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Adaptive Control of an Actuated Ankle Foot Orthosis for Paretic Patients

V. Arnez-Paniagua?, H. Rifai?, Y. Amirat?®, S. Mohammed®*
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Abstract

This paper deals with the control of an active ankle foot orthosis (AAFO) to assist the gait of paretic patients. The AAFO system is driven by both, the
residual human torque delivered by the muscles spanning the ankle joint and the AAFO’s actuator’s torque. A model reference adaptive control is
proposed to assist dorsiflexion and plantar-flexion movements of the ankle joint during level walking. Unlike most classical model-based controllers,
the proposed one does not require any prior estimation of the system’s (AAFO-wearer) parameters. The ankle reference trajectory is updated online
based on the main gait cycle events and is adapted with respect to the self-selected speed of the wearer. The adaptive desired ankle trajectory is
estimated using cubic spline interpolations between the different key events of the gait cycle. The closed-loop input-to-state stability of the AAFO-
wearer system with respect to a bounded human muscular torque is proved by Lyapunov analysis. Experimental results obtained from three healthy
subjects and one paretic patient, show satisfactory results in terms of tracking performance and ankle assistance throughout the full gait cycle. The

experiments also show good performance at different walking speeds and with different gait sub-phase duration proportions.
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1. INTRODUCTION

Every year, a growing number of people is diagnosed with
a disability that prevents them from performing smooth move-
ments. According to the World Health Organization, a review
in 2017 states that around 15% of the world’s population lives
with some form of disability, and 2-4% of this population ex-
periences significant difficulties in functioning '. Rates of dis-
ability are increasing due to population ageing and increases
in chronic health conditions, among other causes. Further-
more, disability-associated health care expenditures accounted
for 26.7% of all health care expenditures for adults residing in
the United States [1]. Therefore, there is an increasing inter-
est in healthcare technologies with the emergence of new eco-
nomic and industrial sectors.

Paretic patients may have different levels of impairment,
e.g., some have total loss of strength to initiate a movement,

while others are able to move their limbs within a limited range.

The lack of strength and coordination during a gait cycle de-
rives in pathologies and, oftentimes, the patient adapts the gait
movements to circumvent the weaker limb. The differences in
impairment levels require different levels of assistance. There-
fore, the required therapy depends on the level of impairment,
and it needs to be adjusted as the patient improves strength,
coordination and achievement of certain tasks.
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In conventional therapy, the patients are manually assisted
by therapists, which is a difficult and painful task to be per-
formed continuously for more than few minutes. This assis-
tance is ideally provided in such a way that the gait cycle tends
towards a healthy pattern as close as possible, while verbally
asking the patient for participation and more engagement. It is
still not clear yet if the robotic therapy is better than the con-
ventional one at the same dose [2-7], but what is becoming
clear is that an intense and prolonged therapy offers the best
outcome in terms of patient recovery for different assessment
metrics [8-10]. To reach this goal, wearable robots present a
great potential due to their ability to provide precise and con-
tinuous assistance. Thus, wearable robots for rehabilitation
purposes, have seen a significant increase in attention over the
last decade.

Different exoskeletons have been recently developed. Some
of them are dedicated to the lower limbs to train patients to
recover strength and coordination by improving their walk-
ing abilities [11-15]. Such exoskeletons can be used in reha-
bilitation, from moving a joint in the context of static exer-
cises, to assisting the patient at specific moments or during
the whole gait cycle. The control method used for each ex-
oskeleton has a direct impact on the level and rate of human
adaptation to the active device; i.e., the central nervous system
can adapt more easily to a continuous, smooth and propor-
tionate stimulus [16]. Different control strategies have been
applied to achieve such goals [15, 17, 18]. For example, in [19-
21], lower limb exoskeletons are controlled based on the use of
electromyography (EMG) signals to assist the patient accord-
ing to an intention detection. The controllers used in these
studies are proportional to the EMG signals, but the muscles
working around the ankle joint could work in synergy by co-
contracting at specific moments of the gait cycle, as reported

n [22], thus requiring to consider more complex controllers
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for EMG-based applications. However, in practice, EMG-based
approaches are usually very complex to implement as EMG
signals are largely affected by sensor position, skin impedance
changes, and muscular fatigue [23]. Furthermore, the resid-
ual muscular activities are difficult to measure with patients
having high levels of muscle impairments. Other examples of
control strategies for lower limb exoskeletons include the tra-
jectory reference tracking in terms of lower limb kinematics
(joint positions and velocities), [24-28]. These systems have
the advantage of potentially being able to assist the patient
disregarding the level of the impairment. However, such con-
trol strategies are based on the use of predefined trajectories
that may not fit to different profiles of patients, particularly
in terms of walking speed, step length, ankle range of mo-
tion, etc. An example of torque control is presented in [29],
an electro-hydraulic actuated ankle foot orthosis is used to as-
sist the walk using a constant or gait phase dependent torque
fields. In [30], a force control scheme is developed in order
to stretch the ankle joint in the sagittal plane for after acute
stroke rehabilitation. Other control strategies adapt the stiff-
ness, inertia or impedance of the coupled human-exoskeleton
system during daily activities as function of gait phase events
detection, [31-35]. These systems have the advantage of not
requiring a predefined trajectory, however, they require a min-
imum residual voluntary effort to initiate movements and they
require as well a prior identification of the human-exoskeleton
parameters [35, 36]. Feedforward controllers based on the de-
tected gait phases are presented in [37-40], where the mag-
nitude of the assistance to the ankle joint depends on the de-
tected gait phase. Finally, an example of a soft orthotic device
is presented in [41], where a feedforward controller is used
due to the complexity of the model of the system but the au-
thors concluded that a feedback controller is required in order
to achieve more accurate joint angle control.

There are several key causes of pathologies that affect the
gait, e.g., spasticity [42], co-contraction of plantar flexion mus-
cles, and muscle weaknesses, [43]. For pathologies originated
by the dorsiflexor muscle group, the primary focus is on the
foot-drop and the foot-slap. The former occurs during the swing
phase and is due to the lack of sufficient dorsiflexion to en-
sure toe clearance and results in a steppage-type gait pattern.
The latter occurs during the loading response sub-phase, it is
caused by the uncontrolled deceleration of the toes shortly af-
ter initial contact that generally causes an audible foot slap
[15]. For the pathologies originated by the plantar-flexor mus-
cle group, the main focus is in the stance phase of the gait cy-
cle. Limited range ankle plantar-flexors affect the gait stability
and reduce the torque needed for forward progression. There-
fore, patients compensate this deficiency by reducing walking
speed and shortening contralateral step length.

Control schemes are customized to the pathology charac-
teristics and mechanical configuration of the device [18]. For
example, there are several actuated ankle foot orthosis (AAFO)
that are able to provide assistive torque only in the dorsiflexion
direction to prevent foot drop and foot slap [41], or plantar-
flexion direction to promote a more effective foot push-off
power before the swing phase [35]. Other AAFOs are able to

produce torque in both directions of the sagittal plane of the
ankle joint, effectively assisting during push-off at the end of
the stance phase, as well as providing assistance during the
swing phase to prevent from foot drop. They can decide the
magnitude and direction of the assistance by pre-selecting the
assistive torque at each identified gait phase [17, 29, 37-39], as
a function of EMG signals [21], or as a function of the error be-
tween the current ankle joint profile and a reference [25-28].
Finally, there are some examples of semi-active devices that
can control the stiffness or damping of the orthotic device in
order to facilitate a controlled deceleration of the toes during
the loading response sub-phase of the gait, increase dorsiflex-
ion during the swing phase [32]. It is worth mentioning, that
only [20, 26, 30, 32, 37] present results of tests with non-able
bodied subjects, while the rest of them have tested the systems
with healthy subjects only. Furthermore, [21, 25, 26, 38, 40]
present systems that actively assist through the whole gait cy-
cle while the rest of the systems are assisting during specific
gait phases or are not used in walking applications.

