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SUMMARY

In this study, we attempt to quantify the relationship
between significant arm-clutch loading, leg restriction, and
motor paralysis, and analyze lumbar joint trajectories in the
orthotic gait of paraplegic subjects and in the ordinary and
orthotic gaits of a normal subject, by using an inverted
pendulum model. With leg restriction, the trajectories are
located in front of an equilibrium point of the inverted
pendulum, and the loading is higher due to the influence of
the gravity moment. Comparing the trajectories of paraple-
gic and normal gait with orthosis in the horizontal plane,
the trajectory in the paraplegic subjects was rectilinear,
while that in the normal subject was curved in the direction
toward the equilibrium point. The loading is lower in the
curved trajectory than in the straight trajectory because of
the trade-off between gravity and inertia. These results
suggest that the increase in the distance between the trunk
movement and the equilibrium point of the inverted pendu-
lum results in significant loading due to leg restriction and
motor paralysis in the orthotic gait of paraplegics. © 2007
Wiley Periodicals, Inc. Electr Eng Jpn, 161(3): 10–21,
2007; Published online in Wiley InterScience (www.
interscience.wiley.com). DOI 10.1002/eej.20533
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1. Introduction

Patients with spinal cord injury (SCI) cannot activate
the muscles related to the injured spinal block. Injury of a
high spinal block results in a large region of paralysis,
affecting not only the leg muscles but also the trunk mus-
cles. Although most SCI patients use a wheelchair for
mobility, life in a wheelchair often results in a reduction of
musculoskeletal functions, such as joint contracture, mus-
cle atrophy, spasticity, osteoporosis, and subsequent frac-
tures of the lower extremities. To maintain and improve
musculoskeletal functions, loading the paralyzed lower ex-
tremities and expanding the range of motion are important
considerations [1–3].

To prevent secondary complications, paraplegics are
trained to walk and stand wearing an orthosis that enables
standing and ambulation for short distances by restricting
the movements of the paralyzed joints. Hip-knee-ankle-
foot orthoses (HKAFO), such as the reciprocating gait
orthosis (RGO) or ParaWalkers, are among the most com-
mon types of orthoses [4, 5]. In HKAFO, a pelvic band
supports the trunk; these have been used for high thoracic
SCI. However, it is difficult for patients to put on an orthosis
by themselves and they require a significant amount of
assistance. On the other hand, knee-ankle-foot orthoses
with a medial-single-hip joint (MSH-KAFO) are orthoses
without pelvic bands; these have the advantage that para-
plegic patients can put them on by themselves while seated
in a wheelchair [3, 6]. MSH-KAFOs have been used with
lower thoracic SCI because the paralyzed thoracic, lumbar,
and hip joints are not restricted. To support their inde-
pendent lives, reduced assistance is desirable. Therefore,
we address an orthotic gait using the MSH-KAFO.

Although a paraplegic can walk with an orthosis and
a pair of crutches, the distance of continuous ambulation is
short due to high arm loading. The hand pain due to the high
reaction force of crutches is also one of the factors limiting
the walking distance. Nene and Major evaluated the ground
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reaction force patterns during paraplegic gait with HKAFO
[7]. They showed that crutch loading increased during the
single support phase, and concluded that the bending of a
pelvic band by the lateral trunk movement would induce a
large burden for paraplegics. Jefferson and Whittle com-
pared three types of HKAFO with respect to gait kinemat-
ics. In all types, the lateral movement of the pelvis is
significantly greater than in the normal gait [8]. The lateral
movement of the pelvis is caused by interference with
foot-floor clearance due to the fixation of the knee joint at
the complete extension position. Although the orthotic gait
of paraplegics has been evaluated kinematically or dynami-
cally, few studies have assessed both the kinematic and
dynamic aspects, which is necessary in order to investigate
the efficiency of the gait and to improve the gait pattern and
the design of orthotic devices.

In the orthotic gait of paraplegics, significant arm
loading is caused by leg restriction and motor paralysis. In
the design of a novel gait orthosis or a power assist mecha-
nism, a specification of the joint degrees of freedom would
severely affect the gait pattern and the effort of the upper
extremities. Therefore, for the improvement of locomotor
function by assist devices, it is necessary to assess the
influences of the leg restriction and of motor paralysis
during the orthotic gait.

