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ABSTRACT Powered lower limb orthoses have been commercially available for patients with Spinal Cord
Injuries (SCI) or stroke. However, studies have shown that there are adverse effects on kinematics as well as
metabolic energy of the users due to the additional mass of the orthoses to the lower limbs. Since additional
metabolic energy required to use the powered orthoses is one of the reasons to avoid using them, it is
important to reduce the mass and moment of inertia of the exoskeletons for longer use and better outcomes.
In this study, a powered-lower-limb orthosis for stroke patients using a cable-differential mechanism, which
is called COWALK-Mobile 2, was proposed. The cable-differential mechanism was utilized to transmit the
actuating torques from actuators to the hip and knee joints. The cable-differential mechanism enabled the
actuators to be located near the hip, which yields reduced inertia of the device, as well as the loads at the joints
to be shared by the actuators, which results in smaller required actuator torque. Optimal radii of the pulleys
for the cable-differential mechanism were found for efficient load-sharing during walking. Experimental
results with a healthy person walking on a level surface have shown that larger joint torques were generated

with smaller actuator torques.

INDEX TERMS Robotic orthosis, wearable robots, exoskeleton, differential mechanism.

I. INTRODUCTION

Powered lower limb orthoses are exoskeletal robotic devices
for providing assisting torques to people having difficulties in
walking, which are often caused by neuromuscular disorders
or accidents. Their potential to be used for assistance or
rehabilitation in walking has received attention from many
researchers in the past few decades. For rehabilitation of chil-
dren with cerebral palsy, Lerner et al. reported an exoskele-
ton to assist knee extension was effective in correcting a
pathological gait pattern known as crouch gait [1], whereas
Michmizos et al. integrated an exoskeleton with video games
for ankle rehabilitation of children having cerebral palsy [2].
The impedance of an active ankle-foot orthosis was con-
trolled throughout gait cycles to prevent drop-foot [3]. Quin-
tero et al. developed an exoskeleton for patients with Spinal
Cord Injuries (SCI), which assisted a paraplegic patient with
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sitting, standing, and walking [4]. Safety and feasibility of
robotic orthoses in gait training for SCI patients have been
treated in literatures [5]-[7]. Some orthoses developed for
SCI patients are now on the market [8]-[11].

To assist walking, the joint torque and speed of a powered-
lower-limb orthosis should cover the ranges of joint torque
and speed needed by the user walking in the orthosis. To meet
the requirements for the joint torque and speed, primarily
heavy and bulky high-power actuators are necessary, result-
ing in increased mass and inertia of the device. However,
increased mass and inertia of the device have adverse effects
on kinematics [12], muscle activities [13], and metabolic
energy expenditure of the users [14]. Studies have reported
that excessive energy consumption required to wear them is
responsible for abandoning the orthoses [15], [16]. There-
fore, it is important to reduce the total weight of the actua-
tors, which has a significant contribution to the weight and
inertia of the device. In an effort to reduce the size and
weight of the actuators on the exoskeletons, parallel elastic
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actuators (PEA’s) were used for an industrial exoskele-
ton designed to assist lifting heavy objects [17], [18] and
an exoskeleton to help stroke patients with walking [19].
Because of the PEA’s, reduced actuator torques were suffi-
cient to assist walking and lifting due to the extra torques
generated by the springs attached to the links in parallel to
the actuators.

Since the location of the actuator also has significant con-
tribution to the inertia of the device, for robotic manipulators,
cable transmissions have been widely utilized to separate
the actuators from the links [20], [21]. Many powered lower
limb orthoses for indoor gait training used cables for remote
control of joints with actuators on the ground [22]-[24] or
on a cart [25]. Their exoskeleton became lighter due to the
remote actuator, but the operating conditions were limited.
Recently, better devices for assisting ground walking have
been implemented with cables attached to lightweight rigid
structures [26], [27] or soft braces [28]-[31], where the
actuators are located on the back of the pelvis and minimal
use of rigid structures reduces the mass and inertia of the
device.

