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Summary

Over the past few decades, there has been an increasing trend in the development of
wearable robotics for rehabilitation and human augmentation. Although most such de-
vices have been envisioned and realized to extend human capabilities, they do not pri-
marily target balance control. For a wide range of physiotherapy recipients, impaired
balance, rather than a lack of muscle strength, is the main impediment to functional re-
covery. Recently I proposed and realized a novel wearable robotic device, the GyBAR,
that is capable of assisting balance during standing and walking without obstructing the
lower extremities; this is achieved by exerting free torques on the upper body with a
gyroscopic actuator that is worn like a backpack. This thesis presents a study into the
feasibility of control moment gyroscopes (CMGs) as wearable devices for balance assis-
tance in human beings. Here I identify and focus on sensing, actuation and control as
the three main components of the GyBAR.

Sensing

Knowledge of stability metrics plays an important role to successfully assist balance in
a more transparent way (i.e. without interfering with ADLs). From the many definitions
proposed in literature for human locomotion, knowledge of at least the relative posi-
tion and velocity of the body’s center of mass respect to its base of support are required.
Knowledge of these variables represent a major challenge for wearable devices due to
the limited amount of information that their built-in sensors that can measure given its
collocation along the body. These quantities can be complex to sense locally, in particu-
lar for upper-body wearable devices, where sensor information of the lower limbs is not
available. Pursuant to this, I propose a model-based approach from which the state of
balance can be estimated in real-time. Our approach estimates the position and velocity
of the CoM by combining local sensor measurements with a simplified dynamic model
of the human gait. Here, a bipedal Spring Loaded Inverted Pendulum (SLIP) model with
arigid trunk was implemented along the extrapolated CoM (XCoM) for walking control.
Subsequently, an observability analysis is performed over the selected dynamic model
using linear acceleration of the CoM and position and angular velocity of the trunk as
available measurements. An Additive Unscented Kalman Filter (AUKF) is implemented
to estimate the unmeasured states of the system (i.e. CoM position and velocity). Our
approach is then validated using experimental data from treadmill walking, where a sin-
gle upper-body IMU sensor is used along infrared motion capture cameras. It is shown
that the CoM position and velocity can be estimated accurately (i.e. with a maximum
RMSD of 0.013 m and 0.022ms ™! in CoM position and velocity respectively). It is also
shown that the proposed approach exhibited low sensitivity on sensor inaccuracies.

Actuation

Momentum exchange actuators such as CMGs have been widely used in the aerospace
industry as attitude-control actuators due their torque amplification and reactionless-
torque capabilities. Because of these capabilities, this form of actuation has been re-
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cently proposed in literature to be implemented for human balance applications. How-
ever, there is a lack of clear guidelines for its synthesis and design given its novel and
recent application in human interaction. To this end, I establish design requirements
taking into account maximum desired output torque, size and weight. Based on these re-
quirements, parameters for nominal operation and guidelines for structural design and
actuator selection are described for both flywheel and gimbal assemblies. Guidelines for
flywheel motor selection are described considering aerodynamic drag and bearing fric-
tion. Subsequently gimbal motor selection is based on the target output moment and
the analysis of undesired dynamics induced by body movements (i.e. parasitic torques).
The final design is then evaluated in a dedicated test setup consisting of an inverted
pendulum where parasitic moments can be induced. Here a simple balance controller
emulating a virtual spring is implemented to keep the pendulum upright. Our results
showed that the realized CMG successfully keeps the pendulum stable within a —4 to 4°
range with a maximum output torque of 70 Nm.

Control

From the many balance-assisting control paradigms proposed in literature, none have
been successfully validated in the context of wearable upper-body CMGs. So far Wo-
jtara et al. implemented a discontinuous balance assistive controller for his wearable
upper-body RW-based device. Although the reported results showed improve balance
on healthy individuals while using the device with the assistive controller, his study
failed to show a significant comparison with a baseline condition. It is thus still quite un-
clear which control strategies could potentially assist balance and whether these strate-
gies would successfully assist balance in individuals with balance disorders. We address
these issues in two parts. First, I implemented a set of simple balance-assisting con-
tinuous controllers (i.e. including a virtual rotary spring and a virtual rotary damper)
which were validated on a first randomized controlled trial (RCT) with healthy individu-
als. Here subjects were asked to perform a challenging balancing task (i.e. Walking heel-
to-toe over a narrow beam with their arms crossed) with and without the GyBAR. Results
showed that balance was improved by a median factor of 2 by the best performing con-
troller, the virtual rotary damper. Subsequently, a second RCT was conducted where
the virtual rotary damper was tested in a set of clinically-based challenging balancing
tasks (i.e. standing or walking with a reduced medio-lateral (ML) base of support (BoS)
and standing with a reduced anterior-posterior (AP) BoS) on individuals with chronic
stroke. Our results showed that the GyBAR was able to successfully augment balance in
the anterior-posterior(AP) balancing task by a median factor of 2.5 on individuals with
chronic stroke and 3.1 on healthy individuals.

Conclusion

The results of this thesis show, for the first time, evidence of the feasibility of a CMG-
based upper-body actuator as balance assistance device in individuals with balance dis-
orders. Alongside these results three important conclusions are derived. First, contin-
uous damping in the GyBAR can effectively augment balance by median factors of 2-3.
Second, and as consequence, only simple trunk angular velocity sensing suffices for its
implementation. Finally, a more compact and light version of the GyBAR can be realized
as only 32 % of the GyBAR output torque capability was used to assist balance.
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1.1 Motivation

Over the last few decades, our increasingly aging society has been suffering the conse-
quences of falls, being the leading cause of hospitalization in people aged 65 or older
[117, 238]. In addition to environmental hazards [38, 55], factors associated to senso-
rimotor impairments have been identified as main risk factors of falling in older adults
[46]. These include neurological conditions such as stroke and Parkinson’s disease [3,
144, 188, 202, 214], neuropsychological factors such as fear of falling, depression and
impaired cognition [2, 45], psychosocial and demographic factors such as advanced age,
limitation on activities of daily living (ADLs) and history of falls [26, 60, 173].

Currently, early fall risk assessment followed by interventions has proven to be suc-
cessful reducing risk factors of falls [32, 46, 61, 186, 189, 190, 194]. First, clinically-vali-
dated assessment tools are used to systematically and comprehensively identify the fac-
tors contributing to an individual’s increased risk of falling [12, 37, 46, 200, 226]. Sub-
sequently, and based on the evaluated risks factors, tailored interventions are designed
to reduce or prevent falls, with exercise and physical therapy amongst the most recom-
mended interventions in recent evidence-based guidelines for fall prevention [104, 136,
164, 194].

Recently, physical therapy has started to incorporate a wide range of robotic devices
as a complementary means for controlled and tailored interventions where custom and
repetitive tasks are required, particularly in individuals with neurological impairments
[91, 126, 167, 182, 215, 223]. However, most of these robotic devices require either com-
plex fixed structures or bulky mechanical constructions (Fig. 1.1) constraining their use
to specialized facilities that are neither practical nor convenient for efficient physical
therapy. Therefore, this thesis focuses on the development of a versatile portable robotic
device targeting balance assistance and its evaluation on individuals with balance disor-
ders.

1.2 Overview of current balance-assistive devices

Multiple robotic devices targeting both assistance and rehabilitation have been devel-
oped recently. This section gives an overview of the current state of art identifying their
benefits and limitations. Here these devices are classified based on the type of actuation
they provide to the wearer.

1.2.1 Externally-applied forces

These devices assist balance by applying forces to the upper-body via fixed or wheeled
structures. They typically incorporate a body weight support (BWS) system that can ac-
tively unload the individual’s weight during overground or treadmill walking yet pro-
viding controlled forces in predetermined directions. Although multiple realizations
of these devices have been developed, four main groups can be classified: (i) single
rail based active overground BWS systems (Fig. 1.1a), (ii) 3D or multidirectional active
overground BWS systems (Fig. 1.1b), (iii) BWS treadmill (Fig. 1.1¢) and (iv) mobile BWS
(Fig. 1.1d).

Active devices based on conventional single rail BWS (Fig. 1.1a) such as the Zero-G
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Figure 1.1: Illustration of current balance assistance devices. (a) Single rail, (b) 3D or multi-directional, (c)
Treadmill-based and (d) Mobile active Body-Weight support (BWS) systems, and (e) Portable multi-segment
exo-structure. White arrows denote directions in which the wearer can move freely.

[80] and the FLOAT Compact (Reha-Stim Medtec) provide support on overground loco-
motion in a transparent1 manner along the direction of the rail. This, however, limits
movements to a single direction given their single-rail construction, which could poten-
tially induce undesired effects on gait during rehabilitation [153]. This issue, has been
addressed by 3D BWS systems, such as the RYSEN [158] or the FLOAT [205], allowing
greater degree of freedom of the user in all directions yet remaining transparent. Unfor-
tunately, having a greater workspace implies much more complex and fixed bulky struc-
tures as multiple rails are now needed to provide transparent movements along the extra
degree of freedom, which might become a problem in rehabilitation facilities with lim-
ited space and impractical in other environments such as nursing houses or residential
aged care facilities.