In this work, an AAFO is used to assist the wearer through
the whole gait cycle by using a model reference adaptive con-
troller. This control approach has the advantage of not requir-
ing a previous system’s parameters identification process and
can adjust to the human-AAFO system changes in real time.
Furthermore, an adaptive reference trajectory is proposed as a
function of the walking speed of the wearer and the identifi-
cation of the transitions between the different gait sub-phases.
This adaptation of the reference trajectory avoids the use of a
unique predefined trajectory of the ankle joint. It also allows
the wearer focusing on the task and not on the synchoniza-
tion with the reference trajectory neither via audible nor vi-
sual cues. The proposed approach was implemented with three
healthy subjects and one paretic patient to assess the effective-
ness of the adaptive ankle reference generator algorithm and
the adaptive controller.

In a previous work [44], an adaptive control for an actu-
ated ankle foot orthosis was introduced. This controller was
further studied in [45] by bounding the adaptive parameters of
the controller. The former controller was generating assistive
torque during the swing phase of the gait in order to prevent
foot drop. The latter controller was able to assist during the
whole gait cycle. The stability of the system was studied for
both controllers with a Lyapunov function for the scenarios
where the human muscles spanning the ankle joint are passive
(not exerting torque) or active (exerting torque). Furthermore,
the ability of the system to assist the gait during the swing
phase for the first controller and during the whole gait cycle
for the second one was evaluated with one healthy subject.
The present study extends these previous works in manyfold;
firstly, by using an adaptive ankle joint angle profile as the
reference; secondly, by applying assistive torque during the
whole gait cycle; thirdly, by assessing the stability and tracking
performance of the human-AAFO system with three healthy
subjects; and fourthly, by assessing the ability of the system to
assist the gait of a paretic patient.

The paper is structured as follows. In section 2, the gen-
eration of the adaptive reference trajectory is presented. In



section 3, the model of the AAFO system is shown. In sec-
tion 4, the adaptive controller is developed. In section 4.2, the
stability analysis is provided. In section 5, a description of the
robot and the experimental setup are presented. In section 6,
the experimental results are presented followed by a discus-
sion in section 7.

2. ADAPTIVE ANKLE REFERENCE GENERATOR

In this section, an adaptive ankle reference generator
(AARG) algorithm is presented. First, the gait cycle is de-
scribed as well as the sensors used to detect the different
gait sub-phases. The ankle reference trajectory is updated as
a function of the real-time gait cycle temporal evolution, in
particular, the step duration and the repartition of the gait
sub-phases.

2.1. Gait cycle

The gait cycle can be divided in two main phases, as de-
fined by Winter [46]: the stance and the swing phases, as it is
shown in Figure 1. Each gait cycle is characterized by specific
events such as initial contact (IC), toe landing (TL), heel off
(HO), toe off (TO), and maximum dorsiflexion (MD) during the
swing phase. The stance phase of the gait cycle can be divided
into several sub-phases that are: loading response (LR), mid-
stance (MS), which can be further divided in early-mid-stance
(EMS) and late-mid-stance (LMS), terminal stance (TS), and
pre-swing (PS). Similarly, the swing phase can be divided into
several sub-phases based on the analysis of the opposite foot
that is in contact with the ground. These sub-phases are: initial
swing (ISw), mid-swing (MSw), and terminal swing (TSw).

By detecting specific events during the stance phase, it is
possible to determine the key moments at which the ankle joint
angle profile switches from dorsiflexion to plantar-flexion and
vice-versa as it is shown in Figure 1. Particularly, during the
swing phase, the ankle joint rises the foot to avoid foot-drop,
and anticipates the foot for the IC event. The standing foot
terminates the stance phase with a push-off movement and
then dorsiflexes the ankle joint to the maximum dorsiflexion
(MD) value and then remains dorsiflexed until the IC event.
The time needed by the ankle joint to reach the MD varies from
one subject to another. Generally, the MD happens around the
62% of the swing phase duration, that is about 85% of the whole
gait cycle.

In order to detect the key moments, three force sensitive
resistors (FSR) are placed in each of the insoles of both feet,
Figure 2. Moreover, one Inertial Measurement Unit (IMU) is
placed at the shank level of the left leg to measure the accel-
eration of the shank along the longitudinal axis. This IMU
participates as well in accurately detecting the IC event.

2.2. Gait detection

A Mamdani fuzzy inference system has been developed to
detect the gait sub-phases based on the outputs of the FSR
sensors [39, 47]. The algorithm detects the eight sub-phases
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Figure 1: On the top, the description of the gait by means of the gait
sub-phases (LR=Loading Response, EMS=Early Mid-Stance, LMS=Late Mid-
Stance, TS=Terminal Stance, PS=Pre-Swing, ISw=Initial Swing, MSw=Mid-
Swing, TSw=Terminal Swing). On the bottom, the events in the gait cycle that
trigger a transition of gait sub-phases or that describe a relative minimum or
maximum in the ankle joint angle profile. The ankle angle is measured from
the relaxed ankle angle, such that the positive values are considered dorsiflex-
ion and the negative values are plantar-flexion.

including the five sub-phases during the stance phase; the re-
maining three sub-phases during the swing phase are approx-
imately estimated. The human gait is analysed through all the
sub-phases where the each sub-phase’s likelihood of occur-
rence is determined using a standard fuzzy membership value
().

Let F, ; be the vector that contains the acquired data for a
given FSR sensor j from the beginning of a session till a given
time 7. The configuration of the FSR sensors is presented in
Figure 2, where j € {1,...,6} shows the left heel, left middle,
left toes, right heel, right middle, and right toes sensors, re-
spectively. The range in the magnitude of the signal for each
sensor j is given by:

rj = max(F;j) —min(F;), ¢

where max(-) and min(-) represent the maximum and mini-
mum values of the enclosed vector. Let N; be the threshold
value for each sensor j such that:

Nj:rj-h+min(ﬁj), (2)

where £ is the threshold percentage, an empirical value of 5%
was found to be effective (2 = 0.05). The membership function
f; for each sensor j is given by:

fj—;(tanh <kj(Fti'_Nj) 1> +1>, 3)
j

where k; represents the gain for each sensor j, and F;; the
measurement output of each FSR sensor j at a given time ¢



(a) Left insole.

(b) Right insole.