In the present study, we analyze the kinematic differ-
ences and the influences of gait dynamics induced by leg
restriction and motor paralysis. The orthotic gait of para-
plegics and normal subjects and ordinary gait of normal
subjects were measured to separate the influences of leg
restriction and motor paralysis. Comparing the orthotic
gaits of paraplegics, we evaluate the influences of leg
restriction and motor paralysis. An analysis based on a
dynamic model enables us to assess their efficiency in terms
of dynamic quantities, and to provide some indicators to
improve gait orthoses or power-assist devices. Further-
more, a parametrization of the features of gait kinematics
and a model simulation based on the parameters allows a
systematic analysis with respect to the influences to be
made. However, it is difficult to simulate musculoskeletal
dynamics accurately, due to the complexity of the physical
constraints and the uncertainty of the physical parameter
values, such as the inertial moments of the body segments
and the viscoelasticity of the joints in paraplegics. On the
other hand, simplified modeling avoids these problems and
provides useful suggestions to understand the complex
movements [9]. An inverted pendulum model is one of the
simplest models to analyze the bipedal gait of humans [10,
11]. During the single support phase, the point of mass of
the inverted pendulum is assumed to be the body’s center
of mass and the pivot point is assumed to be an ankle joint
of the supporting leg. Some studies have suggested that the
movement of the body’s center of mass shows a ballistic
trajectory utilizing gravity, and that the external work is

small in the ordinary gait of normal humans. In the orthotic
gait of paraplegics, the reaction force of crutches can be
regarded as external force acting on the point of mass of the
inverted pendulum. Therefore, analysis of an inverted pen-
dulum model is effective in quantifying the contribution of
the external forces induced by leg restriction and motor
paralysis. The lumbar joint position is located near the
center of mass position and the movement of the lumbar
joint position might strongly affect the arm loading [10]. In
this study, we analyze the lumbar joint trajectory using an
inverted pendulum model, and assess the influences of leg
restriction and motor paralysis on the basis of gait kinemat-
ics and dynamics.

2. Experimental Measurement of Gait Movement

2.1 Method

2.1.1 Subjects

Two paraplegic subjects (subjects 1 and 2) and one
normal subject (subject 3) participated in this experiment.
The levels of injury in subjects 1 and 2 were the 10th
thoracic vertebra (T10) and the 6th thoracic vertebra (T6),
respectively. Subject 1, a 42-year-old male who was 180 cm
tall and weighed 76.1 kg, was 16 years postinjury. Subject
2, a 37-year-old male who was 172 cm tall and weighed
73.1 kg, was 3 years postinjury. Subject 3 had no muscu-
loskeletal or neurological dysfunction. The subjects were
informed of the objectives and procedures of the experi-
ments and gave written consent for their participation.

2.1.2 Procedure

The paraplegic subjects walked with a Primewalk-
type orthosis and Lofstrand forearm crutches. The ankle
joints were restricted in a slightly dorsiflexed position and
the knee joints were restricted in the completely extended
position with the orthosis. The hip joints were not restricted
to extension/flexion movement. As shown in Fig. 1, the
subjects wore a soft corset in the pelvic position and the
movement of the lower joints of the trunk was slightly
restricted. The subjects underwent some stretch exercises
for contracture of the leg joints and performed some or-
thotic gait trials before the measurement trials. As shown in
the right part of Fig. 1, 15 markers were attached to the
subject’s body. The marker positions were measured with
an OPTOTRAK three-dimensional position measurement
device (Northern Digital Inc.) at 100 Hz.

For normal subject 3, gait movements with the fol-
lowing four conditions were measured.

(1) Ordinary gait with stride length of subject 1
(2) Orthotic gait with stride length of subject 1
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(3) Ordinary gait with stride length of subject 2
(4) Orthotic gait with stride length of subject 2

Marks indicating the stride length were attached on the
walking path. In conditions 1 and 2, the subject wore the
Primewalk orthosis but did not wear the corset. As in the
case of the paraplegic subjects, the 15 markers were at-
tached to his body and the positions were measured. Since
the duration of the double support phase was too short to
detect the gait events of heel-contact and toe-off from the
measured position data in the ordinary gait, pressure sen-
sors were attached to the shoe soles and the pressure data
were measured at 100 Hz.