11n this context transparent refers to the ability of the device to exhibit zero impedance
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BWS treadmills are relatively small compared to single rail and 3D overground BWS
systems. As the name suggests, these devices allow controlled weight unloading while
performing assisted gait training over a treadmill. Commercially available systems such
as KineAssist [152] and the Lokomat ®[95] have been widely used in rehabilitation facil-
ities and multiple scientific studies had been conducted showing its benefits over con-
ventional physical therapy in a number of neurological disorders [79, 126, 167, 182, 215].
However, they are limited to the small treadmill workspace making training for activities
of daily living (ADLs) very complex. In contrast, recent mobile BWS systems, such as Ho-
coma’s Andago® , try to fill in this gap by providing mobile overground BWS. A mobile
BWS generally consists of an active BWS supported by a wheeled structure, which allows
the patient to perform ‘free’ overground walking without being constrained to a single
location. Although this type of device is very appealing given its mobility and versatility,
it still requires a bulky surrounding structure that makes it impractical for use in regular
environments (e.g. climbing stairs or passing through transition strips).

1.2.2 Internally-applied torques

These robotic devices impart assistance to individual joints through wearable multi-
segment exo-structures (hereon referred as exoskeletons) enabling portability that does
not depend on any surrounding structure. Due the increasing interest on portable wear-
able robotics over the last few years, many prototypes and commercial exoskeletons sys-
tems have been proposed for both upper- and lower-limb assistance and rehabilitation.

Available exoskeletons range from very complex multi-joint systems capable of mov-
ing paralyzed legs[62, 74] to simpler systems assisting single joints aiming gait assistance
[67, 232]. Despite primarily targeting paraplegics, medical exoskeletons such as The Re-
Walk (ReWalk Robotics), EksoGT (Ekso Bionics), HAL (Cyberdyne), REX (REX Bionics)
and Indego (Parker Hannifin Corp) are being tested as means of rehabilitation in spe-
cialized centers. They primarily target patients with severed impaired motor functions
such as the sufferers from spinal cord injury (SCI), multiple sclerosis (MS) and stroke
[53, 134, 197]. Although these devices can improve balance through reinforcement and
training of hip or ankle strategies [108] they do not primarily assist balance and might
require the use of crutches or walkers. Thus, target groups with mild or low impaired
mobility such as the frail elderly or individuals post-stroke would not effectively benefit
from these devices given their inability of assisting balance. Simpler single-joint systems
such as the Active Pelvis Orthosis (APO) [67] or the HONDA Stride Management Assist
system (SMA) [232] are thus more appealing devices for these target groups. Given that
they primarily aim to assist gait impairments, these devices are characterized for their
low weight and simplicity. Recently, feasibility studies have been conducted to evaluate
improvement in gait parameters in elderly and post-stroke individuals showing positive
results [25, 30, 149].

Although promising in gait rehabilitation, these devices could exhibit limitation in
balance assistance applications due to their type of actuation. Joint torques create op-
posite reaction torques in the subsequent body segments which might be detrimental
for balance assistance. Suppose for example, that while tripping forward (in the anterior
direction) a large hip extension torque is applied to assist foot placement to avoid a fall.
Here, given the opposite reaction torque, the forward movement of the trunk would be
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Figure 1.2: Momentum exchange devices. (a) Reaction Wheel. (b) Single-gimbal Control Moment Gyroscope.
(c) Dual-gimbal Control Moment Gyroscope

reinforced which could potentially lead to a fall.

1.2.3 Free torques

These devices (also known as momentum exchange devices) can produce effective free
torques 2 on a body without the need of a coupled inertial frame or multi-segment struc-
tures, exploiting conservation of angular momentum. Given their unique actuation ca-
pabilities, these actuators have been widely and primarily used in the aerospace indus-
try for attitude control of small and large spacecrafts (e.g satellites, International Space
Station, etc.) and in very few terrestrial applications such as vehicle stabilizers (e.g.
the Brennans’ Monorail [20], 1913 Shilovsky’s gyro car, 1961 Ford’s Gyron and Lit Mo-
tor’s C-1), boat stabilizers (e.g. SeaKeeper gyro) and autonomous underwater vehicles
(198, 199].

They are typically divided into two types: Reaction-wheels (RWs) and Control Mo-
ment Gyroscopes(CMGs). RWs devices generate torques by accelerating or decelerating
a fast spinning wheel (hereon referred to as flywheel) about its own rotating axis by the
input flywheel motor (Fig. 1.2a). Although simple to construct and control, the amount
of torque that can be generated directly depends on the flywheel motor (zrw). Unfor-
tunately, this makes RWs impractical for torques higher than 1 Nm due to high power
requirements or impractical wheel mass and size [115]. Despite of this, RWs are typically
used in small satellites (e.g. U-class satellites) when output torque requirements are low
(115,179, 212, 235].

When higher torques are required, CMGs are more appealing solutions. Unlike RWs,
CMGs output torque does not depend directly on the flywheel motor torque. Here a sec-
ond input motor rotates a structure containing a flywheel (hereon referred to as gimbal)
about an orthogonal axis (Fig. 1.2b). While doing this, a free torque (Tcmg) is generated
along a mutually orthogonal axis to its flywheel and gimbal spin axes (Fig. 1.2b). Its mag-

2Free torques or moments are those that do not create opposite and equal reactions in subsequent connected
segments

5
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nitude and direction are thus dictated by the flywheel’s angular momentum (H) and the
rate at which its surrounding structure is gimbaled (y).

Because of its unique torque generation, CMGs exhibit important features such as
‘torque amplification’ and variable output-torque direction. ‘torque amplification’ is
achieved given that the input gimbal torque (7g) required to accelerate the gimbaled
structure is much smaller than the output torque generated by the CMG [115, 179]. This
allows the realization of high-torque CMGs with less powerful motors compared to RWs
with similar performance, despite the need of two separate actuators (i.e. Flywheel and
Gimbal motors). Concerning the variable output-torque direction, it is defined by the
variable position of the flywheel being dictated by the gimbal motion. It thus allows ver-
satility in the predefined desired output-torque direction, although off-axis components
are inherently present if only a single CMG is used. This is typically solved by using a
second CMG in a ‘scissored pair’ manner allowing a combined single direction output
[21, 35].

Despite their torque amplification and variable output-torque direction, CMGs ex-
hibit certain actuation limitations. CMGs can only generate torque in a given direction
for a very short time. This is due to the proneness of CMGs to geometric singular config-
urations® where torque cannot be longer produced in the desired direction. In addition
to several control steering laws [13, 203, 217], more elaborated momentum exchange de-
vices such as double gimbal CMGs (DG-CMGs) or variable speed CMGs (VS-CMGs) have
been proposed in literature to avoid or better deal with these configurations. DG-CMGs
consists of an additional passive or active structure added to the CMG which allows the
flywheel to be oriented in any direction. Although this helps to avoid the occurrence
of singular configurations, output torque amplification is reduced due to the potential
non-orthogonality of the flywheel and actuated gimbal axes. Moreover, DG-CMGs are
heavier and mechanically more complex than regular CMGs due to the added structure
and more difficult to control due to the added degree of freedom and their proneness to
‘gimbal lock’ configurations*. Conversely, VS-CMGs keep the same structure of regular
CMGs but include a more powerful flywheel motor in order to generate torque even in
singular configurations, combining both CMG and RW principles. Although keeping the
simplicity of regular CMGs, VS-CMGs weight and power requirements increase due to
the more powerful flywheel motor.

Very recently, a number of minimalistic support devices for human balance assis-
tance based on RWs and CMGs have been proposed. RW-based devices such as the one
presented by Wojtara et al. [7, 225], first showed the potential of momentum exchange
devices for balance assistance. Their pilot study consisted on the use of a single large
flywheel embedded in a customized corset where balance assistive and disruptive con-
trollers where tested with healthy individuals. At the same time, Li and Vallery [116]
proposed a minimalistic CMG-based concept consisting on cluster of 3 CMGs enclosed
in a backpack-like structure incorporating a cooperative balance assistance controller.
This study was later elaborated by Chiu and Goswami [35], who realized the first CMG-
based human balancing prototype which consisted of a symmetric (scissored) CMG pair.
This prototype, however, was not evaluated as balance assistance device and the results

3Here the flywheel and desired output axes happen to be aligned
4Here the flywheel and gimbal axes are aligned
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presented were limited to tests over a fixed test bench.

Given its potential compactness and its unique type of actuation, CMGs are very
good candidates as wearable technology for balance assistance. Unfortunately no stud-
ies have reported evidence of their feasibility in balance assistance or their evaluation
on human beings.

1.3 Problem Statement

In the context of portable balance-assistance devices, three major issues need to be ad-
dressed in order to evaluate CMG actuation in human beings. First, the challenge of real-
time sensing of stability metrics of a moving human based on upper-body inertial mea-
surement units. Given the limited measurements of these type of sensors, it is unclear
how highly specific fall-predictors such as linear velocity can be estimated. Secondly,
the challenge that pose the design of a CMG actuation unit. Due to its application, this
challenge introduces a compromise of actuation capabilities and portability. Inherently
a light and small CMG will have a very limited output torque, while a high output torque
CMG will must certainly be heavy, bulky or both. And thirdly, the type of control and
the magnitude of actuation that the CMG device should apply. It is unclear how human
beings would react to assistive free torques, and moreover, how much assisting torque is
required and how it should be applied to successfully assist balance.