Figure 2: The insoles with the force sensitive resistors (FSR). Each sensor is
labeled with the number used in the equations.

during the session. Effective values for k; were empirically
tuned and were set to k123 = 3 and k4 56 = 4. This was done
by increasing the sensibility gain k; of each membership func-
tion f; until every gait phase could be detected during level
walking done by a healthy subject. Furthermore, once these
values are set, they allow the detection of each gait phase in
a healthy gait pattern. However, if a paretic patient with a
gait pathology would use the system, it would be expected
that some gait phases are not executed and therefore not de-
tected. Consequently, once the sensibility gains k; are set and
tested with the healthy subjects, these values are not changed
for the paretic patient. Given that the paretic limb of the pa-
tient might not produce a normal ground reaction force (GRF)
pattern, two FSR sensors are used to measure the GRF of the
left toes, then the membership functions for the left middle
and toes FSR sensors (f> and f3) are processed by selecting the
maximum value of the two FSRs. The fuzzy membership value
(FMV) is calculated for each sub-phase as follows:

prr = min(fi,1 —max(f2, f3),1— fa, fe),
Mems = min(fi,1 —max(fa, f3), 1 — fa, 1 — fs),
Hrms = min(fi,max(f2, f3),1 — fa, 1= fe),

prs = min(1 — fi,max(f2, f3),1 — fa, 1 — fo),

(

(

(
Hps = min(fi, fa), @

(

(

(

Uisw = min(1 — fi, 1 —max(fa, f3), f4),
MHprsw = min(1 _f171 _max(fZaf3) 1 _f47f5)7
— fa, fo)-

Afterwards, the sub-phase with the maximum FMV value
is selected. Finally, to increase accuracy in the detection of
the IC event, an additional IMU is placed at the shank level. If
the TSw sub-phase is detected and the magnitude of the accel-
eration, measured by the IMU in the shank, crosses a certain
threshold (@spanr > —11m/ 5%), the LR sub-phase is considered
to have occurred instead. The threshold value of 11m/s? was
empirically chosen from experiments. Adding an additional
IMU has considerably improved the results of detecting the IC
event than simply using the FSR sensors.

By calculating the duration of each sub-phase and the du-
ration of each step, it is possible to calculate in real time the

HTsw = min l_f17 1 _max(f27f?)

duration percentage of each sub-phase with respect to the gait
cycle, and the time between the gait events. At any given
step, the average duration percentage for each sub-phase is
calculated from the last five steps. The gait duration is then
updated eight times per gait cycle, one time per sub-phase de-
tected. The average duration percentage of each sub-phase is
obtained after the first five steps and is then updated after each
sub-phase detection.

2.3. Adaptive reference generator

The reference trajectory is based on an ankle joint angle
profile that has been obtained from analyzing the gait of 20
healthy subjects. The gait analysis has been performed in a
clinical environment using a motion capture system (Motion
Analysis Corporation, Santa Rosa, CA, USA, six cameras, Sam-
pling Frequency 100 Hz) and two force plates (AMTI, Water-
town, MA, USA, Sampling Frequency 1000 Hz), for more de-
tails please refer to [48]. Based on this profile, the ankle joint
angle values, defined as key points, of the IC, TL, HO, TO, and
MD events have been extracted and are shown in Table 1.

The adaptive reference trajectory is calculated at the mo-
ment of the occurrence of any of the aforementioned events
using a cubic spline function, if no event is detected, the pre-
viously calculated reference trajectory is followed, as shown
in the flow chart in Figure 3a. To update the reference trajec-
tory, the beginning of the cubic spline function is the current
reference ankle joint angle, and it is calculated until reaching
the next key point value in the gait cycle. For example, if the
TL event is detected, a cubic spline trajectory that connects
the current value of the ankle joint angle reference to the HO
key point value is calculated. The duration of the cubic spline
is defined by the duration of the sub-phases involved between
the initial and final events conforming the cubic spline. In the
given example, the duration of the cubic spline is the sum of
the duration of the MS and TS sub-phases. The current ankle
joint velocity reference is used as the initial condition for the
cubic spline, and an ankle joint velocity value of zero is used as
the final condition. This process for updating the ankle joint
reference profile is illustrated in the flow chart in Figure 3b.
The adaptive reference ankle joint angular velocity and accel-
erations are calculated afterwards by numerically deriving the
calculated cubic spline trajectory. In the case where the cubic
spline trajectory is completed before the next event occurs, the
ankle joint reference profile remains at the last value of the
cubic spline until the next event is detected and the process
continues. For the swing phase, if the TO event is detected,
the cubic spline is calculated from the current ankle joint an-
gle reference, then follows the MD key point in the middle of
the path, and ends with the IC event.

With this approach, the AARG calculates paths connecting
the main key points of some average healthy ankle profile and

Table 1: Key point values extracted from the average gait cycle of 20 healthy
subjects.

l [ IC(°) [TL(°) [HO(°) [ TO(°) | MD (°) |
| Ankleangle 6 | 27 [ 095 [ 1674 [ -692 | 68 |
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Figure 3: On the top, the flow chart for the ankle reference generator program.
On the bottom, the flow chart for the ankle reference update program.

updates the adaptive reference trajectory after the detection
of each of the main gait events. The advantage of this algo-
rithm is that it does not impose any specific walking speed
to the wearer but rather adapts to the generated desired kine-
matic trajectory as a function of the sub-phase durations. The
wearer is then following a desired ankle joint angle completely
adapted to his/her gait cycle and subphases duration. Further-
more, the wearer is required to be engaged in the walking ac-
tivity in order to generate the trajectory, which is an important
feature in the rehabilitation process.

3. SYSTEM MODELING

The orthosis used in this study is an AAFO attached to the
subject’s left leg, by means of straps to fix the robot to the calf
and thigh, as shown in Figure 4. The orthosis has one active
and one passive degrees of freedom (DoF), at the ankle and the
knee joints, respectively. The active DoF is driven by a DC mo-
tor and a gearbox with a gear ratio of 114.4:1. The AAFO can be
backdriven by the wearer during walking and it is considered
as rigidly fixed to the subject’s leg. The foot and the AAFO are
considered as one unit referred to as the AAFO system. In this
study, the problem of misalignment between the ankle joint
and the AAFO’s rotational axis when donning the device has
been considerably reduced by adjusting manually the orthosis
to every wearer’s morphology using adaptable straps as shown
in Fig. 6a. Special care has been taken during experiments in

v4

Figure 4: The angles determining the foot and the shank orientations. Foot
frame 7 (¥ ,3/,7/), where # is in the same plane as the heel-half of the insole.
Ground frame ¢ (¥8,¥8,78).

order to avoid reaching the full ankle joint flexion/extension
which considerably reduce the joint misalignment.

In order to model the AAFO system, a frame .7 (x/,y/,7/)
is considered fixed to the left foot such that ¥/ has the same
direction as the foot while the origin is located at the ankle
joint. 7/ is defined as the rotational axis of the ankle joint.
is defined such that the three-sided frame .% is direct. A second
frame ¢ (x8,¥%,78) is placed at the ground, with x¢ parallel to
the horizontal, 8 parallel to the vertical, and 78 defined such
as the three-sided frame (¥¢,¥¢,7%) is direct. Note that 7/ and
Z8 are collinear.

Denote by 6 the angle between the foot and the shank, by
0 the angle between the shank and the vertical axis and by
o the angle between the foot and the horizontal axis (Figure
4). Using the embedded encoders in the AAFO and IMUs, 0
and 6, are accessible to measurement and « is given by o =

Several torques acting on the AAFO system at the ankle
level are being considered. The AAFO system’s dynamics can
be expressed as follows:

Je =Tr + T+ T+ T+ Tgravity + T+ T, (5)

where 77 is the friction torque (solid and viscous), 7, is the
torque induced by the translational acceleration of the foot, 7;
is the system’s joint stiffness torque, 7, is the torque induced
by the ground reaction forces, Tgrqviry is the gravity torque ex-
erted by the foot on the ankle, 7} is the torque produced by
the plantar flexion and dorsiflexion muscle groups, and 7 is
the torque developed by the AAFO’s actuator. All the torques
are considered positive if they induce a counter clockwise ro-
tation. The definitions of the system’s parameters are detailed
in Table 2.
Each of the aforementioned torques is defined as follows:

Tr = — Asignf — B6,

7, =—C(aycos o0 —aysinar),
T,=—K(60—6,), (6)
T, = — Y(R1x1 — Roxy — Raxz) cos «,

Tgravity = — TgCOS .