Unlike these devices which used cables for power trans-
mission from the actuators to the joints of the devices, a cable-
differential mechanism introduced by Park ef al. in [32]
enabled loads at the hip and knee joints to be shared by the
actuators as well as locating the actuators near the hip joint.
Reduction of the weight and inertia of the exoskeleton was
feasible by the cable-differential mechanism. In this study,
based on the results of Park ef al., an improved prototype
of the powered-lower limb orthosis using a cable-differential
mechanism for stroke patients is proposed and evaluated. For
a better design of the orthosis, this paper aims to minimize
the maximum torque and speed required for the actuators as
well as improve the design and the control method. To this
end, following improvements are made to the implemented
orthosis.

1) The optimal pulley ratios of the cable-differential
mechanism based on biomechanics of a human were
found;

2) An actuated leg for the unaffected side were added;

3) A controller using the dynamics of the system were
developed.

A biomechanics-based modification of the pulley ratio is
described in Section II. System dynamics is derived, and a
model-based controller for controlling the device is proposed
in Section III. Experimental results are shown in Section IV,
followed by conclusions in Section V.

Il. A POWERED ORTHOSIS USING A
CABLE-DIFFERENTIAL MECHANISM

The proposed powered lower limb orthosis in this paper,
which is called COWALK-Mobile 2, is equipped with
cable-differential mechanisms for power transmission. In this
section, the basic design and working principle of COWALK-
Mobile 2 are explained.
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FIGURE 1. COWALK-Mobile 2.

A. DESIGN REQUIREMENTS OF COWALK-Mobile 2

When designing a powered orthosis with minimal negative
effects on the user, it is desirable to meet the following design
objectives:

1) The orthosis provides sufficient joint torques and angu-
lar speeds necessary for walking assistance;

2) The mass and inertia of the orthosis should be mini-
mized to reduce any adverse effects on the user wearing
the device.

The orthosis used in this research is designed for stroke
patients, who often have capability to generate some portion
of torques necessary for walking [33]. Therefore, the orthosis
is designed to produce the rest of the torque needed by the
users to walk. In this study, the level of assistance is set to be
60% for a user of 100kg.

Design specifications of the device were determined using
the joint angular velocities and torques of a healthy male
with weight of 56.7kg while walking on the ground at
4.4km - h~!, which was reported by Winter [34]. As shown
in Fig. 2, it was reported that the maximum torques on the
hip and knee joints are 54.4 N m and 37.8 N m, respectively.
The maximum angular speed of the hip and knee joints are
3.49rad - s~! and 7.37rad - s7!, respectively. Assuming the
required torques are proportional to the weight of the user and
60% of the required torque at the joints are provided by the
orthosis, the design specifications are set to be 57.57 N m for
the hip joint and 40.0 N m for the knee joint.

Note that the maximum torque is required at the heel
contact, while the maximum angular speed is required during
the swing phase for each joint. Therefore, the mechanical
power desired for each actuator is less than the product of
its maximum torque and speed.

B. CABLE-DIFFERENTIAL MECHANISM

The cable-differential mechanism consists of two driving
pulleys (pulleys A and B), one driven pulley (pulley C), and
a connecting link (link D), as shown in Fig. 3. Pulley A is
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FIGURE 2. Joint angular velocities and torques of a healthy male walking
on the ground at 4.4km - h~!. The data is reproduced from [34]. Joint
flexion is taken to be positive. (TO: Toe off, HS: Heel strike).
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FIGURE 3. Concept of COWALK-Mobile 2. The driving pulleys are in line
with the hip joint and the driven pulley is in line with the knee joint. ¢4,
g, 0c. and 6p are orientations of pulleys A, B, C, and link D, respectively.
Input torques are applied at pulleys A and B..

connected to pulley C via a cable such that they rotate in the
same direction. On the other hand, pulley B is connected to
pulley C via another cable so that they rotate in the opposite
directions. Then, their absolute angles are related by

(6a — 6p) = va (0c — 6p),
OB —0p) = —yp (Oc —Op), (D

where 64, 6p, Oc, and Op be the absolute angles of pulley A,
B, C, and link D, respectively. y, is the ratio of the radius of
pulley A to pulley C, and y} is the ratio between the radius of
pulleys B and C.