1.4 Goal

The goal of this thesis is to assess the feasibility of a CMG-based actuator as balance as-
sistance device in individuals with balance disorders. To this end the following questions
need to be addressed:

1. How can stability metrics be assessed in real time using minimum upper-body sens-
ing?

2. How can an upper-body CMG-based balance assistive actuator be designed?

3. Arefree torques applied onto the human torso suitable for balance assistance or aug-
mentation?

4. Is the generated assistance suitable to sufficiently augment balance in individuals
with balance impairments?

1.5 Thesis Outline

Figure 1.3 depicts an overview of a control scheme for a balance assistive device, show-
ing how the different blocks of the system are addressed in this thesis. The chapters
presented in this thesis are independently readable as they were written as manuscripts
for scientific journals.

Chapter 2 pertains to sensing. It investigates the feasibility of a model-based algorithm
to estimate the state of balance based on a single upper-body sensor. This chapter ad-
dresses question 1.

7
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Figure 1.3: Thesis outline illustration. It depicts a generic control scheme for a balance assistive device.

Chapter 3 pertains to actuation design. It presents a detailed design methodology of a
single CMG as balance-assistive actuator. This chapter addresses question 2.

Chapter 4 pertains to evaluation of control algorithms and assessment in human be-
ings. It presents a 2 part study where the feasibility of the CMG as balance assistance
device in a series of challenging balancing tasks. Part 1 investigates the performance of
different types of continuous assistive controllers and their effect on able bodied indi-
viduals. Part 2 evaluates the best performing controller on individual post strokes. This
chapter addresses question 3 and 4.

The thesis ends with conclusions and future directions in Chapter 5
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The content of this chapter have been sligthly modified from the paper:
C. Paiman, D. Lemus, D. Short, and H. Vallery, Observing the State of Balance with a Single Upper-Body Sensor,
Frontiers in Robotics and Al, Volume 3, (2016). [145]
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The occurrence of falls is an urgent challenge in our aging society. For wearable devices
that actively prevent falls or mitigate their consequences, a critical prerequisite is knowl-
edge on the user’s current state of balance. To keep such wearable systems practical and
to achieve high acceptance, only very limited sensor instrumentation is possible, often
restricted to inertial measurement units at waist level. We propose to augment this lim-
ited sensor information by combining it with additional knowledge on human gait, in the
form of an observer concept. The observer contains a combination of validated concepts
to model human gait: A spring-loaded inverted pendulum model with articulated upper
body, where foot placement and stance leg are controlled via the extrapolated center of
mass (XCoM) and the virtual pivot point (VPP), respectively. State estimation is performed
via an Additive Unscented Kalman Filter (Additive UKF). We investigated sensitivity of the
proposed concept to model uncertainties, and we evaluated observer performance with
real data from human subjects walking on a treadmill. Data was collected from an Inertial
Measurement Unit (IMU) placed near the subject’s center of mass (CoM), and observer es-
timates were compared to the ground truth as obtained via infrared motion capture. We
found that the root mean squared deviation did not exceed 13 cm on position, 22 cms ™
on velocity (0.56 to 1.35ms™1), 1.2° on orientation and 17 °s~! on angular velocity.

2.1 Introduction

Falls pose a major problem, especially in our aging society. Most falls among the elderly
occur during forward walking (24 %) and due to incorrect weight shifting (41%) [168].
Balance dysfunction was found to be a considerable risk factor for falls [173].

Wearable robotic devices could play a role in preventing falls, or at least mitigating
their consequences, by providing balance assistance in daily life activities. This would
result in increased safety and independence of the elderly. Examples for such systems
are the balance-assisting gyroscopic backpack [116], the hip orthosis [67] and airbags to
reduce fall injuries [196].

Acceptance of such devices is a critical hurdle, and it relies on the technology being
unobtrusive, easy to use, and minimalistic. For example, wearable airbags are mostly
contained in just a thin waist belt, and the gyroscopic balance-assisting device is con-
tained in a backpack. Both devices need to rely on sensor data that can be acquired by
wearable sensors at the upper body, as instrumenting the legs would increase hardware
complexity and reduce user comfort in donning and doffing the system.

Standard wearable kinematic sensors are inertial measurement units (IMUs), con-
sisting of accelerometers, gyroscopes, and potentially magnetometers. Such IMUs are
commonly used in several fields, not only for real-time fall detection [102, 141], but also
for clinical gait analysis [69, 195] or in sport coaching [54]. IMUs are advantageous in
terms of weight, size, energy consumption, and cost. A limitation of IMUs is that they
do not allow to directly measure one highly specific predictor for imminent falls: linear
velocity in vertical direction. This has proven to be a valuable source of information both
in literature [18, 228] and in our own experience (with the FLOAT rehabilitation robot of
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Vallery et. al. [205]). Despite recent advances in filtering techniques for IMUs [184], they
cannot deliver linear velocity information without drift or additional assumptions.

Furthermore, most existing fall detection algorithms are based on data-driven or
heuristic approaches [17, 101, 140, 141], where velocity or acceleration thresholds are
used to assess loss of balance. Black-box, data-driven approaches intrinsically rely on
large amounts of training data to achieve acceptable specificity (low rate of true posi-
tives) and sensitivity (low rate of true negatives) in real-world conditions. Such train-
ing data is challenging to obtain. Furthermore, the algorithms need to be specifically
configured if more insight is desired besides binary classification of movement as fall or
non-fall.

Possibly, the performance of such wearable sensor systems could improve consid-
erably if they were combined with knowledge of nominal human balance behavior. To
quantify the state of balance during bipedal gait, multiple definitions have been pro-
posed in literature, both for human locomotion [48, 78, 82] and bipedal robots [70, 160,
161, 218]. What most definitions have in common is that they require at least the posi-
tion and velocity of the body’s center of mass (CoM) with respect to the center of pressure
(CoP), the point of application of the net ground reaction force. These variables are com-
plicated to measure in a wearable application without instrumenting the legs. Moreover,
sensors for online measurement usually provide local rather than global information,
which is insufficient for fall detection and balance control.

To meet these challenges, we propose to estimate the state of balance by combining
local sensor measurements with a simple model of mechanics and control of human
gait, in the form of an observer concept.

The choice of model should be as simple as possible, to avoid any unnecessary as-
sumptions. Still, the model needs to contain the main features needed to link the state
of balance with available sensor information. Particularly, it has to predict orientation
of the upper body (which can be measured by IMUs), as well as the base of support and
location and velocity of the CoM with respect to it (critical determinants of balance).
Many models focus on foot placement only and reduce the upper body to a point mass,
such that sensor information from the upper body (like inclination) cannot be integrated
[83, 224]. Also, many models consider double-support phases during gait as instanta-
neous, which greatly reduces the base of support. This is particularly unrealistic for slow
gait of persons with balance impairments, who have extended double-support phases
compared to healthy subjects of the same age [10, 123], and also for other postural tasks
such as sit-to-stand transitions or standing.

As afirst step, we aimed for a sagittal-plane model for forward walking on level ground.

First, we formulated a set of requirements for such a model (Section 2.2.1), conducted a
small survey on available models and their suitability for the observer concept, and we
assembled a model based on this analysis (Section 2.2.1). Using simulations, we eval-
uated the sensitivity of the implemented observer (Section 2.2.2) to parameter uncer-
tainties (Section 2.2.3). Finally, we evaluated observer performance using real data from
experiments with human subjects (Section 2.2.4).

11
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2.2 Materials & Methods
2.2.1 Dynamic Model

Definition of Requirements

The purpose of this study was quantification of the state of human balance during walk-
ing with limited sensor information and under real-time constraints, by means of a model-
based observer concept. The first steps were to choose the sensor and an appropriate
model for the observer.

As sensor, we chose a minimalistic setup with only a single Inertial Measurement
Unit (IMU) at the upper body, near the waist. This is a convenient location for many
wearable applications, such as wearable airbags. Furthermore, previous work suggested
that accelerometers worn near the waist are effective for pre-impact fall detection [102],
and that placement near the waist is ergonomic and flexible [231].

The model should incorporate the main features of human balance control, while
still being observable with the chosen sensor. Three main strategies have been rec-
ognized in literature: the ankle strategy, which counteracts small disturbances during
stance and single support; the hip strategy, which utilizes upper-body movement to af-
fect angular momentum in response to slightly larger disturbances; and finally the step-
ping strategy or foot placement strategy, which dominates during gait and which copes
with disturbances in case ankle and hip strategy do not suffice during stance [90]. Trunk
control is particularly relevant, because it has been shown that limited trunk motion re-
sults in a higher risk for falls, and elderly, who are more prone to falls, often show limited
orientation angles and angular velocities [71]. To represent all these strategies, the model
needed to have an articulated upper body, trunk and ankle control, as well as a strategy
to place the feet.

We only considered models where experimental evidence existed to confirm their
ability to represent human balance strategies.

Finally, the model had to be suitable for a real-time implementation, and it had to in-
clude as few parameters as possible, to minimize efforts for calibration or identification.

Choice of Dynamic Model

To choose a dynamic model, human walking models from literature were evaluated against
our very specific requirements. An overview of these models is given in Table 2.1. The
mechanical models could be categorized in three groups: the linear inverted pendulum
(LIP), the spring-loaded inverted pendulum (SLIP) and the multi-body model (MB).

