensor muscles time, they could be integrated into the mathematical model.
corresponding to the specific phases of the gait cycle. However, a person using an FES system will be expected to
addition, the timing is congruous with the timing of musclebalance using arm supports, so perturbations can be corrected
in able-bodied subjects. The level of activity depends on the some extent by volitional activation of trunk and arms.
individual biomechanical features. In an able-bodied subjectEven though the walking was rather slow, relatively large
(Fig. 6) the muscles are strong enough and activations do fainht torques were still needed, compared to the data in the
saturate, while in a human with SCI (Fig. 10) the maximuditerature for able-bodied humans walking [52]. This increase
joint torques are not adequate and activations saturate.  results from the use of ankle-foot orthoses and the limitation
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to monoarticular muscles. Biarticular muscles (e.g., rectus Yin =x17n+2hx27n+hQP27n

femori; m.) are well_suiﬁeq for s_imultaneous fl_exion and Yan =3 n + 2hay , + 2P, (A3)

extension of neighboring joints which occurs during several o o o " o

phases of the gait cycle, so integration of these muscles into th&onsidering the limitations in the maximum activity of

model should decrease the levels of activation. The inclusiBi!scles, the set

of biarticular muscles would introduce further redundancy. ¢ — {(ug, w2, us,14): 0 <up <1 (k=1,2,3,4)}

This increased redundancy could be resolved by using a cosﬂ

function that separates the effects of biarticular and mono ' o L ,

ticular muscles, or by simple algebraic constraints betweg‘ﬂ" _be called admissibleif u(f) € € and it is piecewise

the torques generated by the monoarticular and biarticuffntinuous forty < ¢ < to + T _

muscles. However, determining appropriate constraints will The motion of the leg is determined by the angles

require further study, and would require data that may be vepg = 21 and o7 = x3. Accordingly, we call X(¢) =

difficult to measure in subjects with SCI. (w1(t),w3(1)), t0 < t < to + T, the trajectory. A trajectory
The cost function used for the simulation minimizes thwill be called admissibleif the state variables are within

overlap of agonist and antagonist activity, but not the totphysiological constraintss < z; < b andc¢ < 23 < d,

activity of the two muscle pairs. Reducing cocontraction wilvherea = 1.157,¢ = 0.657,b = d = 1.9757. Let Z(t) =

reduce muscle fatigue by providing rest periods for the musgle, (¢), »3(t)), wherez,, z3 have physiological limitations, be

during each step. Fatigue is often the limiting factor in applicghe desired trajectory of the functional movement. We assume
tion of electrical stimulation to subjects. However, the absengeyt

of cocontraction may not be completely beneficial, because
in many activities, including gait, cocontraction increases":0 ~ #1.0> FLN = FLN, 30 = Z3,0, I3,N = Z3N-
stiffness and the resistance to perturbations. Including cocon- o ] (Ad)
traction would require a modification of the cost function (13). In order to choose an admissible contiol= «(t) in such
Even where the simulation shows that the gait pattern &Way that the actual trajectory = X(¢) will be as close as
achievable, it only represents a starting point for fitting an FE®Ssible to the desired trajectody = Z(¢), by constraining
controller to a person with SCI. The ground reaction forces aiitgt the energy used is minimal we introduce the following
hip accelerations will be different in a person with SCI becausest function:
of the use of upper-body support and a walker or crutches. In to+T ) y
future work we plan to test whether this model-based approacf(%) = /t {zr(®) — 2] + [w3(t) — 25(t)]
offers practical advantages in determining initial stimulation ’
patternps for a person Wi'[?’l SCI, compared ?o the trial and error + A (t) + ua ()] + Aoz (1) + ui(B)]}- dt (AS5)
methods that are generally applied. The cost function used for the simulation imposes that the
overlap of agonist and antagonist activity is minimized, but
) APPENDIX ) ) at the same time the total activity of two muscle pairs was
The discrete form of (12) can be obtained if we u& ot optimized. The values ofi, \» can be varied between 0

(I'=to)/N,tn = to +nh A(n=0,1,--- . N)whereNisa o4 1 and in the simulation presented they were both set at
sufficiently large integer antly — to = 7" is the stride cycle. the value 1

Further, for anyz = x(f) we putz(f,) = z,. Then, using A discrete form of the cost function is

be designated as theontrol region A control w = u(t)

the approximationi(t,,) = &, = (x,+1 — x,)/h the motion N2
can be described in the form R(u) =h Z (X tn) 7y 1(Xn_1,un_1)|  (A6)
T A x1,+ hx n=0
bt L 2n . - where the terms:,,, 7 _1 are determined by
2 2 2 2
Topt+1 RI2p + h Py, + Z ngmujm 7’n(Xn7 un) = )‘l[ul,n + u?,n] + )‘2[u3,n + u4,n]
L Jj=1 ] +(z10 — Z1,n)2 + (235 — Zg,n)2
T3.n+1 N T3,n + h$4,n 4 2
4 + | v10 — 21g2 + 1 Z G2jnthjn
Taptl R Lap + h P47n =+ Z G4j7nu]'7n j=1
L Jj=1 ] 4 2
Fi,N = Fi0 (i=1234) (A1) + | Y3 — 23042 + 1 Z Gajnljn
and, after some manipulation and rearrangement j=1
4 (n=0,1,---,N —2) (A7)
T1nt+2 RY1n + h? Z G2jnltjn and
j=1

. 7’N_1(XN—17UN—1)
$37n+2 ~ y37n + h2 Z G4J7nuj7n (A2) = )\1 [u%71\f_1 + u%,]\’_l]
j=1 + Ao [U'g,l\f—l + U/i]\r_l]- (A8)
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The optimization is now reduced to the system of (A9)

Orp (X, tin)
auk,n

[14]

=0 (k=123,4). (A9)

[15]
Let the W, = [T1 n,Uo,n, Usn, Us,]® be the solution of

(A9). Then the requested optimal control is [16]

0, Ujn <0
-0 _ )=, 7 17]
W =4 Uiy 0S Uy <1 (A10) |
1, Ujn > 1. [18]

__Let the solution of the system of (A1)-(A3) be the vectorig]

X = [T1,0,T2,n, T3,n, Tan)- Then
n [$17n7$2,n7$3,nax47n] en, put [20]

a Tip<a
’ ’ [21]
7, ={Tin, a<F,<b (A1)
b7 fl,n > b
c, T3n <C (22]
T3, =4 Tan, €<T3,<d (A12)
d, T3 n > d 23]
Th, =Ton: Ti, = Tan- (A13)

If {@%,X.} are admissible, then they are the requiref*!
optimal control and trajectory of the hip-knee system for thes)
time intervalty < ¢t < to + 7.

Further details are described in Popbst al. [41], [42] and
Tomovic et al. [49].
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