Note that the system’s parameters A, B, C, K, 7, and 7, are
not necessarily constant. In fact, some of them are functions



Table 2: Nomenclature

l Symbol [ Description
0 Angle between the shank and the vertical axis
o Angle between the foot and the horizontal axis
0,0,06 Ankle joint angle, angular velocity and acceleration
6, 6 Ankle joint angle and angular velocity errors

Ankle joint angle at the rest position of the foot

System’s moment of inertia
System’s solid friction coefficient
System’s viscous friction coefficient

System’s gravity torque coefficient

System’s ground reaction torque coefficient

0,

J

A

B

K System’s stiffness coefficient

Tg

Y

C System’s acceleration torque coefficient

ay, dy Longitudinal and vertical linear accelerations
Ri,Ry ,R3 GREF at the heel, middle and toes levels
X1, X2, X3 Positions of the FSR in ¥/ direction
T Control torque
T Human muscular torque actuating the ankle joint
sign(-) Signum function
K Scalar positive gain
A Scalar positive parameter

of different variables, e.g., the stiffness coefficient K could be
approximated by a musculoskeletal model of the ankle joint
as a function of the muscle groups activation [49]. However,
the effects of these parameter’s variations are considered as
external perturbations and are included in the human torque
variable 7. Consequently, these parameters are considered
constant for this study.

Also, the FSR sensors signals of the contralateral foot (Rj,
R;, and R3) multiplied by the distance from the ankle joint to
the sensor in the ¥/ direction (x1, X2, and x3) generates an esti-
mation of the GRF. Although this estimation can be improved
by adding more sensors in the insole, doing so would yield in
a bulky system, which require further computational time. It
was a fair tradeoff between the GRF estimation and the com-
putational time to use three sensors. This has the further ad-
vantage of not requiring more FSR sensors than those already
used for the gait detection algorithm described in section 2.2.
These inaccuracies in the estimation of the system’s parame-
ters will be treated using an adaptive controller, described in
section 4.

By replacing (6) in (5), we obtain:

JO = — Asignd — BO — C(aycos & — a,sin )
—K(6—6,) —y(Rix; —Raxp —R3xz)cosae  (7)
— TgCOSO+ T+ T.

Remark 1. The human torque T, is generated by the muscles
actuating the ankle joint and is considered to be bounded by
Ap: |’L'h| < Ay

4. ADAPTIVE CONTROLLER

The AAFO system defined in (7) depends on the parameters
defined in (6). Each of these parameters depend on the indi-

vidual foot’s and the orthosis’ parameters. While the orthosis’
parameters can be identified once, the foot’s parameters de-
pend on the subject and should be identified at the beginning
of every experiment. Moreover, the foot’s parameters are sub-
ject to changes during the experiment, e.g., due to the subject’s
muscular fatigue. To avoid an identification process prior to
the experiments, which is often a complex task, the approach
adopted in this work is based on the use of an adaptive con-
troller to drive the ankle joint angle towards the desired trajec-
tory generated using the adaptive reference generator shown
in section 2.3. The block diagram of the closed-loop system is
shown in Figure 5. Let 6, 6, and 6, be the desired angle, an-
gular velocity and acceleration of the ankle joint respectively.
Define )

s=0+20, (8)

where A is a scalar positive parameter; 6 and 0 are the position
and velocity errors respectively (6=60-6,0=06-—0,.
Assumption 1. The current and desired ankle joint angle val-

ues and their derivatives up to the second order (8, 0, 0, 6, 6,,
6,) are assumed known and bounded.

The proposed adaptive control torque is applied during the
whole gait cycle. It has the following expression:

T=J(6, — 26)+Asignd + BO+ K(6 — 6,)
+C(aycos o —aysina) + £, cos o — ks )
+ )A/(Rlxl —Royxp —R3X3) cosa,

where K is a scalar positive gain and J A BK,C, g, and § are
respectively the estimated torque coefficients for the inertia,
solid and viscous friction, stiffness, acceleration, gravity, and
ground reaction. The parameters adaptation law is given by:

A= —aysigns,

é = —agés,

K=—a4(0-6,)s, (10)

T = —azcosas,

where a;, i € {1,...,7} are positive scalar gains. Let P be a
system’s parameter such that P € {A,B,C,K,J,y,T,} and P
the estimated value, P € {A,B,C,K,J,7, g }. The parameter’s
estimation error is then defined as: P =P — P and its derivative
P = —P. Applying the adaptive control torque (9) to the AAFO
system modeled by (7), the dynamics of the closed loop system
during the whole gait cycle can be determined as follows:

Js=—J(6;—A6) — £,cos o — C(ay cos 0 — a,sin )
—K(6—6,) —Asign — B0 (11)
— ¥(R1x1 — Rpxp — R3x3) cos @ — Ks + Tj,.
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Figure 5: System’s block diagram; where X, X; and X are respectively the
current, the desired and the error stqte vectors.

Remark 2. The purpose of the controller gains A and K is to ad-
just the response of the motor torque as a function of the position
and velocity errors. While the scalar gains of the adaptive law a;
adjust the convergence speed of the estimated torque coefficients
J A B K, C, T, and §. These scalar gains need to be tuned
manually as opposed to the system’s parameters defined in (6).

4.1. Tuning of the controller gains

In practice, the tuning of the controller’s parameters (k
and A) defined in (9), and the gains of the adaptive law (a;, i €
{1,...,7}) defined in (10), is done with the following protocol:

1. The mean ankle joint angle profile from the 20 healthy
subjects is used as the desired trajectory, see [48] for
more details.

2. A healthy subject seats on a chair without exerting a
muscular torque at the ankle joint level (7, = 0), with
no contact with the ground (R = R, = R3 = 0), and the
adaptive gains set to zero (¢; =0,i € {1,...,7}).

3. The values of the controller gains k and A4 are initialized
to small values (k = 0.2 and A = 1). Then, they are
slowly increased manually to reduce the tracking error
with a trial and error approach.

4. The wearer walks on a treadmill at a fixed speed of 2
Kilometers per hour.

5. The adaptive gains (g;) are initialized to zero and then
their values are gradually adjusted, one by one, to im-
prove the tracking performance without compromising
the system’s safety and the comfort of the wearer.

This protocol is used for the first healthy subject and the re-
sulting values of the controller gains are used for the rest of
the healthy subjects. The k and A gains are reduced slightly
for the paretic patient to limit the maximum assistance torque
for safety purposes.

4.2. Stability analysis

In this section, the stability analysis of the closed-loop
AAFO system is presented for two conditions; i.e. passive and
active wearers.

Proposition. Consider the AAFO system modeled by (7)
and assume that 6 and 6, and their derivatives up to the sec-
ond order are bounded (Assumption 1). Applying 7, defined

in (9), with the adaptation law defined in (10), ensures that the
equilibrium point = [0, 8]7 = [0, 0] is:

1. asymptotically stable when the wearer is completely pas-
sive at the ankle joint level (7, = 0),

2. input-to-state stable with respect to the wearer’s mus-
cular torque T, assuming |7;| < A;, (Remark 1).