2.1.3 Analysis

Missing measured position data due to marker occlu-
sion were supplied by using cubic spline interpolation. The
measured position data in the orthotic gait of the paraplegic
and normal subjects were filtered through a low-pass filter
with a cutoff frequency of 5 Hz. The gait events were
determined from the velocity of the toe position. In the
ordinary gait of the normal subject, the position data were
filtered with a cutoff frequency of 10 Hz, since the gait cycle
was short. The gait events were detected from the foot
pressure data. One-cycle position data from the toe-off to
the next toe-off of left foot were segmented. The 15 data
sets of one-cycle time series were chosen at random.

The duration of the gait cycle, the stride length, and
the gait velocity were calculated from the 15 data sets. For
examination of the control of the stride length, a one-way
analysis of variance (ANOVA) was performed. The level of
significance was set at p < 0.05.

As shown in Fig. 2, a geometric human body model
with 12 rigid body segments and 21 joints was defined to
assess the joint angles of each condition and to reconstruct
the movement of the joint positions and body segments. The
joint positions and joint angles were calculated on the basis
of a homogeneous transform representation (see Appendix
1) [12]. We addressed the movement of the lumbar joint
represented as (x, y, z) in Fig. 2. This position corresponded

to the lower block of the lumbar spine (from T3 to T5). The
15 trajectories of the lumber joint were normalized to the
mean gait cycle by cubic spline interpolation. Sub-
sequently, the normalized trajectories were averaged and
the mean trajectory was calculated by a fifth-order Fourier
series approximation to satisfy boundary equivalence.

2.2 Results

2.2.1 Spatial and temporal parameters

The mean and SD values of the gait cycle, the dura-
tions of the gait phases, the stride length, and the velocity
are shown in Table 1. The results of ANOVA indicated no
significant difference of stride length between the orthotic
gait of paraplegic subject 1 and conditions 1 and 2 of the
normal subject [left leg: F(2, 42) = 2.61, P = 0.085, right
leg: F(2, 42) = 1.03, P = 0.36]. In addition, no significant
difference was found between paraplegic subject 2 and
conditions 3 and 4 [left leg: F(2, 42) = 0.76, P = 0.47, right
leg: F(2, 42) = 2.35, P = 0.10]. The gait cycle of the orthotic
gaits of paraplegic and normal subjects is larger and the
velocity is lower than that of the ordinary gait of the normal
subject. Comparing the duration of the gait phase, it was
found that the decrease in velocity resulted from an increase
in the duration of the double support phase.

2.2.2 Gait kinematics

Stick figures are shown in Fig. 3, where the time
interval of the stick diagram is set at 100 ms. The stick
figures represent the movements of the body segments
during two gait cycles. In the orthotic gait of paraplegic
subject 1, the trunk inclined backward during the single
support phase and forward during the double support phase.
In paraplegic subject 2, the trunk inclination alternated
between upright and forward. In the orthotic gait of the

Fig. 1. Experimental environment.

Fig. 2. The position, attitude, and joint angle of human
skeletal system with crutches.
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normal subject, the trunk was kept in a forward inclination.
In the ordinary gait of the normal subject (3), the trunk was
kept in an upright posture.

The mean lumbar trajectories of each condition are
shown in Fig. 4. The figures in the left column show the
trajectories in the frontal plane and the right column figures
show those in the horizontal plane. Figure 4 shows the
trajectories only under large stride conditions because those
under small stride conditions are the same as those under
large stride conditions. For all conditions, peaks of the
vertical displacement were found in the single support
phases, and differences in the lateral peaks were found
during the double support phases in the orthotic gait of

paraplegic subject 1, at toe-off in the orthotic gait of the
normal subject (3), and during the single support phases in
the ordinary gait of the normal subject. The vertical and
lateral displacements were the smallest in the ordinary gait
of the normal subject and the largest in the orthotic gait of
paraplegic subject 1. The lumbar joint position moved
toward the stance leg side at heel contact, and toward the
swing leg side in the orthotic gait of paraplegic subject 1.
In addition, the shape of the trajectory during the single
support phase was rectilinear in the paraplegic subjects,
while the trajectories were curved in the orthotic and ordi-
nary gaits of the normal subject with respect to the horizon-
tal plane.