In order for the cable-differential mechanism to be used in
a powered orthosis, pulleys A and B are aligned with the hip
joint, while pulley C is aligned with the knee joint. Link D
is fixed to the thigh of the user with a brace. Shank link
is connected to pulley C, to which the shank of the user is
attached with a brace, as shown in Fig. 3. Then, flexion angle
of the hip and knee, denoted by g, and g; respectively, are
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given as

qp = 6p — Oy,
gr = — (6c —0p), 2

where 6, is the angle of the torso with respect to the inertial
frame. The rotation angle of pulley A and B with respect to
the torso, denoted by ¢, and g, respectively, are

qa = 04 — Oy,
qp = 6 — 6y. 3)

Assuming the cables are not stretchable, combining
Egs. (1), (2), and (3) yields the position of the joints as

follows.
1
[Qh]z |:l/b )/a”:qa] (4)
qr vatve L= 1 || g»

which implies this mechanism works as a differential mech-
anism. For example, under the assumption that the radii of
the pulleys are identical, the hip joint moves at the average
velocity of pulleys A and B, while the knee joint moves at the
half of the velocity difference between pulleys A and B.

The torques of the joints and the pulleys are related by

| 1 1 T,
|:Tk:|_|:_ya )/b:|[fb:|’ ®)

where 1, and 1 are the flexion torques of the hip and knee
joints and 7, and 7, are the torques of pulleys A and B,
respectively. (See Appendix A for the derivations.) Eq. (5)
illustrates that the loads at the joints are shared by two pulleys.
For example, under the assumption that the radii of the pulleys
are identical, torque of the hip is the sum of two pulley
torques, and torque of the knee is the difference of two pulley
torques, which implies that it is possible to generate greater
joint torque by combining smaller torques generated by the
actuators.

Furthermore, the cable-differential mechanism allows the
actuators to be placed near the hip joints, which results in
reduction of the inertia of the legs and the orthosis. Since
reduced inertia of the orthosis results in less required torques
for the actuators, it helps with reducing the torque require-
ments of the joints.

C. OPTIMAL GEAR RATIOS OF THE CABLE-DIFFERENTIAL
MECHANISM
The required torques and angular velocities of the actuators
attached to the driving pulleys are obtained using Egs. (4)
and (5), where the desired torques and velocities of the joints
are obtained from Winter [34]. As shown in Egs. (4) and (5),
the required torques and angular velocities for the actuators
change as y, and y, change. Therefore, it is desirable to
find the pulley ratios to minimize the maximum torques and
angular velocities required for the actuators.

Let gji, and 73, be the angular speed and torque limita-
tions of the selected actuator, respectively. These limitations
usually come from mechanical or electromagnetic limitations
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FIGURE 4. Trajectories of pulley A and B in the normalized angular velocity-torque space (vqg and vp). (a) Gear ratio yq = 1.0 and yp = 1.0
are chosen. (b) The optimal gear ratio yq = 1.88 and yp, = 0.67 are chosen. Angular velocities and torques are normalized by the limitations

of the motor and gear.

of the electrical motor or gear reducer. Let v, and vj be the
vectors of angular velocity and torque of pulleys A and B,
normalized by the limitations of the actuators as follows.

[qa (0 T <t>}T [qb ) w (r>]T
wu=|—"——"—"|, w=|—"—"—"| ., ©
qlim  Tim qlim  Tim

where ¢ is the gait phase ranging O to 1. To generate sufficient
joint torques and speeds while avoiding saturations, it is
desirable for the required torque-speed curve of the actuators
to lie within the limitations of the actuators with maximum
margins. Therefore, the maximum values of the normalized
torques and speeds should be minimized. Let ||v,[|%" and
lup |25 be the maximum normalized torque and speed of
each actuator over one gait cycle. Since minimizing ||v, ||™
and [lup||%" leads to the maximum margins, the optimal
gear ratios are obtained by minimizing the cost function J
described in the following optimization problem.

Find optimal gear ratios y; and y; such that

T .
v =[va vy] = argmin J (v, 1), ©)
¥a>0,y,>0
where
J Vas vb) = vallig™ + llupllng™ ®)

for y, > 0 and yp > 0.