Proof. Consider the Lyapunov function V defined by:

Veoldt —Ah P Pp
2 T Tt Tt T

1 1 1 (12)
— PP — P+ —1, 2+ kA0
* 2615 + 2(16 ’)/2 * 2(17 & +
The derivative of V is given by:
. 1 -2 1 2 1 2 1 .1 1 .
V=sJs——AA— —BB— —CC— —KK——JJ
aq an as ay as (13)

1 . 1 _ . <z
- — - —1,t, +2k168.
de ay

Replacing (10) and (11) into (13), the derivative of the Lya-
punov function becomes:

V= —ks?+2kA00 + 15, (14)

where s is defined in (8). Replacing (8) into (14), then V be-
comes:

V=—k62—kA20%+1,(0+A0). (15)

For the condition where the wearer is passive (7, = 0), the
derivative of the Lyapunov function is:

V=—Kk6>— k1202 (16)

Therefore, the Lyapunov function defined in (12) is strictly
decreasing. Based on Assumption 1, the errors of the ankle
joint angle and its velocity (A and ) are bounded. Therefore,
the second derivative of the Lyapunov function (V) is bounded
and (16) is uniformly continuous. Using Barbalat Lemma [50],
the equilibrium point = [#, 8] = [0, 0]” is asymptotically
stable [51]. Consequently, 6 tracks 6; while 6 and 6 remain
bounded. ]

Since O and O converge to zero then s, defined in (8), and
the adaptive parameters dynamics, defined in (10), converge
also to zero. Therefore, the controller’s parameters converge
to constant values.

For the case where the wearer is active (1, # 0), the deriva-
tive of the Lyapunov function (15) can be bounded as follows:

V< —k|8 — k22612 + (|6 + A18)).

It can be verified that \é+lé| <VI1+A?|x
\/% + 33 represents the second order Euclidean norm. Let

m = min(1,A?).

, where | ||| =

Vo< —km||F])?+ V14 A2))F],
< —km(1—8)|%]]* — km||%||* + w1+ A2| |5,



therefore

V1 +A.2

;< — —8)||x|? 7| >
V< —km(1 =S v = 2

;o (17)
where 0 < § < 1. In view of (12) and (17) and the asymptotic
stability of the free moving AAFO’s states, the system is input-
to-state stable with respect to the bounded external input 7,

with I(r) = ™ 1427 [50].

kmé

5. EXPERIMENTAL SETUP

In this section, the efficiency of the ankle reference trajec-
tory generator algorithm and the effectiveness of the AAFO
controller to assist patients during gait cycles are assessed
through real-time experiments. Three healthy subjects wear-
ing the AAFO and walking on a treadmill and one paretic
patient walking on level ground have participated to the ex-
periments. All healthy and patient subjects were informed of
the experimental protocols and gave their consent before par-
ticipating in the experiments that were approved by the de-
partment of Neurorehabilitation at Henri Mondor University
Hospital. All precautions were taken to not adversely affect
the health of the participants who served as research subjects.
Precautions were also taken to protect the privacy of the sub-
jects and the confidentiality of their personal information. All
the three healthy subjects were able to perform complete dorsi-
flexion and plantar flexion of the ankle joint with no spasticity
or contracture. The paretic patient presented a unilateral foot
drop condition with a reduced range of motion in the plantar
flexion direction during the second half of the stance phase.
The patient also had an absence of strongly manifesting spas-
ticity and co-contracture in lower extremity joints. To guar-
antee the safety of the subject while walking, the mechanical
design of the AAFO ensures an ankle joint movement within a
limited range. This range limit is set to -32° for the dorsiflexion
and 22° for the plantar flexion. The subject’s characteristics are
presented in Table 3.

The objectives of testing the system with healthy subjects
are: 1) to prove that the system is able to modify the natural
ankle joint profile at targeted moments of the gait cycle with
a high level of repeatability, 2) to guarantee the safety of the
wearer during experiments, and 3) to evaluate the accuracy
of the AARG algorithm. The experiments with the healthy
subjects have been performed according to the following sce-
nario. At first, each subject performs 4 sessions at different
walking speeds with no assistance in order to validate the ref-
erence trajectory generator. Since the system is intended to
modify the ankle joint profile of the healthy subjects, the IC,

Table 3: Subject’s characteristics

l Subject [ Gender [ Age (years) [ Weight (Kg) [ Height (cm) ‘

1 Male 30 63 180
2 Male 25 64 175
3 Male 27 67 185
Paretic | Female 57 50 160

Table 4: Experimental ankle joint angle key points values in degrees (°) for the
AARG.

l | IC(°) [ TL(°) [ HO(®) [ TO(°) [ MD(°) |
Healthy subjects -1 -3 6 -8.5 0
-16.5 1

Paretic patient -8 -13 3

TL, HO, TO, and MD key points values for the AARG algo-
rithm are set to generate an ankle joint profile different from
the healthy profile. These new IC, TL, HO, TO, and MD key
point values are the same for every subject and are shown in
Table 4. Note that these values are different from those in
Table 1, the reason is that the objectives for the healthy and
paretic subjects are different. For the healthy subjects, the ob-
jective is to prove that the AAFO system is able to modify the
normal ankle profile during walking. For the paretic patients,
the objective is to improve the ankle profile by reducing the
effects of ankle joint deficiencies during walking. Afterwards,
each subject undertakes a series of sessions at a self-selected
step duration with the AAFO assistance. A session, lasting 60
seconds, starts when the ankle joint angle reference generator
algorithm is stable, i.e. after 5 steps. Three sessions per subject
are performed to evaluate the repeatability and the consistency
of the results. A resting time of 60 seconds between the ses-
sions is provided. Finally, three more sessions per subject are
performed without the AAFO’s assistance in order to compare
the results with those recorded during the assistance sessions.
Experiments with the healthy subjects were done prior to the
experiments with the paretic patient.

One further experiment with a paretic patient was also
conducted. The experiment was performed under the super-
vision of medical staff at the Henri Mondor hospital, Créteil,
France. The scenario for the experiment is as follows: Initially,
the patient wears the AAFO and walks on level without the
orthosis assistance for the calibration process. The ankle joint
angle is measured in order to define the values for the IC, TL,
HO, TO, and MD key points needed for the AARG. The pur-
pose of the selection of the key points values is to reduce the
probability of foot-drop during the swing phase by increasing
the dorsiflexion angle, and to increase the push-off force dur-
ing the pre-swing sub-phase by increasing the plantar-flexion
angle. The resulting ankle joint angle reference has an in-
creased dorsiflexion value during the loading response, mid-
stance, terminal stance and swing phase, specially during the
second half the last one, and an increased push-off plantar
flexion angle during the pre-swing sub-phase. The values of
the IC, TL, HO, TO, and MD key points used are shown in
Table 4. The values shown in Table 1 were found to be un-
confortable for the patient. Afterwards, 3 sessions without
assistance and 3 sessions with assistance are conducted. All
sessions are performed at a slow self-selected walking speed
for improved safety and to generate an ankle joint angle profile
consistent with the one produced by healthy subjects walking
at 2 meters per second. One session consists of an 8 meters
walking on level ground with the first 5 steps used to calibrate
the AARG. A resting period of 1 minute is provided between
sessions.