Table 1. Temporal and distance factors in each experimental condition. Numbers in parentheses of first column denote the
experimental condition of the normal subject. Values in parentheses of other columns denote standard deviation

Fig. 3. Stick pictures of the gait in different conditions.
Fig. 4. Lumbar joint trajectories in the frontal plane

(left column) and in the horizontal plane (right column).
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2.3 Discussion

The velocity of the orthotic gait was lower than that
of the ordinary gait of the normal subject. This result
suggests that the leg restriction increases the duration of the
double support phases and decreases the velocity. The
increase of the double support phases might be caused by
weight bearing which involves a forward inclination move-
ment of the trunk. This trunk movement would be required
to compensate paralyzed leg motor functions such as push-
off of the ankle plantar flexor.

The lumbar joint trajectory showed a rectilinear
shape in the orthotic gait of the paraplegic subjects, while
the trajectories were curved in the ordinary and orthotic
gaits of the normal subject during the single support phases.
There was a large lateral movement in the orthotic gait
performed with the reaction force from crutches. In Section
3, the kinematic differences are analyzed using an inverted
pendulum model.

3. Analysis Using an Inverted Pendulum Model

3.1 Method

3.1.1 Analysis of lumbar joint trajectories

As shown in Fig. 5(a), the lumbar joint trajectories
during the single support phases were mapped onto the state
space of an inverted pendulum model. First, the trajectories
were shifted so that the origin corresponded to the ankle
joint position. However, a large error between the trajecto-
ries and the sphere plane of an inverted pendulum remained.
The pivot position of the anterior/posterior direction y0 was
estimated using the least mean squared error because the
error would cause progressional displacement of the plantar
center of pressure. The equation of the sphere was given as
follows:

where x(i), y(i), and z(i) denote the lumbar joint positions
of the progressional, lateral, and vertical directions, and i
denotes the number of time series data. L denotes the radius
of the sphere, that is, the distance from the ankle joint to the
lumbar joint. Applying least mean squared error estimation,
the pivot position y0 was calculated by the following equa-
tion:

In this estimation, the 15 lumbar joint trajectories were
used. The mean trajectories were calculated from the 15
trajectories with the origin corresponding to the estimated
pivot position.

The definition of an inverted pendulum model is
shown in Fig. 5(b). The state variables q = [θ, ψ]T are two
rotational angles, which are related to Y′ and Z′ axis as θ.
The equation of motion of the inverted pendulum model is

where t =  [τθ, τψ]T is the torque acting on the joints. We
define the joint torques τθ and τψ as the lateral torque and
progressional torque, respectively. M, V, and G are the
inertial matrix, the Coriolis-centrifugal term, and the grav-
ity term, respectively. The parameter value of the body mass
was set as 60 kg and the distance from the ankle joint to the
lumbar joint was set as 1.0 m. The position, velocity, and
acceleration of θ and ψ were calculated from the mean
trajectories, and the torque was calculated from Eq. (3). As
the joint torque indicates the magnitude of the external
force acting on the mass point of an inverted pendulum, the
following cost function is considered as a criterion of the
external force contribution:

where Tf is the movement duration of the single support
phase. The cost function has a low value when the trajectory
is ballistic and utilizes gravity. The value is increased by
utilizing the reaction force of the crutches or other external
force.

3.1.2 Analysis of the shape of the lumbar joint
trajectories

It was found in the kinematic analysis that the trajec-
tories of the paraplegics had a rectilinear shape and those
of the orthotic gait of the normal subject had a curved shape.
To compare the external force contribution to the difference
of the shape, it is necessary to remove the other differences,Fig. 5. An inverted pendulum model.

(2)

(1)

(3)

(4)
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such as the position at toe-off or the movement duration,
etc. In the lumbar joint trajectories in the horizontal plane,
the direction of the trajectories at heel contact reflected the
shape of the trajectories. Therefore, we consider the trajec-
tory direction angle δ as the parameter of the trajectory
shape. δ was defined as the angle of the velocity direction
related to the progressional axis; a positive value indicates
the support leg direction and a negative value indicates the
opposite of the support leg direction with respect to the
lateral displacement.