Even though multibody models have shown very valuable to explain human balance
strategies [78], the models would not be observable with our chosen extremely limited
measurements, and can therefore not be used.

Due to the constraint of an implementation suitable for real-time application, we ex-
cluded some other models, even though they might have the ability to model human-like
gait accurately, such as the ones based on optimization techniques [6]. We also excluded
neuromuscular models, because of the difficulty of determining the many needed muscle-
reflex parameters [65].



Sensing

Category Reference
Mechanical Models
Linear Inverted Pendulum (LIP)
Basic LIP Kajita et al. [99]

Legs with knees

Finite-sized foot
Spring-Loaded Inverted Pendulum (SLIP)

Basic SLIP

Accelerated pivot

Roller foot

Articulated upper body

Damping

Variable impedance
Multi-Body Model (MB)

System of particles

Rotational inertia

Musculoskeletal

McGeer [127]
Koolen et al. [105]

Seipel and Holmes [185]
Jung and Park [98]
Whittington and Thelen [216]
Maus et al. [124]

Saranl et al. [175]

Park [148]

Chyou et al. [36]
Lee and Goswami [112]
Geyer and Herr [65]

Control Methods
Central Pattern Generator
Finite State Machine
Optimal Controller
Artificial Reflexes
Zero Moment Point
Extrapolated Center of Mass
Virtual Pivot Point
Angular Momentum

Ogihara and Yamazaki [142]
Jo [96]

Anderson and Pandy [6]
Geyer and Herr [65]

Hirai et al. [81]

Hof [83]

Maus et al. [125]

Kajita et al. [100]

Table 2.1: Specifications and variations to the three basic mechanical models (Linear Inverted Pendulum,
Spring-Loaded Inverted Pendulum and Multi-Body Model) and the two control methods (based on Neural
Principle or Mechanical Principle).

Simplified models with spring legs can reproduce the vertical oscillation of the cen-
ter of mass, and kinetic and gravitational potential energy resemble human gait [66].
Therefore, we chose massless springs as legs.

To represent the upper body in a simple way, we added a single rigid body to the SLIP
model, hinged at the hip, as suggested previously by [125] in the context of Virtual Pivot
Point (VPP) control. The VPP hypothesis entails that the resultant ground reaction forces
at each foot is always pointed toward a virtual point above the center of mass, by means
of controlling hip torques. This way, the upper body mimics a physical pendulum, with
the virtual point on the trunk as pivot. As opposed to an inverted pendulum, a hanging
pendulum is does not require active state feedback control throughout the entire gait cy-
cle. Experimental evidence for this model has been found [125]. Experiments with mod-
els based on the VPP, showed high coefficients of determination for predicted ground
reaction force direction, and predicted whole-body angular momentum (R? > 97.75%
and R? > 96 % respectively) for the trunk-attached frame [125].

The feature that remained to be added to the VPP model was a foot placement strat-
egy. To this end, the extrapolated center of mass (XCoM) with constant offset control was
utilized [82]. Also for this strategy, experimental evidence exists [233], although differ-
ences in stability margins seem to exist between healthy young subjects, healthy elderly

13
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subjects, and elderly fallers [118].

Combining this foot placement strategy with VPP control was expected to result not
only in stable behavior of the upper body, but also in stable walking behavior. Geomet-
rical definitions of the model are given in Fig. 2.1.
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Figure 2.1: Geometrical representation of Virtual Pendulum Model with Virtual Pivot Point (VPP) control for
the upper body (with ground reaction force Fgy) and foot placement with the extrapolated center of mass
(XCoM, calculated with i.a. the velocity, v, of the center of mass)

Movement Generation with the Dynamic Model

Assumptions

The equations of motion of the dynamic model were calculated based on the following
assumptions:

1. Compliant leg behavior of the human could be modeled with telescopic spring-
damper legs; a knee joint did not need to be added to the model.

2. The legs could only be compressed rather than extended, such that the ground
reaction force acting on the leg never had a component pointing downwards.
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3. Loss of kinetic energy at ground contact was negligible, such that no impact forces
occurred and no sudden changes in potential or kinetic energy were present after
foot placement; when placing the foot at the ground, the resultant force in direc-
tion of the leg equaled zero.

4. Dynamics of the swing leg were negligible; the legs had no mass or inertia, and in
swing phase, the legs were at rest length. Accordingly, swing leg dynamics did not
appear in the equations of motion.

5. Movement of the center of pressure during single-support phase was negligible;
the feet were modeled as point feet, and their positions remained constant through-
out stance phase.

Even though the equations of motion of this model could be derived in three dimen-
sions, we neglected the influence of 3D coupling terms and analyzed only a 2D planar
model in the sagittal plane.

Equations of Motion
All following calculations used the global reference frame N, the reference frame fixed

to the stance foot.
The state vector of the model, g, consisted of 6 state variables: components of the
center of mass (CoM) position vector N xc = (X¢c,2¢) T with respect to the origin O and of
the CoM velocity vector Nic = (e, 20)7, upper body angular orientation 8, and upper
body angular velocity w = 6 as

T
q:(xc zc 0 xc¢ zc w) . 2.1)

Transformation of a body vector to the global frame was done with a rotation matrix
such as

cos(6 sin(6
MR = —sin((e)) cosé@)).

(2.2)

These state variables described the configuration and movement of a body, floating
in space, with forces and moments acting on it. To stabilize the trunk, the ground re-
action force of the leg was directed toward the virtual pivot point (VPP). From a biome-
chanical perspective, this could be explained with a torque on the hip joint. This ground
reaction force Fg,t consisted of a component Fj along the leg (spring and damping forces)
with k spring stiffness, d damping coefficient, [y rest length of the spring and [ current
leg length

Fi=-k(l-1)-dl. (2.3)

and a component F;| orthogonal to the leg. Thus, using the unit direction vectors e and
e, the angle a between the leg and the direction of Fgy, and the position vector xypp of
the VPP with respect to O, the resultant ground reaction force, Fgt, could be expressed
as

Fj Xvpp

_— 2.4
cos(a) ||xvpp ” (2.4)

Fgi=Fiej+FLe =
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Using Newton-Euler, this resulted in the following equations of motion for single-
support phase, with mass m of the upper body, graviational acceleration g, gravitational
force Fg = (0,0, —mg)T, and moment of inertia J of the upper body with respect to the
CoM (the analysis is restricted to 2D, so the determinant replaces the cross product):

mjéc

Jw

Fgrf+ Fg
xc x Fgf

(2.5)

During double support phase, the system can be described as a trunk segment with
two legs, both in contact with the ground. The equations of motion were similar to those
of single support, but one additional force, and moments resulting from this, has to be
added: the ground reaction force of the front leg. The point of application of this force
was located at the position of foot placement, point D. Ground reaction forces of both
legs were directed toward the VPP. These forces together defined the location of the cen-
ter of pressure (point E), which gradually moved from rear to front leg during double
support phase.

The non-linear system was described with the state derivative § and the measure-
ment function y

q filg) with j=1,2 (2.6)
Yy = hg 2.7

both functions of the state vector g, where the subscript j denoted either single support
(j = 1) or double support (j = 2). These equations could be linearized to get the system
matrices A; as

ofi(q)
A]. — M (2.8)
0q g
and output matrix C
oh
c = @ (2.9)
oq qk

around a certain state gy at time instant k.

Hybrid Control of Walking

For movement generation, only straight, forward walking on level ground was consid-
ered. A simulation of multiple successive steps consisted of two phases: single-support
and double-support phase. These two phases were separated by two events: initial con-
tact, IC, (at heel-strike), when the swing leg touched the ground; and final contact, FC,
(at toe-off), when the rear leg left the ground. Both phases were simulated with Heun’s
numerical integration method (1000Hz).

The event functions were based on the assumption of no change in kinetic energy
at ground contact. The distance at which the foot was placed, was based on a constant
offset to the XCoM. In literature, this was termed constant offset control [83]. It has been
stated that a constant spatial margin of stability was a possible objective of human walk-
ing [233].
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Since the difference between the XCoM of the LIP and the Virtual Pendulum Model
was assumed to be negligible, the XCoM derived for the LIP by [82] was used. For contin-
uous stable walking, the foot needed to be placed posterior to the XCoM. Therefore, ini-
tial contact (IC) occurred as soon as the front foot (denoted by index f) could be placed
at a point D at a constant offset A from the XCoM such that there were zero spring and
damping forces, i.e. Fj f = 0 and XCoM = A + §, with XCoM computed with:

XCoM = x¢c + k¢ ”xC”

(2.10)

and a constant offset A dependent on reference step length s; r¢f, reference step duration
T ref, and the eigenfrequency wg of the pendulum [83]:

Sref

= e‘UO Ts,ref +1 (211)

Final contact (FC) occurred when the rear leg (denoted by index r), while extending,
regained zero spring and damping forces, i.e. F, =0and i=o.

In double support, the state variables were expressed relative to the foot that first
touched the ground (the rear leg). After FC, the origin O was be moved to the position of
the stance foot in single support of the next step.