Note that if [Ju,[|2%* < 1 and ||up||Z* < 1 are satisfied,
the required torque and speed do not exceed the limitations
of the actuator. However, if [|u,[|%e™ > 1 or lup||Z* > 1,
the required torque or speed for the actuator exceeds the
limit. The computed cost function is shown in Fig. 5 and
the minimum of the cost function, which was obtained using
fimincon function in MATLAB®, is found at yS = 1.88 and
v, = 0.67. Fig. 4a shows the value of v, and v, with gear
ratio y, = y» = 1.0 during walking, and Fig. 4b is when
the optimal gear ratio of y, = 1.88 and y, = 0.67 are

43778

—_— 3 i

m 2.5

A 25

2 9

S 2

£

18

0 7, 1.88
~. 0.67 "
n_s a FA

J 1.85567

FIGURE 5. Computed cost function J (ya, yp) for yg > 0 and yj > 0. The
cost function has its minimum at y; = 1.88 and g =0.67.

used. With the optimal gear ratios, the maximum values of the
required angular speed and torque of the actuators lie within
the boundaries, while the maximum required torque with gear
ratios of 1:1 exceeds the limitation under the identical joint
torque and speed requirements for both cases.

D. IMPLEMENTED COWALK-Mobile 2
Implemented powered orthosis, which is called COWALK-
Mobile 2, has two identical legs and a torso. Each leg has
the hip, knee, and ankle joints. The hip and knee joints are
actuated via the cable-differential mechanism, and the ankle
joint is designed to be passive. All links of the orthosis are
tied to the user using straps at the torso, thighs, shanks, and
feet. Rigid foot brackets supporting the device are attached to
the shoes using straps, see Fig. 6.

For implementation, two types of timing belts are used for
power transmission from the driving pulleys to the driven
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double-sided timing belt.

pulley instead of cable. Single-sided timing belt is used to
preserve the direction of rotation of pulleys A and C whereas
double-sided timing belt is used for opposite rotation of
pulleys B and C. The ratios between the pulleys are selected
to be y, = 1.86 and y;, = 0.64 because they are the closest
realizable pulley ratios using timing belts to the optimal solu-
tion. Each driving pulley is actuated by an identical electric
BLDC motor (Kollmorgen, RBEOO711C) via a harmonic
gear (Harmonic drive, CSD-17-50), which has the gear ratio
of 51:1. Each harmonic gear is connected to the electric motor
using a timing belt with gear ratio of 2:1, resulting in a total
gear ratio of 102:1.

The specifications of the device are listed in Table 1. The
maximum torque of the hip joint is 62N m and the knee
joint is 78.12 N'm, which are greater than maximum required
torques. The weight of each leg module is 3.6 kg and center of
mass is located at 19.37% of total leg length from the hip joint.
To reduce the effect on the swing leg, the actuators are located
close to the hip joint using the cable-differential mechanism.
The total weight of the device is 14 kg including batteries and
braces.

TABLE 1. Specifications of COWALK-Mobile 2.

weighs 14 kg [10], and slightly heavier than Indego, which
is 13.16 kg [11].

Ill. SYSTEM DYNAMICS AND DESIGN OF A CONTROLLER
A. DYNAMIC MODEL OF THE SYSTEM

Fig. 7 shows schematics of COWALK-Mobile 2 during the
single-stance phase. Let ¢; := [qu q}' 4} 4" qu]T repre-
sent the joint coordinates, where ¢, is the absolute angle of
the torso, gy and g are the angles of the hip and knee joints
with the superscripts ‘st” and ‘sw’ representing the stance and
swing legs, respectively. Let g, := [g ¢} ¢3" qiw]—r repre-
sent the pulley coordinates. Then, the generalized coordinates
are defined as

q:= [qu q;]T- )

Upper body module
Inertia: 7,
Mass: m,

Driving pulleys
Inertia: 7,1,
Mass: m,,,m,

Thigh
Inertia: /, g
Mass: m,

- Shank f)
Total weight 14 kg Inertia: /, £l
The maximum torque of the hip joint 62N m Mass: 7,
The maximum torque of the knee joint 78.12Nm /;”'/
The maximum torque of a driving pulley 31 N m (b)
The maximum speed of a driving pulley 140 RPM
Nominal power of a driving pulley 99 W FIGURE 7. Schematics of COWALK-Mobile 2. (a) is the definition of the

Comparing with the cable-driven device by Lee et al. [26],
which has maximum torque of 20 N m and weight of 14.5 kg,
the implemented orthosis has larger maximum torque. The
weight of COWALK-Mobile 2 is the same as HAL, which
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generalized coordinates, and (b) is the configurations and model
parameters of the rigid bodies.