Figure 6 shows the setup for the experiments, illustrating
the location of the IMU sensors and the actuated orthosis. The
AAFO is equipped with an incremental encoder to measure
the angle 6 between the foot and the shank. The angular ve-
locity of the ankle joint 8 is derived and filtered numerically
with a lowpass, fourth order Butterworth filter with a cut-
off frequency of 50 Hertz. Two inertial measurement units
(XSENS) are also used: the first one is used to estimate the
angle 6; between the shank and the vertical axis and the sec-
ond one is used to measure the translational accelerations at
the ankle level a,, a, in the horizontal and vertical directions,
respectively. Note that the gravitational acceleration has been
removed from the measurement of the accelerations a, and a,.
Six FSR are embedded in the left and right insoles and are con-
nected to a wireless system (Trigno, Delsys), as seen in Figure
2. During the experiments, a gait cycle was measured from the
initial heel contact of one foot to the next initial heel contact
of the same foot. All data were time normalized to 100% of the
gait cycle. The ankle joint angle has been resampled at 2000
samples per gait cycle, so that each point represents 0.05% of
the gait cycle. Afterwards, the ankle joint angle is averaged at
each sample for all strides.

6. RESULTS

6.1. Ankle reference profile generator

To evaluate the efficiency of the adaptive reference algo-
rithm, subject 1 was asked to walk on a treadmill at four dif-
ferent speeds: 1.6, 2, 2.4, and 3 Kilometers per hour.

For all sessions, the gait detection algorithm updates rou-
tines for the reference generator, e.g., the calculation for the
step duration, the duration percentages of each gait sub-phase,
and the ankle joint reference trajectory. The measured ankle
joint angle, the reference ankle joint angle and angular veloc-
ity data were normalized with respect to the gait cycle, mea-
sured from one IC event to the next one, and the average was
calculated thereafter. Each sub-phase is detected using the
algorithm described in section 2.2 and each sub-phase phase

Figure 6: On the left, a healthy subject wearing the system. On the right,
the paretic patient wearing the system. The setup of the system is: (A) IMU
used to estimate the angle between the shank and the vertical axis, (B) IMU
measuring the translational accelerations, and (C) active-ankle-foot-orthosis
with embedded encoders to measure the ankle joint angle.
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Figure 7: Mean ankle joint angle reference generated by the AARG algorithm
during an unassisted session with a healthy subject. The cyan lines represent
the standard deviation and the vertical lines dividing the gait cycle are the
detected gait phases.

duration is then averaged for the whole session and normal-
ized with respect to the gait cycle in order to calculate the
mean proportions of the gait sub-phases. Figure 7 shows the
mean ankle joint angle reference generated by the AARG al-
gorithm during an unassisted session with a healthy subject
while walking on a treadmill at 2 Kilometers per hour. It can
be observed that all the sub-phases are correctly identified.
The key points used for the AARG are highlighted in the fig-
ure. All the key points correspond to the description shown in
Figure 1. The increased value of the standard deviation after
the transition between the terminal stance (TS) and pre-swing
(PS) sub-phases correspond to the high variability of the gait
kinematics at every step.

Figure 8 shows the generated ankle profile and steps du-
ration during the four sessions. It is worth noting, as it is
shown in Figure 8a, that the ankle joint angle reference tra-
jectory is similar during all sessions, independently of the gait
speed, which makes the algorithm more robust with respect to
changes in the step durations within a single or multiple ses-
sion. The average step duration for each session is presented in
Table 5. Figure 8b shows that the reference ankle joint velocity
is updated with respect to the gait speed. However, the ankle
joint kinematics changes slightly for different gait speeds and
the amplitude of the ankle joint range of motion is reduced at
the lowest speed while it is increased at the highest speed, as
it can be seen in Figure 8c. For this reason, and in order to
compare the results in similar conditions, the rest of the ses-
sions, where the assistance is provided to the subjects, have
been performed on the treadmill at a fixed speed of 2 Kilome-
ters per hour. Furthermore, for the sessions with the patient,
a slow walking speed of approximately 2 Kilometers per hour
is requested for safety.

6.2. Experimental results with healthy subjects

The scalar gains a; of the adaptation law (10) have been
set for the first subject, using the protocol defined in 4.1 (Re-
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Figure 8: Generated ankle profile and steps duration at four different walking speeds. A = assisted session, NA = no assistance session. Figure 8a and 8b show
the mean ankle joint angle and velocity reference profiles for each session, normalized to the gait cycle. Figure 8c shows the mean ankle joint angle performed

by the subject during each session, normalized to the gait cycle.

mark 2): a; = a, = 0.002, a3 = 0.01, a4 = 1, as = 0.00001,
ag = 3, and a7 = 2. The controller’s gains have been set to:
Kk = 0.9 and A = 7 with all the adaptive parameters initialized
to zero, and the ankle joint angle at the rest position 6, = 7.
These tuning gains values have been considered for all the sub-
jects who participated in this study. The proposed controller
was able to track the generated adaptive desired ankle trajec-
tory profile within the first seconds and the error has decreased
over time. The results for one assisted session for subject 1 are
shown in Figure 9. The first 20 seconds of the tracking per-
formance of the ankle joint angle and angular velocity, as well
as the assistive torque delivered by the AAFO are shown in
Figure 9a. The assistive torque presents an increasing peak
value in the plantar flexion direction during terminal stance
(TS), which represents an increasing assistance for push-off
at the end of the stance phase. However, the assistance does
not continue to increase after the 8th step, which means the
system has reached stability. In Figure 9b, the performance
of the adaptive parameters from equations (10) is shown for
the complete session lasting 60 seconds. It can be seen that
all parameters have converged to their final values, except for
the stiffness parameter which is still updating. With an active
wearer performing the experiments, the system is proved to be
input-to-state stable. It means that the system’s states remain
bounded but do not converge to zero as it was the case with
the asymptotic stability (passive wearer). Consequently, the
adaptive parameters do not converge to constant values. Note
that all adaptive parameters were able to converge to a final
value when the system was tested in a passive condition (see
[44]).

Using the gait phase detection algorithm shown in sec-
tion 2.2, the assistive torque, the reference and the current
ankle joint angles have been normalized with respect to the

Table 5: Mean step duration (MSD) and standard deviations in milliseconds (ms)
for unassisted sessions with Subject 1 on a treadmill at different walking speeds.

l [ Session 1 [ Session 2 [ Session 3 [ Session 4 ‘
| MSD | 36304158 | 2058443 [ 1670+50 | 1282423 |

10

gait cycle. The results of an experimental session for the three
subjects are shown in Fig 10. In Figures 10a, 10b, and 10c,
the mean torques are shown for subject 1, 2, and 3, respec-
tively; a positive torque represents a plantar-flexion assistance
while a negative torque represents a dorsiflexion assistance.
From Figures 10a and 10c, a predominately plantar flexion as-
sistance can be observed due to the fact that the reference
trajectory is more plantar-flexed than the normal ankle angle
profile performed by subjects 1 and 3. Nevertheless, all sub-
jects present an increased plantar-flexion assistance during the
PS sub-phase, which corresponds to the push-off assistance.
Since the ankle joint reference has a relatively smaller range
of motion compared to that of the subjects, this push-off as-
sistance is quickly reduced, or even changed to a dorsiflexion
assistance as in the case of subject 2 (Figure 10b). During the
swing phase, all the three healthy subjects have reported an
assistance provided by the AAFO. This assistance is greater in
the plantar-flexion direction, which is deliberate in order to
assess the effectiveness of the system to modify the ankle joint
angle even with healthy subjects. Hence, if the key-points in
the AARG are adjusted, the assistance direction and magnitude
can be manipulated. Furthermore, during the loading response
(LR) sub-phase, the assistance provided for subjects 1 and 3 is
provided in the dorsiflexion direction, as shown in Figures 10a
and 10c. The percentage of the gait sub-phase durations rel-
ative to the whole gait cycle can be different for each stride,
and for each subject. This can be seen in Figure 10, where
the mean sub-phase duration percentage is represented by the
vertical lines dividing the gait cycle into LR, MS, TS, PS, and
swing sub-phases. Despite these different gait sub-phases and
step durations for the different subjects participating in this
study, the AARG was able to correctly update the generated
trajectory and produce an ankle joint angle reference tailored
for the subject profile.