To calculate a smooth trajectory, which is a feature of
human movement, from trajectory direction, a minimum
jerk model was used [13]. A minimum jerk trajectory is
represented as a fifth-order polynomial function minimiz-
ing the integral of the squared acceleration changes during
movement. The parameter values of the polynomial func-
tion were determined by the boundary conditions, where
these conditions were given by the position, velocity, and
acceleration of toe-off (initial condition) and heel contact
(terminal condition) in the mean trajectory. The direction
of the velocity at heel contact was varied according to the
parameter value of δ.

3.1.3 Solution of mean trajectory

To calculate the velocity of the state variables at heel
contact q

.
f, a vector u = [uθ, uψ]T specifying the direction of

the velocity was determined from the trajectory direction δ.
The unit direction vector in the horizontal plane was related
to the direction vector of the state variables u by the
following equation:

where Jij denotes the factors of the Jacobian matrix shown
in Appendix 2. First, solving Eq. (5), the state velocity
vector was obtained. Second, the velocity of the state vari-
ables q

.
f was calculated from the tangential velocity |q

.
f| and

the direction vector u by using vu, obtained by substituting
the direction vector u for q

.
 in Eq. (A.11), and the tangential

velocity vf, as follows:

The trajectories were obtained from the shape parameter
and used to evaluate the relationship between the shape of
the trajectory and the external force contribution.

3.2 Results

3.2.1 Analysis of the mean trajectories

The trajectories during the left single support phases
in the horizontal plane are shown in Figs. 6(a) and 6(b),
where thin lines and thick lines indicate the 15 trajectories
and the mean trajectory, respectively. In addition, solid
lines, dashed lines, and dash-dot lines represent the trajec-
tories of the orthotic gait of the paraplegics, the orthotic gait
of the normal subject, and the ordinary gait of the normal
subject, respectively. The position (0, 0) is the pivot position
of the inverted pendulum. This position also corresponds to
the unstable equilibrium point of the inverted pendulum
dynamics. The initial positions of the ordinary gait of the
normal subject, which correspond to the lumbar joint posi-
tion at toe-off, located behind the equilibrium point, and the
positions at the lateral peak approached the equilibrium
point. In the orthotic gaits of the paraplegic and normal
subjects, the initial positions are located more to the front

(5)

Fig. 6. Results of analyses for lumbar joint trajectories using the inverted pendulum model. (a) and (b) show the
trajectories in the horizontal plane while left single support phase. (c) shows integrated absolute torque for mean trajectories.

(6)
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and farther to the equilibrium point in the lateral direction
than the ordinary gait of the normal subject. The integrated
torque values are shown in Fig. 6(c). The white and black
bars indicate the values of the progressional and lateral
torque, respectively. The integrated value is lowest in the
ordinary gait of the normal subject and highest in the
orthotic gaits of the paraplegic subjects. For larger lateral
displacement in the orthotic gait, not only the lateral torque
but also the progressional torque increased. The direction
of progressional torque decelerates rather than accelerates
the point of mass moving forward.

3.2.2 Analysis of the trajectory direction angle

Figure 7 shows the lumbar joint trajectories for vari-
ous trajectory direction angles δ. δ was set from –60 to 60°
at intervals of 20°. δMT is the direction angle for the mean
trajectories, shown by solid lines, and the dashed lines are
the minimum jerk trajectories for various values of δ. δMT

has negative values in the orthotic gait of the normal sub-
ject, in which the lateral peak occurs during the single
support phase, and positive values in the orthotic gait of the
paraplegic subjects. The minimum jerk trajectories with
δMT coincide with the mean trajectories. The trajectories for
paraplegic subject 1 and the normal subject were curved
with the parameter value of δ. The variety of paraplegic
subject 2 is smaller than those of the other subjects because
the displacement of the progressional direction is small for
the lateral displacement.

Figure 8 shows the integrated torque of the trajecto-
ries shown in Fig. 7. The integrated torque of the minimum
jerk trajectories with δMT (JT) coincided with that of the
mean trajectories (MT) for all of the subjects. The inte-
grated torque is lowest at δ = 0° for paraplegic subject 1 and
in the large stride gait of the normal subject. It is lowest for

δ = –20° in the small stride gait of the normal subject, and
for δ = 40° in the small stride gait of paraplegic subject 2.