The governing dynamics of COWALK-Mobile 2 are
obtained using the Euler-Lagrange method:

M(@)q+C(q.9)q+G(@+S(@+F (=1 (10)
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where M (g) is the inertia matrix, C(q,q)q is the
Coriolis-centrifugal force, G (g) is the gravitational force,
S (q) is the torque caused by the compliance of the tim-
ing belts, F' (q) denotes the force due to the friction, and
T is the input torque. The equation of motion in Eq. (10) is
decomposed as follows.

Mjjgj + Mjpgp + Cj+ G + 5 = 1, (I
Myigj + Mppap + Sp + Fp = 1p, (12)

where M;; € R M, € R4 M, e RS, and
My, € R**4 denote block matrices configuring inertia
matrix, C; € R3 denotes the Coriolis and centrifugal torques
of joints, G; € R’ denotes gravity term of joints, S; € R and
S, € R* denote the elastic torque at the joints and pulleys,
respectively. Additionally, F), € R* denotes the friction force,
7; denotes the torques acting on the joints by interaction forces
and other external disturbances, and 7, denotes the torques of
the actuators. (See Appendices B and C for details.)

The accelerations of the joints are calculated from Eq. (11):

Gj =M~ (~Mjpigpy — Ci— Gj = Sj— Fi+ 1) . (13)

Note that Mj; is a positive definite matrix. Plugging Eq. (13)
into Eq. (12) yields

-1 o
(Mpp — My;Mj; Mjp) dp
-1
—MpM;;~ (Cj + Gj + 5 + F))
+8p + Fp = 1, — MM . (14)

Let us define matrices A and E such that

A = Mpy — MpM;™ M, (15)
E = —MyM; " (C;+ Gj + S; + F}) + Sp + Fp, (16)

respectively. Note that A is Schur complement of block Mj; in
M and it is positive definite, i.e., A is positive definite since
M is positive definite. Then, the pulley dynamics, Eq. (14),
becomes

Ajp + E =1, — MpM; ;. (17)

B. DESIGN OF A CONTROLLER

The desired gait patterns of the joints are used to obtain the
desired trajectories of the driving pulleys. Let qz and q‘,f be
the desired positions of the hip and knee joints and let qg
and qi be the desired pulley positions. Then, assuming no
belt compliance, the desired pulley positions are calculated
by Eq. (4) as follows.

d d
da — 1 —VYa qhi|
[fn‘f] [1 Vb ][42 ' (18)

In Egs. (11) and (12), 1, is the control input to the system,
while 7; is the external force and disturbances on the joints.
Let us define control input of the pulley as follows.

T = E+A(@z — 04 (Qp_CI;;l) —Op (‘]p_CIg)>’ (19)
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where q;l is the desired position of the pulleys, o, and o, are
control gains, and e is the position error, which is defined as
e:=qp— qg,. The error dynamics is

d e _ 04><4 ]4 e O4><4
d |:é] B |:_‘7p14 —ogly e |7 L |* (20

where u = A_lijM j,'*] 7;. Note that M),; is a constant matrix
and that u is bounded for bounded external joint torque ;. The
control gain o4 and o, should be selected such that the system
matrix in Eq. (20) is Hurwitz. Then, the error dynamics is
input-to-state stable.

C. IMPLEMENTATION OF THE CONTROLLER

The proposed controller is realized on a DSP (Texas Instru-
ment, TMS 28377D) with 200 MHz system clock, see Fig. 8.
The sampling frequency of the controller is 1kHz. For
feedback of the controller, each joint angle is measured by
an absolute encoder (RLS, RMB28SC) and each actuator
position is measured by a multi-turn absolute encoder (Hei-
denhain, EBI1135). The orientation of torso is measured by
an IMU sensor (LORD, 3DM-GX4-25). For measurement of
torque at each joint, a compact torque sensor (CAS KOREA,
TQ-CSKG02-NM150) is implemented. Each driving pulley
is actuated by a BLDC motor (Kollmorgen, RBE0O0711C) and
its torque is estimated using actual quadrature axis (g-axis)
current multiplied by the torque constant. The actuator posi-
tion and torque data are acquired from a BLDC driver (ELMO
motion control, G-WHI20/100SE) through CANopen
protocol.