Observability Analysis

The behavior of the model strongly depended on model parameters and constants, which
are given in Table 2.2. Both spring stiffness, k, (Section 2.2.1) and damping, d, (Sec-
tion 2.2.1) were computed from a dimensionless value, K and {4 respectively, and other
model parameters (mass m, rest length leg Iy and gravitational constant g):

K

k = —mg (2.12)
lo

d = 2(yVkm (2.13)

Only angular positions and velocities and linear accelerations were measured; posi-
tion and velocity of center of mass and leg angle were missing. Only the vertical acceler-
ation Z¢ was used such that the measurement vector was:

y=0 o z)' 2.14)

To estimate of these essential pieces of information, the model needed to be observable.
The nonlinear equations required an observability check with Lie derivatives, L}, which

could be calculated with:

LO
f dq

(2.15)

L} = % (Lj:l I (2.16)

17




18 | Chapter 2

Parameter/Constant Symbol Value Unit
mass m 80 kg
leg length lo 1.0 m
inertia (n-axis) In 4.58 kg-m?
CoM - hip joint ({-axis) ay -0.10 m
coefficient of restitution e 0.0 -
dimensionless spring stiffness K 20 -
dimensionless damping Ca 5x1073 -
CoM - VPP ({-axis) c 0.10 m
virtual pivot point angle dv 1.35 °
gravitational acceleration g 9.81 ms~2
Reference step length S ref 0.20 m
Reference step duration T ref 0.50 s

Table 2.2: Model parameters and constants.

For local observability, the following holds (with number of states n = 6 and O the ob-
servability matrix):

The system is locally observable if:rank(0) = nwith p<n
;
L
and O= f
P
Ly
This method showed that the observability condition for the dynamic 2D model was
fulfilled, if and only if the following conditions held:

{gieR|qg;#0} for i=12...n

We assume that the instants were ¢g; = 0 were infinitesimally short.

2.2.2 Observer Design

Observer Concept

The observer needed to estimate human walking behavior. The Virtual Pendulum Model
was chosen to approximate this, but it is still, like human walking, nonlinear. A nonlinear
state estimation technique was thus required.

Yet, the observer needed to be suitable for daily-life applications, such that the state
estimates could be utilized for fall detection algorithms and wearable robot control.
Therefore, it needed to be possible to run the observer online. This constrained the al-
lowable degree of complexity of the observer type.

It was chosen to use a stochastic state estimation technique, since human walking
behavior is stochastic rather than deterministic. We chose a Kalman filter, which is pop-
ular due to its relatively straightforward implementation and moderate computational
cost.
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A well-known example of a Kalman filter is the Unscented Kalman Filter (UKF). This
filter does not require derivatives and proved to outperform the commonly applied Ex-
tended Kalman Filter (EKF) in terms of accuracy and consistency, without drastically
increasing computation time.

The Additive Unscented Kalman Filter is a simple variation to the UKE with limited
amount of sigma points (minimal set of sample points around the mean). With the need
for a proof of principle, this standard observer for nonlinear problems was considered
to be appropriate. It should be noted that we do not rule out the possibility of applying
other observer types to this method.

Observer Implementation

The observer was implemented offline, but it could also be used online.

The observer was configured to start in single support phase. Therefore, estimation
started at the instant when the center of mass just passed the stance foot.

First, sets of Sigma-Points were generated with a probability around the prior state
estimates. A foot contact detection algorithm defined whether the phase was single or
double support. For the simulation, this instant was detected based on the magnitude of
the ground reaction forces (as described in Section 2.2.1). Since for the experiment, this
kind of information was not available, an existing algorithm published by [68], based on
accelerometer data, was utilized. At initial contact (IC) detection, foot placement was
computed with constant offset control and the XCoM (Section 2.2.1), and stored. The
process model for double support phase was used for the next time step. At the end of
the prediction step, a weighted mean was computed from the predicted Sigma-Points,
together with a weighted covariance matrix. The weights were divided equally.

After the prediction step, the predicted state estimates had to be corrected by com-
bining predictions with measurements, with process noise and measurement noise ma-
trices as input. The measurements available were upper body angular orientation, up-
per body angular velocity and vertical acceleration of the center of mass. The vertical
acceleration was integrated to estimate the vertical velocity of the center of mass. A 5-th
order, high-pass Butterworth filter (normalized cut-off frequency of 0.5) was applied to
correct drift. At final contact (FC), the foot placement location (as calculated after IC)
was used to move the reference frame to the stance foot in single-support phase. The
process model for single support was used subsequently for the next time step.

To tune the observer, simulation data from multiple successive steps were used (40
steps, approximately 16s). First, the simulation was manually tuned to find an output
that converged to a limit cycle. Noise was added for more realistic measurements. Then,
the observer parameters, process noise, covariance matrix, and a parameter determining
the spread of the sigma-points (o) were set. The measurement noise covariance matrix
was determined from the standard deviation of the added noise. Parameters that were
found with the tuning process are given in Table 2.3.

2.2.3 Sensitivity Analysis

19
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State variable

Type of noise xc (m) zc (m) 6 (rad) icms )  zcmms™l)  w@adsTl)  Zc (msT2)
Process noise 5x1077 5x10° 5x1071  5x107T 5x1077 5x1077 -
Measurement noise - - 5x 1077 - - 5x107° 1x107°

Table 2.3: Observer parameters, tuned on simulation data. The square roots of the values given in this table
were placed on the diagonal to construct a covariance matrix.

Evaluation Method

First, the assumptions were verified: whether or not leglength did not exceed rest length,
the intersection point of the ground reaction forces was the virtual pivot point (VPP), and
the preferred step length and step time were tracked.

After this, observer sensitivity was evaluated, by varying initial conditions and pa-
rameters. Values were varied separately while keeping all other conditions and parame-
ters perfect. The effect of the magnitude of these errors on various observer parameters
gave an indication of the robustness of the observer.

Event detection was set at the time of initial contact (IC) and final foot contact (FC)
(with errors €1c and epc). Gait parameters were expected to change depending on type
of gait (VPP angle ¢y, VPP height c;, preferred step length s; and preferred step dura-
tion Ts). All the remaining parameters were model parameters: mass m, leg length Iy,
distance from center of mass to hip joint a, spring stiffness K, damping {; and gravita-
tional acceleration g.

The conditions ranged from perfect values (0 % error) as an input, to values deviating
largely from the correct ones (100 % error), in 5 equally divided steps, both added and
subtracted from the perfect values, with measurement noise (Table 2.4 shows the values
considered to be the 100 % maximum). The sample frequency was set to 500Hz. Errors
in event detection were based on the mean and standard deviation of errors found in
literature [68].

Outcome Measures

The following outcome measures were investigated: Root Mean Squared Error (RMSE),
convergence time, overshoot, coefficient of determination (R?) and correlation coeffi-
cientr.

RMSE of a state variable g; was calculated with Eq. (2.17) over a total of p time steps.
To exclude the effect of convergence speed for this evaluation parameter, the initial index
ko was set at the sample for which ¢ = 10s, to provide sufficient time to converge. In this
equation, g; denotes the estimated, g; the true state variable.

Yoo (k= 41 )
p

RMSE; = (2.17)

Time of convergence was defined as the time from start to the instant that §; ; no
longer left the interval (g, x — €, g x + €), with € a certain set value for that state variable
gi, based on the range of the state variable and what practically was reasonable. The
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State variable Symbol  Unit Truevalue  Maximum error
anteroposterior position xc m 0.0024 0.30
vertical position zc m 1.08 0.30
angular position 0 ° 1.35 30.0
anteroposterior velocity Xc ms~! 1.15 1.00
vertical velocity zc ms™1 0.00 1.00
angular velocity ) o571 —4.01 50.0
mass m kg 80.0 10.0
leg length Iy m 1.00 0.15
inertia I kgm? 4.58 1.00
CoM - hip joint distance ar m -0.10 0.10
dimensionless spring stiffness K [-] 20.0 10.0
dimensionless damping {a [-] 0.005 0.001
CoM - VPP distance c m 0.10 0.10
virtual pivot point angle oy ° 1.35 10.0
desired step length N m 0.20 0.10
desired step duration Ts s 0.50 0.20
gravitational acceleration g ms~2 9.81 0.05
error initial contact detection £1C ms 0.00 48.0
error final contact detection EFC ms 0.00 63.0

Table 2.4: True simulation value and maximum errors on initial conditions, model parameters, gait parameters
and event contact detection.

allowed errors were 5cm on positions, 10cm on velocities, 3° on angular position and
5°s~! on angular velocity.
Overshoot was defined as the largest difference peak from k=1 to convergence, with

index k=k. (Eq. (2.18))
1<k<k: Y ( i,k l’k) ( )

R?, coefficient of determination, could be computed with Eq. (2.19), with g;  the
mean value of the data.
Zizko (Gik — qi0)°

R*=100%-|1- — —
Yk, ik = Gik)

(2.19)

In case of a bias or a gain difference, the correlation coefficient r indicates if the
estimates correlates with the true data (ranging between 0, no correlation, 0.3, weak,
0.5, moderate, 0.7, strong, and 1, perfect correlation) and thereby evaluates on phase of
walking rather than absolute magnitudes of state variables.