In the orthotic gait of the normal subject, the value of
δ at which the integral torque is minimum corresponds to
δMT. In the orthotic gait of paraplegic subject 1, the inte-

Fig. 7. Calculated lumbar joint trajectories from δ.  (a) Subject 1 (paraplegia, large stride); (b) subject 2 (paraplegia, small
stride); (c) subject 3 (normal, large stride); (d) subject 3 (normal, small stride).

Fig. 8. Integrated absolute torque in lateral and
anterior/posterior direction for the calculated trajectories
from δ, mean trajectories and minimum jerk trajectories.
The results from (a) to (d) correspond to the trajectories

in Fig. 7.
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gral torque of δMT has higher values than that of the curved
trajectory in the direction of the equilibrium point.

3.3 Discussion

Applying the measured lumbar joint trajectories to an
inverted pendulum model, the trajectories of the ordinary
gait of the normal subject were located near the unstable
equilibrium point. The trajectories of the orthotic gait were
located anterior to the equilibrium point. Quantifying the
contribution of the external force by the integrated torque,
the value is lowest in the ordinary gait of the normal subject
and highest in the orthotic gaits of the paraplegics. Com-
paring the shape of the trajectories in the orthotic gaits of
the paraplegics with that in the orthotic gait of the normal
subject, the value of the external force contribution for
curved trajectories, such as that of the normal subject, is
lower than in the rectilinear such as those of the paraplegic
subjects.

In this analysis, the contribution of external force,
such as effort of the upper extremities, is quantified by the
integrated torque acting on the degrees of freedom of the
inverted pendulum. This agrees with the finding of previous
studies that the ordinary gait of normal people is more
efficient than the orthotic gait of paraplegics [11]. The
shape of the trajectory was parametrized by means of the
trajectory direction angle at heel contact δ, and we analyzed
the relationship between the integral torque value and the
trajectory direction angle. The coincidence between the
mean trajectories and the minimum jerk trajectories with
δMT indicates that the trajectory representation based on
minimum jerk model is reasonable. The optimal value of δ
is determined by the following trade-off relationship: the
moment of gravity increases when the distance between
trajectory and the equilibrium point is large, and the mo-
ment of inertia increases when the length of trajectories is
large. The rectilinear trajectories show larger moments of
gravity and smaller moments of inertia than the curved
trajectories. These results suggest that the trajectories of the
orthotic gait of the normal subject were curved so that the
effort of the upper extremities was minimized for this trade-
off. The features of the lumbar joint trajectories in the
ordinary gait of the normal subject, located near the equi-
librium point, depend on the gravity field of the inverted
pendulum and sufficient progressional velocity at toe-off
[9, 11]. The restriction of the ankle joint prevents accelera-
tion of the body center of mass in the preswing phase. The
restrictions of the ankle joint in dorsiflexion and of the knee
joint in the complete flexion position prevent backward loss
of balance, since the body’s center of mass is located
anterior to the support foot position. However, the stride
length was limited since the lumbar joint trajectories were
located anterior to the equilibrium point. Moreover, a large

lateral displacement toward the equilibrium point is re-
quired to keep sufficient foot-floor clearance. As the inter-
nal/external rotation of the hip joints is restricted at a
slightly external position and the lumbar joint is far from
the equilibrium point, a margin with respect to the base of
support was obtained for the lateral displacement. However,
the large lateral displacement against gravity increases the
arm loading. As shown by Nene and Major, the lateral
displacement against the gravity moment requires a large
external force [7]. In addition to the lateral torque, the
backward torque increases, resisting the progressional mo-
ment by the gravity. Therefore, it has been suggested that
leg restriction prevented backward loss of balance, while
increasing the arm loading.

Our analysis for subject 1 revealed that the integrated
torque of the curved trajectory in the direction of the equi-
librium point was lower than that of the rectilinear trajec-
tory. The external force of the curved trajectory increased
for paraplegic subject 2. This difference caused a small
movement duration which affected the inertial force rather
than the gravity force. As the trajectories of paraplegic
subject 2 were farther from the equilibrium point than other
subjects, his minimum value for parameter δ was the largest
in the other conditions. These results suggest that the in-
crease in the distance between the trunk movement and the
supporting foot results in significant loading in the orthotic
gait of paraplegics.