PCor Absolute ‘
Smartphone | Data monitoring Encoder e

Operation command Absolute joint angle

SCI
$ MU BI
Absolute actuator angle
Torso absolute orientation DSP -z\ Absolute
Analog ssI " Encoder
40 Fsr

Ground reaction force BLDC
Motor

Control word
Status word

7 Sensor Desired torque BLDC EnDat

Actual torque Drivers =
Actual position

#2 Joint Torque
@4 q

Joint torque

FIGURE 8. System diagram of COWALK-Mobile 2.

The measured foot pressure is used to determine which leg
is in the stance phase. Two force sensitive resistors (Tekscan,
FlexiForce®) are placed on the talus and the metatarsal of
each foot. A leg is considered to be in stance when one of
the pressures measured by the sensors on each leg exceeds a
preset threshold.

IV. WALKING WITH COWALK-Mobile 2 AND THE
RESULTS

To evaluate effectiveness of the cable-differential mechanism
and performance of the proposed controller, an experiment
to walk on a level surface wearing COWALK-Mobile 2 was
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conducted. A healthy male subject (170 cm, 62kg) walked
straight in 118 strides wearing the device. Both legs of the
device were controlled, and the subject was instructed to
walk as passively as possible. The desired joint trajectories
were obtained by scaling down the joint trajectories from
Winter [34] by 4 / 5 and adjusting the gait period to 1.41 s for
a moderate walking pace, which was the preferred walking
speed of the subject. The desired pulley trajectories are cal-
culated using the kinematic equation in Eq. (18). The desired
trajectories of left and right legs have phase difference of 50%
gait cycle. The experimental protocol was approved by the
Institutional Review Board (IRB) at the Korea Institute of
Science and Technology.

The desired and actual positions of the hip and knee joints
are shown in Fig. 9a. The trajectories are averaged over the
gait cycles beginning with heel strikes. The joints track the
desired positions with some position errors. In Fig. 9b, total
position errors for the hip and knee joints as well as the
position errors due to compliance of the belts used in the
cable-differential mechanism are shown. The total position
errors are defined as difference between the actual positions
and the desired positions of the joints. The error due to
compliance is defined as the difference between the actual
joint positions and the expected joint positions calculated
using the actual pulley positions assuming no compliance in
the cables.

The hip joint was more flexed than the desired trajectory
from mid-swing to mid-stance phase whereas more extended
trajectory was observed from mid-stance to mid-swing phase.
The knee joint showed more flexion except mid-swing
phase where it showed more extended trajectory. As shown
in Fig. 9b, compliance of the belts in the cable-differential
mechanism is responsible for most of the position errors. Due
to the gravity and compliance of the belts, flexed trajectory
is observed at the knee joint during the stance phase. From
mid-swing to mid-stance phase, the hip joint also showed
more flexed trajectory than the desired because of the gravity
and compliance. However, the hip joint have more extended
trajectory from mid-stance to mid-swing phase.

Joint torques were measured with torque sensors and their
average and standard deviation are shown at Fig. 9c. At the
hip joint, extension torque was generated in the early-stance
phase and in the late-swing phase whereas flexion torque
was generated in the late-stance phase and in the early-swing
phase. For the knee joint, flexion torque was generated at
the heel strike and the late-swing phase. Extension torque
was generated throughout the stance phase to the early-swing
phase.

To see the effect of the proposed cable-differential mech-
anism, velocity-torque charts of the pulleys and the joints
are shown in Fig. 10. As shown in Fig. 10b, the hip joint
and the knee joint operated at relatively higher torque with
relatively slower speed than those of the pulleys shown
in Fig. 10a. This indicates high-speed operation of the pulleys
are converted into high-torque operation of the joints due
to the cable-differential mechanism. The maximum averaged
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FIGURE 9. Experimental data of gait patterns and torques. Average and
standard deviation of multiple gait cycle data are expressed graphically
by solid lines and light-shaded shapes, respectively. The gait phase

begins with the heel strike. Number of gait cycles is 118. Joint flexion is
taken to be positive.

torque in the experiment for a single pulley is 8.09 N m, which
is 26.1% of the maximum torque the device can produce.
Since the maximum values of torque and speed of the pulleys
are less than the limitations of the actuator, the device can
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FIGURE 10. Averaged velocity-torque trajectories of the pulleys and joints. Average and standard
deviation of multiple gait cycle data are plotted with solid lines and light-shaded shapes, respectively.
The standard deviation is represented in two dimensional space by an ellipsoidal shape at each phase

of walking. Joint flexion is taken to be positive.

provide sufficient torques and speeds for walking. Note that
itis also possible to use actuators with less torque and smaller
margin.