The assistive torque behavior is different from one subject
to another but is consistent across all the sessions for each sub-
ject. This is shown in the left column of Figure 11, where the
mean assistive torque provided by the AAFO and its standard
deviation, normalized with respect to the gait cycle, for each
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Figure 9: In 9a, the system’s performance tracking the desired ankle joint angle profile during one session for subject 1 zoomed in for the first 20 seconds. In the
top two plots, the yellow line represents the desired profile and the black line is the profile executed by the subject’s ankle. In the bottom plot, the control torque
delivered by the motor is presented. 9b, the system’s adaptive parameters performance during the whole session.

assisted session are presented. It is worth noting that the as-
sistive torque provided during the swing phase is not as large
as the one generated during the stance phase, even though the
position error is larger in the latter. This is mainly due to the
fact that the torque generated from the ground reaction force
is contributing to the total assistive torque.

The root-mean-square value of the position error is com-
puted as well as its standard deviation. Table 6 shows the mean
position error values for each subject and session, both with
and without assistance. It can be observed that the tracking
error is reduced by 55%, 44%, and 49% in average for subject
1, 2, and 3, respectively, when the assistive torque is provided.
Furthermore, in the right column of Figure 11, the comparison
of the normalized ankle joint angle and its reference for all the
6 sessions (3 sessions with assistance and 3 without) is shown
for each subject. It can be observed that the normalized track-
ing error profile has a small standard deviation across all the
assisted and unassisted sessions.

6.3. Experimental results with paretic patient

For the experiments with a paretic patient, 3 sessions with-
out assistance and 3 sessions with assistance are conducted.
All sessions are performed at a relatively slow self-selected
walking speed for improved safety. One session consists of
a 8 m walking on level ground with the first 5 steps used to

Table 6: Position error in RMS for each session (error(°) £std(°)). A = assistance
session, NA = no assistance session.

Session ‘ Subject 1 ‘ Subject 2 ‘ Subject 3 ‘

Al 2.07£2.39 | 3.02£4.28 | 3.69+4.61
A2 2.12£2.53 2.97£43 3.09+4.14
A3 2.17£2.63 | 2.99£4.35 | 3.21+4.29
NA1 5.2243.45 | 4.49£3.94 | 4.43+3.92
NA 2 5.63£6.38 | 5.43£6.55 | 4.92+6.32
NA3 6.88+6.65 | 6.44£6.07 | 6.33+6.57
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intialize the AARG. A resting period of 1 minute is provided
between sessions. The paretic patient suffered a stroke 6 years
before the experiments and has received rehabilitation ther-
apy at the Henri Mondor Hospital for 4 years. The patient had
an absence of spasticity.No plantar flexor’s stretch reflex was
observed during the experiments. The age, weight, height and
gender of the patient are given in Table 3. The scalar gains a;
of the adaptive law, equation (10), have been set for the patient
(Remark 2): a; = ap; = 0.002, a3 = 0.1, a4 = 1, as = 0.00001,
ag = 2.5, and a7 = 2, the controller’s gains have been set by
trial and error as follows: k¥ = 0.5 and A = 6 with all the adap-
tive parameters initialized to zero, and the ankle joint angle
at the rest position 6, = % As mentioned in 4.1, these tuning
gains were defined in order to produce a slightly smaller as-
sistive torque with respect to the one developed with healthy
subjects for improved safety. The ankle joint key point values
used for defining the AARG are presented in Table 4. These
key point values generate an ankle joint angle reference profile
that aims to increase the plantar flexion during the terminal
stance (TS) sub-phase and to increase the dorsiflexion of the
ankle joint at the end of the swing phase.

Figure 12a shows, for one assisted session, the tracking
performance for the ankle joint angle and angular velocity, as
well as the assistive torque delivered by the AAFO. Due to the
gait dynamics of the patient compared to the healthy subjects,
the assistive torque presents chattering at some moments dur-
ing the session. However, the system remains stable and the
ankle joint angular error is reduced. In Figure 12b, the per-
formance of the adaptive parameters is shown, similar to the
healthy subject experiments; all the adaptive parameters from
equations (10) converge to their final values, except for the
stiffness parameter that keeps updating its value till the end
of the session. Using the gait phase detection algorithm, the
assistive torque, the reference and the current ankle joint an-
gles have been normalized with respect to the gait cycle. The
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Figure 11: In 11a, 11b, and 11c, the mean normalized assistive torque for all the 3 sessions for each healthy subject. The black lines represent the mean values and
the cyan lines represent the standard deviations from the mean. In 11d, 11e, and 11f, the mean normalized ankle joint errors for the 3 sessions with assistance
and the 3 sessions without assistance, for each subject. The black lines represent the assisted scenario and the yellow lines represent the unassisted scenario. The
dashed and dotted grey lines represent the standard deviations from the mean for the assisted and unassisted scenarios, respectively.
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Figure 12: In 12a, the system’s performance tracking the desired ankle joint angle profile during one session for the patient. In the top two plots, the light grey
line represents the desired profile and the solid black line is the profile executed by the patient’s ankle. In the bottom plot, the control torque delivered by the
motor is presented. In 12b, the system’s adaptive parameters performance during the same session.

results of one assisted and one unassisted sessions are shown
in Fig 13b and Fig 13a, respectively. From these figures, a
comparison between the normalized ankle joint angle profiles
during the assisted and unassisted sessions can be done. On
the one hand, for the unassisted session, the patient shows
a gait cycle with a predominate plantar flexion, specially at
the end of the swing phase and during the loading response
sub-phase where the foot plantar flexes excessively, probably
due to co-contraction between the plantar flexion and the dor-
siflexion muscle groups. However, due to the limited range
of motion (ROM) of the ankle joint during terminal stance
(TS) and pre-swing (PS) sub-phases, the patient does not show
sufficient push-off movement. On the other hand, for the as-
sisted session, the ankle joint angle profile shows an increased
dorsiflexion during all the gait cycle and the plantar flexion
motion at the loading response sub-phase is reduced. Like-
wise, an increased ROM of the ankle joint during the TS and
PS sub-phases (from 7.86+1.98° to 18.0943.83°) results in an
improved push-off motion while increasing the maximum dor-
siflexion achieved during the swing phase (from -5.5911.46°
to 0.6142.03°). Finally, the standard deviation of the average
error decreased from £5.00° in the unassisted experiments, to
43.70° in the assisted ones. This reduction in the standard de-
viation is not evident in Fig. 13, the reason for this is that the
ankle joint angle profile is modified both in time and space, i.e.,
the proportions of the gait sub-phases relatively to the gait cy-
cle are modified and the normalization of the ankle joint angle
profile with respect to the gait cycle reflects this change with
an increased standard deviation.

In Figure 13c, the mean torque across all three assisted ses-
sions is shown, as well as its standard deviation. It can be ob-
served a relatively higher standard deviation value across the
gait cycle with respect to the one observed with the healthy
subjects, mainly due to the variations between each step of
the paretic leg of the patient. In Figure 13d, a comparison be-
tween the mean ankle joint angle profiles for the assisted and
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unassisted sessions is shown. It can be seen that the maximum
plantar flexion angle prior to the swing phase is increased,
effectively contributing to push-off. Furthermore, the maxi-
mum dorsiflexion angle during the swing phase is increased,
reducing the risk of foot-drop.