2.2.4 Experimental Evaluation

Evaluation Method

The performance of the observer was analyzed by comparing the observer outcomes
with experimentally measured data. Ethical approval for the experiment was received
from the Human Research Ethics Committee, Delft (March, 2015), and the experiment
was carried out in accordance to their recommendations. For this study, the data sets
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of 2 young, healthy subjects were analyzed: 1 male (28 year, 56kg), 1 female (24 years,
71kg). The subjects gave written informed consent.

The set-up consisted of a treadmill with one belt, of which the speed could be varied
manually. The test subjects were asked to perform the following tasks on the treadmill
for at least 10 seconds:

1. Low-speed walking (0.56 ms™') (task LW)
2. Normal-speed walking (0.97 ms™!) (task NW)
3. High-speed walking' (1.35ms™!) (task HW)

4. Normal speed walking with the arms folded in front of the chest (0.97 ms™!) (task
AW)

Subjects were instructed to walk normally, with the arms free, unless otherwise indi-
cated. Tasks LW and HW were added to validate whether the same observer, tuned on
normal speed walking (task NW) could be utilized for different walking speeds. Task AW
was added to evaluate the difference in case inertia of swinging arms was absent, since
the model neglected arm movements.

Two measurement systems were used: an Inertial Measurement Unit (IMU) and a
Motion Capture (MoCap) system. The IMU was attached to the back of the test subjects,
at the waist. The MoCap was a 3D, 5-cameras, Motion Capture system (Qualisys Track
Manager) to track the movement of the subject, with reflective markers spread according
to the placement in Fig. 2.2.

Movement of the markers, providing global position coordinates of points of inter-
est (center of mass, shoulder joints, hip joints and feet) were tracked with the MoCap
system, at 500Hz. Upper-body angular orientation was estimated from the Inertial Mea-
surement Unit (IMU) data with a Kalman Filter, upper-body angular velocity was mea-
sured with the gyros and linear center of mass acceleration was measured with the ac-
celerometers (1000Hz, resampled to 500Hz to match the MoCap measurements). The
IMU was calibrated with the z-axis pointing in the opposite direction of gravity, and the
x and y-axes parallel to the ground, using a right-handed system, such that any axis
pointing in a direction orthogonal to the vertical gave zero acceleration as an output.

The IMU was placed at the back of the subject’s body in vertical, upright orientation,
as close to the position in which the IMU had been calibrated. The alignment was such
that the z-axis of the IMU was aligned - as much as possible - with the subject’s upright
vertical (longitudinal axis), the x-axis with the direction of walking (sagittal axis) and the
y-axis pointing to the left (frontal axis). To calibrate the IMU, such that ’zero’-angles rep-
resented upright standing, the subject was asked to stand as upright as possible, and the
‘initial’ angles from the IMU were recorded. Since most subjects were not able to stand
perfectly upright for the short period of time, the measured initial angles varied approxi-
mately 3°. The Euler angles were found by calculating the corrected rotation matrix with

IThe treadmill speed indicated at the display was validated with the MoCap data of the foot. For low and
normal velocities, the average speed of the foot corresponded to the speed indicated at the treadmill. How-
ever, for high velocities, a drift was observed. For tasks HW, instead of 1.4m/s, which was the treadmill input,
1.35m/s was estimated to be the actual velocity according to the processed MoCap data.
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Figure 2.2: Motion capture marker position on the subject, used for data analysis (from left to right: front view,
right side view and back view), partially based on guidelines of Carnegie Mellon University. Model shown with
dashed line. LThi was used to identify which leg was the left leg. It was assumed the position of the ankle joint
(RAnk and LAnk) coincided with the center of pressure. Note that only the x¢ positions rather than the y’
positions were used.

measured angles (at each time instant) and the (constant) initial angles. A rotation order
1-2-3, from body to global frame, was used (rotating around the body’s x-axis with ¢,
about rotated y-axis with 6, around rotated z-axis with ). The calculated Euler angle 8
obtained from the IMU data was fed into the observer.

During a trial, after IMU data recording had started, the MoCap recordings were
started as well, and stopped after approximately 10s. With the start and the end of the
MoCap recordings, a trigger was sent to the computer that recorded IMU data, such that
only the IMU data in between the start and end triggers of the MoCap were saved, and
IMU and MoCap recordings were synchronized.

Data Processing

Each dataset (of 10s) was cut in two, such that per task, two datasets of each 5 seconds
were obtained (labeled e.g. IW1 for the first 5s, IW2 for the second 5s of low-speed
walking). The observer was configured to start in single-support phase. Therefore, the
start of each dataset was set at the instant when the MoCap recordings of the position of
the center of mass just passed the MoCap recording of the position of the stance foot.
After the IMUs were calibrated for upright stance, the instants of initial and final foot
contact were estimated with the available data from the IMUs. The use of accelerome-
ters in combination with gyroscopes has been accepted for online gait event detection.
An offline approach, which theoretically could be implemented online, was used. It was
based on the approach of [68], who showed that initial and final contact events (IC and
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FC) could be detected from lower trunk accelerations and heuristics, without false pos-
itives or false negatives, with an error of 13 + 35 ms and 9 + 54 ms for IC and FC respec-
tively. Although considerable delays were present (117 + 39 ms for IC and 34 + 72 ms for
FC, it was suggested these could be reduced by applying a different filter, so that further
research could lead to an accurate algorithm for real-time gait event detection [68].

The MoCap data, which returned global position coordinates of each marker, needed
to be processed to find the state variables as defined in the model: position and velocity
of the center of mass with respect to the stance foot in single support, and to the foot
of the rear leg in double support. It was assumed the anteroposterior coordinate of the
center of pressure always coincided with the marker placed at the ankle joint, of the leg
that touched the ground; the vertical coordinate was assumed to be zero. In other words,
the foot was assumed to be a point foot.

The markers were labeled in Qualisys Track Manager. In case a marker disappeared,
and the gap did not exceed 200 samples (500 Hz), they were gap-filled with a polynomial.
Orientation of the upper body for yaw motion, required to extract the anteroposterior co-
ordinates, was based on the direction of the vector from marker LCoM to RCoM or from
LSho to RSho, depending on the availability of MoCap data. Anatomical landmarks were
used to find points of interest. Hip joint (point A) and shoulder (point S) were defined by
the midpoint of the left and right markers of hip and shoulders respectively. The center
of mass (point B) was defined to coincide with the midpoint of markers LCoM and RCoM
2. The inclination angle of the upper body was defined by the orientation of the vector
from hip joint to shoulder (point A to S in Fig. 2.2). Linear and angular velocities were
calculated from the position vectors with the central difference method and filtered with
a Butterworth low-pass filter of 50Hz to filter out noise. For the linear velocity in antero-
posterior direction, the central difference method was applied to the absolute position
data and the constant velocity of the treadmill was added to the computed velocity.

The initial conditions for each task as input to the observer, were set to the initial
conditions found with MoCap and IMU, plus errors that were set to —5 cm for antero-
posterior and vertical position, —5 and 5cms™! for anteroposterior and vertical veloci-
ties respectively, 2.9° for orientation, and 5.7 °s~! for angular velocity.

Model and observer parameters were tuned with data from the first 5 seconds of task
NW (normal speed walking), task NW1, with the objective of minimizing the error be-
tween estimates and measurements, assuming time instants of IC and FC were known
without delay. A first guess of the model parameters was done based on information
from the MoCap data, values found in literature for stiffness and damping [236] and the
location of the virtual pivot point (VPP) [73]. Measurement noise covariance was found
from the standard deviation of constant output IMU data. Remaining observer param-
eters were manually tuned with trial and error, starting with a similar covariance matrix
as found by tuning the observer on simulation data.

The independent variables were treadmill speed and type of gait (arms swinging nat-
urally or arms folded in front of the chest). It was hypothesized that these independent

2For some datasets, the RCoM marker was not visible for most of the the time and did therefore not provide
sufficient information. In this case, the vector from left to right shoulder was projected to the center of mass
plane. The intersection of this vector and the vector orthogonal to it, starting in CoM, defined the center of
mass
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variables did not affect the parameters that were tuned, except for the VPP angle ¢y,
desired step length s; and desired step time Ts. Model and observer parameters from
normal speed walking task NW1 were applied to all other tasks, while only tuning ¢v for
a change in speed and adapting s; and T (LW: 0.20 m and 0.70 s, NW and AW: 0.25 m for
subject 1, 0.10 m for subject 2, and 0.55s, HW: 0.3 m and 0.40s).

Outcome Measures

Three metrics were defined to evaluate observer performance: the Root Mean Squared
Deviation (RMSD) between the two methods, correlation coefficient r and the coeffi-
cient of determination R? (variance explained). To avoid calculation of metrics before
convergence and thereby distort the results, an ample convergence time of 2s was as-
sumed. The two methods to be compared, were MoCap measurements on the one hand
and model-based estimates from the observer, using IMU data, on the other hand.

The results were visualized in a figure, showing mean, 1 standard deviation SD (op)
and a 95 % confidence interval (3.182 standard error of the mean SEM (o), oM = \‘;—%
with N the sample size; based on a two-way repeated measures ANOVA with the limited
amount of subjects, different types of tasks and different time instants, giving 3 degrees
of freedom) and raw data points of RMSD. This type of visualization was chosen because
of the limited amount of datapoints. Non-overlapping confidence intervals indicated a
significant difference between the separate tasks, with p <0.05.