In ambulation with an MSH-KAFO type orthosis, the
lateral displacement of the trunk is larger than in the normal
gait. This result coincides with the ambulation with
HKAFO reported by Jefferson and Whittle [8]. The lateral
displacement in MSH-KAFO is caused not only by the
fixation of the knee joint but also by the trunk position
located anterior to the supporting foot position at toe-off,
because the lateral movement is required to peak in the
vertical direction during the single support phase.

In previous studies, the kinematics and dynamics of
the orthotic gait have been analyzed separately [7, 8]. In this
study, we analyze the kinematic differences due to leg
restriction and motor paralysis on the basis of a dynamical
model of an inverted pendulum model. Based on the results
of our analysis, improvements of the orthotic gait are dis-
cussed below.

To decrease the loading of the crutches in the orthotic
gait of paraplegics, improvements of the orthosis and de-
sign of power-assist devices are necessary in order to assure
that the trunk movement is located near the supporting foot.
In the ordinary gait of normal subjects, the lumbar joint
trajectories during the single support phase are located near
the supporting foot position, which corresponds to the
equilibrium point. In addition, the lumbar joint position at
toe-off is located posterior to the equilibrium point and the
lateral peak position is close to the equilibrium point. The
velocity at toe-off is sufficiently large for forward progres-
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sion, since the plantar flexors of the ankle joint and the
extensors of the hip joint in the preswing phase are acti-
vated. In the orthotic gait of paraplegics, since motor pa-
ralysis of the muscles related to the ankle and hip joints
limits the velocity of the gait, improvement of efficiency
approximating that of normal persons would not be achiev-
able by any instruction or training.

A method of preventing backward loss of balance is
required in order to perform an efficient gait like that of
normal people, in which the trunk at toe-off is located
posterior to the supporting foot. If the same method as used
by normal people is implemented, large actuators would be
required to provide sufficient progressional velocity at toe-
off. To compensate the backward loss of balance, instead of
the mechanism of normal people, improvements of the
shape of the sole of the foot, crutches, and a rollator might
be effective. In addition, sufficient foot-floor clearance
produced by actuators [14] and narrowing of the width of
stance would decrease the lateral displacement, which is a
factor in the significant arm loading.

The orthotic gait of paraplegic subject 1 has a recti-
linear shape and is distant from the supporting foot position.
To perform a curved trajectory, the velocity of lateral move-
ment at toe-off should increase as in the orthotic gait of the
normal subject. An improvement of the pelvis corset in-
creasing the stiffness of lateral flexion might be effective in
decreasing the influence of trunk motor paralysis and in
controlling the lateral displacement. Instruction in the per-
formance of curved trajectories might accelerate motor
learning and help to decrease arm loading. In the orthotic
gait of paraplegic subject 2, the external force is large due
to the position of the trunk, located significantly anterior to
the supporting foot. As the ankle joint angle is set in a
slightly more dorsiflexed position, a sufficient base of
support with respect to the posterior direction would be
required to increase the stride length and decrease the arm
loading.

4. Conclusions

In this study, we address the relationship between
significant arm-clutch loading, leg restriction, and motor
paralysis, compared with the lumbar joint trajectories in the
orthotic gaits of paraplegic subjects and the ordinary and
orthotic gaits of a normal subject using an inverted pendu-
lum model. The influences on the differences in trajectory
were analyzed using an inverted pendulum model, and the
contribution of external forces was discussed in terms of
the relationship between the trajectories and the equilib-
rium point. The results of this analysis are summarized as
follows.

• Influence of leg restriction: The restriction of the
ankle joint at a slightly dorsiflexed position and of
the knee joint at complete extension cause the
trunk to be located anterior to the supporting foot,
and the large reaction force of the crutches is
required to resist the lateral and progressional
moment of gravity.

• Influences of motor paralysis: Due to motor pa-
ralysis of the trunk joint, the shape of the lumbar
joint trajectories is rectilinear in the orthotic gait
of paraplegics. The large reaction force of the
crutches is required to perform a rectilinear trajec-
tory because the distance between the trajectory
and the equilibrium point is large.