V. CONCLUSION

In order to reduce the inertia of the swing leg and generate
sufficient torques and speeds, a cable-differential mechanism
was implemented for a powered-lower-limb orthosis, which
is called COWALK-Mobile 2. The cable-differential mecha-
nism allowed the load at the hip joint and the knee joint to
be shared by two actuators located near the hip joint, which
results in smaller inertia of the legs.

It was possible to change required torques and speeds of
the actuators by changing the radius of the pulleys used in
the cable-differential mechanism. The optimal radius of the
pulleys was obtained solving an optimization problem with
the biomechanical data of the human walking, and it was
implemented to the design of the device. The proposed pulley
controller based on the dynamics of the device was adapted
for assistance of walking. An experiment of walking with the
device has shown that larger joint torques were generated by
smaller torques of the actuators while walking. Therefore,
it was possible to design an orthosis with smaller actuators
without degradation of performance, which lead to a lighter
orthosis with higher torque.

In this research, the device was evaluated with an experi-
ment involving a healthy subject. Further studies should be
conducted to show the effectiveness of the device on reha-
bilitation of lower-limb functionality and metabolic energy
consumption for stroke patients.

APPENDIX A

DERIVATION OF EQUATIONS IN THE
CABLE-DIFFERENTIAL MECHANISM
Combining Egs. (1), (2), and (3) yields

4a = 4h — Ya4k>

9p = qn + Yaqk, - 2n
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Then,

Ya l —Va qh
= , 22
[Clb} [1 Vbi||:61ki| =
Let 7, and 7}, be the external torques applied at pulley A and
B, respectively. Let 7;, and t; be the external torques applied
at the hip and knee. Then, the virtual work principle states

Ta8qa + Tqp + (—Th) 8qn + (=) dqx = 0. (23)

With 8q, = 8q, — yadqi and 8qp = 8qp, + ypdqy, which are
obtained from Eq. (22), Eq. (23) becomes

(Ta + T — Th) 8qn + (= VaTa + vbTp — ) 8qk = 0. (24)
Since Eq. (24) is satisfied for all §g; and gy,
Lol e
Tk —VYa Vb T

APPENDIX B

SYSTEM PARAMETERS

For friction force, Coulomb and viscous friction are modeled
as follows.

(Fp); = witanh (€g;) + nidi, (26)
where w; is the coefficient of the Coulomb friction, 7; is
the coefficient of the viscous friction, and « is a positive
constant. The friction parameters are identified based on the
velocity-torque curves with no load, as shown in Fig. 11.
Stiffness of timing belts are identified by measuring pulley
torque while changing the pulley position where the joint
positions are fixed. The timing belt is considered a linear
spring and its stiffness is linearly fitted by the position-torque
data, as shown in Fig. 12.

The actual parameters of the model dynamics are listed
in Table 2. These model parameters are used for the feedback
control in Eq. (19).
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FIGURE 11. Friction of the belt-gear transmission on the driving pulleys.
Each friction parameter is identified by measuring the actuator torque
while changing its velocity. The measured data is fitted to a
coulomb-viscous friction model in (26), where « = 5.
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FIGURE 12. Stiffness of timing belts. The timing belt is considered a
linear spring and its stiffness is linearly fitted by the position-torque data.

TABLE 2. Values of model parameters defined in Fig. 7.

Torso Qi 0.506 rad lue 0.178 m
my  6.03kg I,  0.0663 kg m?2
. I, 04m e 0.194m
Thigh — 0.942ke I;  0.0246 kg m?
I,  04m Te 0.125m
Shank 0 0.49ke Is  0.011kgm?
me  0.243kg I, 0.0147kgm?
Pulley  0.241ke I,  0.0147kgm?

Cable kg 65.2Nm/rad k 46.8 Nm /rad

APPENDIX C
SYSTEM DYNAMICS
Refer to supplementary document ““System dynamics.pdf”.
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