The root-mean-square value of the position error is com-
puted as well as the standard deviation and classified in four
gait groups relative to the sub-phases: loading response (LR),
roll over (MS plus TS), push-off (PS), and swing (ISw plus MSw
plus TSw). Figure 14 shows the position error values for each
session, both with and without assistance, classified by the
aforementioned gait groups. It can be observed that the nor-
malized tracking error is reduced by 51%, 77%, 74%, and 60%
for the loading response, roll over, push-off, and swing gait
groups, respectively, when the assistive torque is provided.

6.4. Comparison with state-of-the-art

In a previous study [44], the adaptive controller was as-
sessed only during the swing phase with a healthy subject.
While the proposed method showed satisfactory tracking per-
formances over time, the adaptive parameters were not able to
converge to their final values due to the discontinuous desired
trajectory and the intermittent assistance being provided. In a
second study [45], the desired trajectory was defined for the
whole gait cycle and the assistance was provided continuously.
However, the gait pace had to be synchronized with an audible
cue in order to provide an appropriate assistance. In this paper,
the adaptive controller was tested with three healthy subjects
and one paretic patient. Furthermore, the desired trajectory
adapts to the walking speed and gait pace of the wearer.

In the literature, one can note several ankle assessment
techniques [52]. For example, the range of motion (ROM) of
the ankle joint is one important criterion as it reflects the effi-
ciency of the gait, and the ankle strength can assess the ability
to generate movement. The AAFO used in this paper is able to
measure the ankle ROM so the results of the kinetic data from
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Figure 13: In 13a and 13b, the normalized ankle joint angles for one unassisted and one assisted session with the patient; in dotted and dashed grey lines the
standard deviation for the current and reference ankle profiles, respectively. In 13c, the mean normalized assistive torque from the three assisted sessions; in cyan
the standard deviation from the mean. In 13d, a comparison between the ankle joint reference, and real angles from the 3 assisted and the 3 unassisted sessions

with the patient.

the paretic subject of the present study are compared with the
state-of-the-art.

In [32], two foot drop patients were recruited. It is re-
ported an elimination of foot slap occurrences at slow and self-
selected walking speeds. During the swing phase, a variable
impedance controller was able to increase the amount of the
ROM, as compared to the constant impedance controller, by
200% and 37% for slow and self-selected gait speeds, respec-
tively. However, no quantitative information is given when
comparing to an unassisted scenario. Results obtained by
Blaya and Herr can be compared to the results obtained in this
study. For instance, the adaptive controller proposed in this
paper was able to increase the ROM during the swing phase
by 98%, as compared to the unassisted scenario. The differ-
ence between the results could be attributed to the difference
in strategy during the swing phase; i.e., in [32], the controller
was tuned to promote the dorsiflexion velocity of the ankle
joint in the early swing phase matching the unaffected side,
without a prior knowledge of the maximum dorsiflexion angle
during the swing phase.
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7. DISCUSSION

Traditional proportional, integral derivative (PID) controll-
ers have been widely used with robotic orthoses in the reha-
bilitation environment [25-28, 35]. While such controllers can
be used to track a predefined trajectory for the ankle joint,
they usually lack the performance achieved by model based
controllers. However, these control strategies require accu-
rate knowledge of the system’s parameters, i.e. wearer-active
orthosis’ parameters, to calculate the needed assistive torque
might not be adequate in a rehabilitation environment. This is
due to the fact that the identification process has to be done
prior to each session and with each subject, which is time and
effort consuming. Furthermore, unconsidered external pertur-
bations could increase the risk of inappropriate assistance, re-
duce the rehabilitation benefits, or even cause injuries. There-
fore, an adaptive model based control strategy presents a clear
advantage over the classical PID and traditional model based
control approaches even if more scalar gains need to be tuned
for the controller.

In addition, the synchronization between the ankle joint
profile reference and the gait cycle is paramount for providing
appropriate assistance. For this reason, an adaptive reference
trajectory is proposed as a function of the walking speed of



the wearer. The purpose of this study is to assist the gait in
order to reduce the effects of the pathology described as foot
drop and to enhance the effects of the push-off at the stance
phase.

In this work, the results show satisfactory tracking and a
relatively fast convergence of the adaptive parameters without
any prior system identification, making the proposed approach
suitable for rehabilitation purposes.

While IMU sensors can be used to detect the stance and
swing phases of the gait cycle [53], the FSR sensors are able
to provide a better estimation of the gait events, particularly
those of the stance phase; i.e., the initial contact, toe-landing,
heel-off, and toe-off events. Since such events could be linked
to the ankle joint profile during the gait cycle while the con-
troller approach required the estimation of the ground reac-
tion forces, three FSR sensors per feet were used. However,
it should be noted that a small delay in the detection of the
IC event was observed. Therefore, the combined use of the
IMU and FSR sensors proved to be effective for an accurate
detection of the gait phases. Nevertheless, the IMUs contain
information about the kinematics of the gait cycle that could
be used to further improve the gait phase detection algorithm
with subjects suffering from heavy gait difficiencies for exam-
ple. Therefore, the robustness of such an enhanced algorithm
will be studied in a future work.

This study will also be extended in different perspectives.
First, this proposed control strategy can be enhanced and ap-
plied for other joints, e.g., knee and hip, while using lower
limbs exoskeletons. This will require to define the profile tra-
jectories for each joint and implement an adaptive joint ref-
erence generator in order to allow the user to self-select the
walking speed. Based on this, even an upper body application
can be considered for a grasping and reaching task. Secondly,
since the proposed control is proved to be input-to-state stable
with respect to the muscle generated torque, a hybrid approach
that implements functional electrical stimulation will be stud-
ied. Thirdly, the effects of the assistance provided by the AAFO
to spastic paretic patients will be studied.

Relying on a predefined desired trajectory may not be com-
fortable for subjects due to the fact that patient profiles are
very different. Therefore, the ankle joint reference needs to
be updated online and it should be adapted with respect to
the wearer’s walking speed and the gait phase durations. The
former is satisfied by adjusting the reference velocity and the
latter by adjusting the different proportions on the sub-phase
durations. The experiment results show that the proposed
adaptive reference algorithm is able to generate a suitable an-
kle joint profile tailored to each subject at his/her own walking
speed. Furthermore, by setting different ankle reference key
points (Table 1 compared to Table 4) the assistive torque pro-
vided for each subject can be adjusted. Moreover, only ground
reaction forces and shank acceleration in the longitudinal axis
are used for the AARG algorithm, making the system portable
and lightweight.

The system proved to be stable for its use in a clinical envi-
ronment. The proposed adaptive reference algorithm is able to
generate an adapted ankle joint profile despite the deficiencies
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Figure 14: Mean ankle joint angle position errors across the gait cycle for the
assisted and unassisted sessions with patient.

in the ankle joint during the gait of the paretic patient. The
obtained results showed that an ankle reference profile gener-
ated in real time based on the current state of the wearer’s gait
could potentially assist the ankle joint of paretic subjects and
prevent eventual falls due to foot drop effects. The assistance
provided by the AAFO can increase the ankle dorsiflexion dur-
ing the swing phase; which can correct foot drop even in the
presence of co-contraction, and increase the ankle plantar flex-
ion during push-off.
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