These results suggest that the increased distance be-
tween the trunk movement and the equilibrium point of the
inverted pendulum results in significant loading due to leg
restriction and motor paralysis in the orthotic gait of para-
plegics.
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APPENDIX

1. Calculation of Joint Position

A homogeneous transform representation is used to
calculate the joint position defined in Fig. 2 from the
measured marker position data. The homogeneous trans-
form representation is suitable for describing the state of
the linkage structure in a 3D workspace. The position vector
is represented as the following 4D vector form:

where a is a scale factor. The vector r does not depend on
the value of a. Its value is set as 1 in the following. The
homogeneous transform matrix represents the position and
attitude of a link in the workspace, and performs the trans-
formation from the position vector Lr in the link coordinate
system ΣL(0L − XLYLZL) to the position vector Ur in the
workspace coordinate system ΣU(0U − XUYUZU). Figure

A.1(a) illustrates the workspace coordinate system and the
link coordinate system, where UrL represents the origin and
UnL, UoL, and UaL are unit vectors representing the direction
of the longitudinal (X), lateral (Y), and anterior/posterior (Z)
axes of the linkage in the workspace coordinate system.
Based on this definition, the homogeneous transform ma-
trix of the link coordinates in the workspace coordinate
system is given by

The position in workspace coordinates Ur is related
to the position in link coordinates by the transformation
matrix UHL:

The transformation matrices of the body segments cannot
be calculated directly from the measured position data
because the markers were attached to the body surface.
Therefore, the parameters of the marker positions in the link
coordinate of the depth (Z axis) are defined. From these
parameter values, the homogeneous transformation matri-
ces from the link coordinates to the marker coordinates
were defined. Figure A.1(b) illustrates the relationship be-
tween the link coordinates and marker coordinates. The
longitudinal axis (X) is defined as the direction of the
segment consisting of marker 1 and the midpoint of the
segment between markers 2 and 3. The anterior–posterior
axis (Z) is defined as the direction of the normal vector of
the plane spanned by markers 1, 2, and 3. The transforma-
tion matrix LHM for the pelvis is obtained similarly to Eq.
(A.2). The transformation matrix from marker coordinates
into the workspace coordinates UHM is calculated from the
measured position data. From the matrices LHM and UHM,
the transformation matrix UHL is obtained as follows:

(A.2)

(A.1)

(A.3)

Fig. A.1.  Link and marker coordinates. (a) The link
coordinates for the work space coordinates. (b) The
marker coordinates for the pelvis link coordinates.
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Once UHL of the pelvis is obtained, the positions of the
lumbar joint and hip joints corresponding to the origin-ad-
jacent links (the trunk and the left and right thighs) can be
calculated from Eq. (A.3). The homogeneous transform
matrices of the adjacent links are obtained from the origin
positions of the links, the measured marker positions, and
the marker position parameters in link coordinates, and
likewise for the pelvis. Repeating this procedure, the homo-
geneous transform matrices of all body segments are ob-
tained.

Considering the relationship between the marker po-
sitions and body segments, and the foot-floor clearance
restricted joint movements of legs, the parameter values of
the marker positions of the link coordinates were adjusted
by trial and error.

2. The 3D Inverted Pendulum Model

With respect to the inverted pendulum model de-
fined as Fig. 5(b), the transformation from the joint angles
(q = [θ, ψ]T) to the position of the point of mass (r =
[x, y, z]T) is expressed by the following equation (forward
kinematics):

where sθ,ψ and cθ,ψ are the sine and cosine of θ and ψ. The
transformation from the position of the point of mass to the
joint angle is as follows (inverse kinematics):

where the arctangent function “atan(a, b)” gives the angle
whose sine equals a, and whose cosine equals b. The
velocity of the point of mass r

.
 is calculated from the angular

velocity q
.
 by the equations

Since the equations of motion were obtained by the
Lagrange method, the inertial matrix, the Coriolis-centrifu-
gal term, and the gravity term in Eq. (3) are expressed as
follows:

where M denotes the mass of the body and g denotes the
acceleration of gravity.
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