2.3 Results

2.3.1 Sensitivity Results

The minimum and maximum values of the outcome measures, are given in Table 2.5,
with an input error of 60 % of the maximum set error. From this table, it could be under-
stood which variables negatively affected which state variables the least and which did
this the most. Also, the magnitudes of the metrics gave an indication of the quality of the
best and worst estimates.

2.3.2 Performance Results

The behavior of the tuned observer over time of subjects 1 and 2 is visualized in Figs. 2.3
to 2.4, showing measurements of MoCap and IMU and observer estimates of task NW2,
normal speed walking (0.69 < r < 0.93, 0.3% < R% < 77% for subject 1, 0.28 < r < 0.98,
—1% < R? < 67% for subject 2).

A plot showing RMSD, mean, standard deviation and 3.182 standard error of the
mean (95% confidence interval) of all trials per task together, is given in Fig. 2.5.

The same was done for r correlation coefficient and R? coefficients of determination,
for each task and each subject, in Figs. 2.6 and 2.7 respectively.

Each metric (RMSD, R? and r), for both subjects, each task and each state variable
separately, can be found in Table 2.6.
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Evaluation parameter
State RMSE Convergence time (s) Overshoot R? (%) r(-)
Min. Max. Min. Max. Min. Max. Max. Min. Max. Min.
§ xc (cm) 002 w 0.4 Xc| 0.0 w 4.5 Xc| 004 0 | 22.0 w | 100.0 o | 99.9 Xc| 1 Xc| 1 zc
£  z¢(cm) 003 w 0.4 Xc| 0.0 w 6.0 Xc| 0.07 6 18.0 zc| 1000 o | 96.4 Xc| 1 xc| 099 zc
§ 0 () 0.007 z¢ 0.009 z¢| 0.0 w 0.03 6 0.05 z¢| 18.0 6 | 99.9 zc| 99.9 zc| 099 zc| 099 z¢
o Xc (cms™h)| 008 2.4 Xc| 0.0 w 10.0 zc| 0.3 6 | 67.1 Xc| 1000 o | 61.3 Xc| 1 Xc| 094 zc
2 Zc (cms™H| 0.1 W 3.5 Xc| 0.0 w 12.1 zc| 0.9 6 | 2514 z¢| 1000 w | 96.4 Xc| 1 xc| 099 =zc
b o -1 X . . . .
g w(sT) 0.1 w 0.4 zc| 0.0 zc 3.5 zc| 0.6 Xc| 30.0 w | 99.9 o | 99.8 zZc 1 w 099 2¢
§ xc (cm) 003 g 1.5 1 0.0 m 3.3 1 009 g | 101 ) 100.0 g | 98.9 1 1 {4 1 1
§ zc (cm) 004 g 9.1 I 0.0 m o] l 0.1 g | 172 1 100.0 g | —-172461 099 (4 0.13 K
S 00 0.008 {q| 0.05 K 0.0 m 0.0 m 003 g 0.4 ) 99.9 {q| 976 K 099 g 099 K
g ic (cms | 0.2 g 5.9 ! 0.0 m 10.9 l 0.4 g | 373 1 99.6 g | —-1282 1 1 g 087 I
2 “c (cms™)| 03 g | 184 K 0.0 m oo l 0.9 g | 1313 I 1000 g | -1.5 K 1 g 0.009 K
§ o Cs™h 0.1 {q| 2.3 K 0.0 m 2.5 I 0.3 {q| 11.0 ) 100.0  {q| 89.9 K 1 {4 098 K
‘Qﬁ) xc (cm) 0.7 c 5.0 ¢y| 0.0 e oo ¢y| 1.2 c 9.4 ¢y| 99.8 ¢ | 884 ¢y| 1 S 099 ¢v
3 2z (cm) 0.6 S 3.8 ¢y| 0.0 e 16.8 ¢y| 0.7 c 5.3 ¢y| 92.9 s | —214.8 ¢y| 099 ¢ 095 ¢y
§ CAG) 0.02 g 052 ¢y| 0.0 cr 0.0 c 0.05 g 0.7 ¢y| 99.6 s | —212.8 ¢y| 099 g 087 ¢y
&  Fc(em sTh| 29 s | 35.6 ¢y| 0.0 e oo ¢y| 4.0 s | 36.9 ¢y| 44.7 S| | —8255.8 ¢py| 99.7 cr | 895 oy
-‘§ Zc (ems™h)| 47 s | 30.9 ¢y| 16.8 Nl oo ¢ | 103 cr | 753 ¢y| 934 sp | —1845 ¢y| 099 ¢ 095 ¢y
S wes™h 0.9 s | 18.8 ¢v| 0.0 c oo ¢y| 14 s | 16.5 ¢y| 98.6 s | —554.6 ¢y| 099 g 0.67 ¢y
- Xc(cm) 2.6 IC| 144 FC| 0.0 IC o0 IC| 46 IC| 51.0 IC | 96.8 IC| 3.0 FC| 1 FC| 049 FC
§ zc (cm) 1.3 IC| 32 FC| 0.0 1C 16.8 FC| 1.8 IC| 4.8 FC| 64.5 IC| -1309 FC| 0.99 1IC 091 IC
5 00 0.02 IC| 0.06 IC 0.0 FC 0.0 FC| 0.04 IC| 0.1 IC | 99.7 IC| 95.1 IC 099 IC 099 IC
8 ic (cms™h| 9.2 IC| 28.3 FC| n.a. na.| oo FC| 94 IC| 33.8 FC| -457.0 IC| -520.1 FC| 0.99 IC 0.89 IC
C

L§ zc (cms™H| 10.7 IC| 27.2 FC| n.a. n.a.| oo FC| 27.0 IC| 67.6 FC| 65.9 IC| -120.5 FC| 0.99 1IC 0.90 IC

s 0.6 IC| 26 IC 0.0 FC 0.0 FC| 1.2 IC| 36 IC | 994 IC| 87.0 1C 099 IC 095 IC

Table 2.5: Minimum and maximum values of evaluation parameters, with input errors of 60 % of the maximum set error given in Table 2.4, both subtracted and
added from the perfect values. The variables behind minimum and maximum values indicate on which variable the error was introduced. Each row indicates which
state variable is affected by the error. Note that larger RMSE, convergence time and overshoot indicate worse performance, while larger R* and 2 indicate better
performance. All metrics were rounded to one decimal place or one significant digit (if smaller than 0.1). In case the estimate did not converge to the set error bounds,
convergence time was set to co.




‘ Evaluation parameter

| RMSD | R? r

State Task | x¢ zc 0 Xc zZc ) xXc zc 0 Xc zZc w xc zc 0 Xc zc 0]

(cm) (cm) () (cm/s) (cm/s) Cs7hH | B (%) (%) (%) (%) (%) | () () () ) (-) )
W1 2.7 0.5 0.7 6.1 5.1 9.2 94 27 75 35 35 46 0.97 0.77 0.91 0.73 0.69 0.79
w2 2.5 0.5 1.0 4.8 5.1 12.9 94 40 56 66 34 18 097 074 0.88 087 0.67 0.62
~ Nwil| 6.5 0.9 0.6 8.0 7.6 9.8 82 32 82 33 56 53 0.95 0.80 0.93 0.60 0.83 0.76
E NW2 74 1.0 0.6 7.9 8.7 11.5 77 0.3 79 41 40 42 0.93 0.73 0.91 0.76 0.76 0.69
~§ HW1 6.9 1.1 0.8 6.5 13.7 149 86 41 63 71 45 21 0.97 0.94 0.81 0.89 0.88 0.58
“ HW2 17.0 2.7 09 45.6 21.3 15.7 16 -212 51 -1248 -26 26 0.67 0.49 0.74 0.14 0.58 0.59
AW1 3.9 0.8 05 7.0 5.3 9.9 94 49 84 43 82 45 098 095 094 078 091 0.74
AW2 5.5 0.8 0.5 9.3 8.0 10.1 87 59 88 -22 72 44 0.97 0.91 0.95 0.82 0.86 0.77
W1 3.0 0.7 09 6.0 6.1 7.3 92 -11 32 23 8 7 0.96 0.69 0.71 0.70 0.52 0.51

w2 data not available data not available data not available

N Nwil| 8.7 0.8 1.7 7.6 7.1 11.5 64 13 18 23 51 28 0.97 0.64 0.76 0.79 0.72 0.54
§ NwW2 | 89 0.6 1.3 6.8 5.7 13.6 62 53 33 46 67 -1 098 090 0.68 086 0.83 0.28
~§ HW1 10.9 1.7 1.6 16.3 13.1 17.7 56 -118 13 -136 24 -1 0.88 0.45 0.50 0.47 0.61 0.34
“ HW2 12.7 2.1 1.5 20.5 154 19.1 42 -224 30 -262 1 -8 0.85 0.36 0.56 0.33 0.52 0.29
AW1 7.4 1.0 1.0 6.1 7.3 9.1 77 13 9 53 59 -12 0.97 0.73 0.75 0.77 0.77 0.39
AW2 7.7 0.9 1.4 5.2 8.0 9.8 75 30 -240 55 55 -9 0.97 0.77 0.59 0.81 0.75 0.41

1 Tuned on task NW1.

Table 2.6: Coefficients of determination R and correlation coefficients r of observer estimates of experimental trials, compared to MoCap measurements. LW =
Low-speed Walking, NW = Normal-speed Walking, HW = High-speed Walking, AW = Normal-speed Walking with the Arms folded in front of the chest.
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Figure 2.3: Subject 1. Observer estimates against IMU and MoCap data, second trial of normal walking NW
(tuned on first trial of normal walking). Error in initial conditions: 5cm on CoM position, 2.9° on upper body
orientation, 5 cms~! on CoM velocity and 5.7°s~! on upper body angular velocity. The time window of orien-
tation and angular velocity outcomes was reduced for better visibility.

2.4 Discussion

2.4.1 Sensitivity

To verify the working principle of the observer, the dynamic model was simulated to
evaluate model behavior, and the sensitivity of the observer was tested with simulation
results. It followed that the observer converged when inducing errors on initial condi-
tions. The observer was sensitive to errors in specific model parameters, gait parameters
and time of foot contact.

Changing initial conditions did not highly affect the RMSE of the estimates. Max-
imum errors on CoM position, after 10s, did not exceed 1cm; on linear CoM velocity
7cms™~!; on upper-body orientation 0.02° and on upper body angular velocity 0.5°s~ 1.
R? variance explained and r correlation coefficient were hardly affected either, except
for anteroposterior CoM velocity (R? = 61.3% and r = 0.94% for a 60 % error on antero-
posterior CoM velocity). Large errors in initial conditions, did however have an effect on
convergence speed and overshoot: CoM velocities needed more than 10s to converge,
and overshoot highly increased (up to 2.5m for Z¢ with a 60 % error on z¢). Overall,
mainly errors in upper-body orientation (0) and upper-body angular velocity (w) had a
minor effect on the performance metrics, while vertical CoM position (z¢) and CoM ve-
locities ( and z¢) had the largest effect. Both 8 and w were hardly affected by errors in
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Figure 2.4: Subject 2. Observer estimates against IMU and MoCap data, second trial of normal walking NW
(tuned on first trial of normal walking). Error in initial conditions: 5cm on CoM position, 2.9° on upper body
orientation, 5cms ™! on CoM velocity and 5.7 °s~1 on upper body angular velocity. The time window of orien-
tation and angular velocity outcomes was reduced for better visibility.

any state variables. This was expected, since these state variables were measured.

The observer was sensitive to various parameter errors. The two model parame-
ters with the largest effects were leg length and spring stiffness. These parameters did
not only induce larger RMSE (15cm error on anteroposterior CoM position (x¢) and
18.4cm/s on vertical CoM velocity (2¢) for 60 % error), longer convergence times and
larger overshoot, but also resulted in a bias, such that the estimate did not converge and
the coefficient of determination assumed large negative values (-1724.6% and —128.2 %
for vertical CoM position (z¢) and anteroposterior CoM velocity (X) respectively, with a
60 % error). This bias was present in the z¢-coordinate as a result of the hip position
parameter. Leg length and hip position were both parameters that could be estimated
quite accurately, assuming the center of mass was positioned at the waist. Spring stiff-
ness however proved to be more cumbersome: not only was the spring stiffness of the
human leg difficult to estimate, it was also unclear how the actual leg stiffness of the hu-
man related to the spring stiffness in the Virtual Pendulum Model. The state variables
most sensitive to this type of errors, were anteroposterior CoM position x¢c and linear,
vertical CoM velocity Zc.

One of the model parameters that depended on type of gait (gait parameters) highly
affected the behavior of the observer: the VPP angle ¢y, with RMSE errors of 35.6cm/s
for anteroposterior CoM velocity (%), 30.9 cms™! on vertical CoM velocity (Z¢), even
18.8°s™! on upper body angular velocity (w) and a mean R? of —1555.7 for 60 % error.
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Figure 2.5: RMSD of different speeds (estimates and MoCap data). Raw data, together with means (black bar)
shown per task. Note the difference in scale of y-axes.

It was suggested that the VPP angle was related to the speed of walking: a larger pos-
itive VPP angle increased the average speed, while zero angle or a small negative VPP
angle decreased the speed [103]. Possibly, this parameter should be adapted online, for
instance based on heuristics, in order to obtain an observer that could cope with speed
changes.

Finally, time of foot contact detection highly influenced the estimates: 14.4cm RMSE
on anteroposterior CoM position (xc), 28.3cms™! on anteroposterior CoM velocity x
and 27.2 cms™! on vertical CoM velocity z¢ for 60 % error. In most cases, especially final
contact (FC) detection was of importance. Additional sensors on the feet or the event
detection algorithm should be robust and accurate to avoid errors in foot contact detec-
tion. Also, the delay should be minimized.

Overall, the measurements (upper-body orientation 6 and upper-body angular ve-
locity w), were least influenced by input errors. Anteroposterior CoM position (x¢) was
sensitive to errors, especially to time of foot contact. The difficulty of this state variable
resided in the fact that it depended on the previous value, which resulted in cumulative
errors that kept increasing.

A limitation of this verification method was the dependency on one simulation set.
Many limit cycles could be found, of which the one would be more stable than the other
[124], and of which the one would correspond better to experimental human walking
data than the other.

In case the parameters leg length, hip joint position, (VPP) angle, spring stiffness
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Figure 2.6: Correlation coefficients r of different speeds (estimates and MoCap data). Raw data, together with
means (black bar) shown per task. The dashed line indicates r = 0.60, a value above which the correlation is
preferred.

and time of FC were estimated incorrectly, the estimates became unreliable. Using a
less versatile model, such as the LIP, or simply predicting the mean, might in these cases
be preferred. The parameters that had little effect on the evaluation parameters were
gravitational constant, damping, mass, desired step length and height of VPP. Based on
these simulation results, the Additive Unscented Kalman Filter seems a feasible option
for estimating the state of balance.

2.4.2 Performance

A human walking experiment on a treadmill was conducted to validate the hypothesized
human walking strategy. This experiment showed that it was possible to predict the state
of balance in agreement with Motion Capture (MoCap) measurements, with the pro-
posed Virtual Pendulum Model and the Extrapolated Center of Mass. Convergence of the
estimates of a representative trial is shown in Fig. 2.3.

The quality of the estimates differed per trial: The low-speed walking task IW, and
the normal-speed walking tasks NW and AW (arms folded in front of the chest) gave on
average lower RMSD values, higher coefficients of determination R? and higher correla-
tion coefficients r compared to the high-speed walking task HW. A possible explanation
could be the violation of model assumptions with higher velocities: negligible dynamics
of the swing leg, negligible movement of the center of pressure or the assumption of no
impact forces at foot contact.
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Figure 2.7: Coefficients of determination R? of different speeds (estimates and MoCap data). Raw data, to-
gether with means (black bar) shown per task. Negative R? values are not shown in this plot, to improve visi-
bility of the spread of positive R? values. All R values can be found in Table 2.6.

Mean RMSD values did not exceed (approximately) 13 cm for anteroposterior (A-P)
CoM position, 2 cm for vertical (V) CoM position, 22 cms™! for A-P CoM velocity (0.56
to 1.35ms™1), 17cms™! for V. CoM velocity, 1.2° for upper-body orientation and 17°s~!
for upper-body angular velocity. A trend was observed in Fig. 2.5: RMSD values seemed
to increase with increasing velocity. The largest RMSD values were found for HW, even
indicating a significant difference for vertical CoM position and velocity, and upper body
angular velocity. One of the fall indicators, the vertical velocity of the center of mass, of
which the threshold was set at —1.3 ms~! by [18], showed RMSD values that were consid-
erably lower (0.05 to 0.20 ms™ 1) than the threshold value. The RMSD values found with a
95 % confidence interval of vertical CoM position and upper body orientation were, due
to their small magnitude, considered to be practically not important.

The behavior of the human was highly correlated with the behavior of the Virtual
Pendulum Model: The mean correlation coefficient r was 0.76, 0.77, 0.60 and 0.80 for
LW, NW, HW and AW respectively. Especially A-P CoM position x¢ and upper-body ori-
entation 6 showed high correlation coefficients. Mean r of the IW, NW and AW tasks
were above 0.60 for all state variables, except for upper-body angular velocity w of NW
and AW (r = 0.55), while estimates of HW showed a less strong correlation.

Interestingly, the coefficient of determination R? implied a less positive conclusion
than implied by correlation coefficient r: mean R? was 47, 58, 46 and 54 % for LW, NW,
HW and AW respectively. In some cases, especially for vertical CoM position z¢ and A-P
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CoM velocity ic, R? assumed negative values, possibly due to little variation in z¢ data.
Only for xc and 0, more than, on average, 40 % of the variance in the measurements
could be explained with the model.

These findings showed that this controlled mechanical model was, both in theory
and in practice, observable with only the limited, local available measurements; local
kinematic information of the upper body was sufficient to acquire information on the
position of the feet, and on global information of the center of mass. With this proof of
principle, the model can be fine-tuned to improve the quality of the estimates, such that
it can be applied in wearable robots.

These findings also support the theory of a stabilizing force direction pattern in the
sagittal plane. While previous studies validated the existence of the virtual pivot point
(VPP) [73, 124, 125], this study focused on exploiting the concept to make enhanced
predictions. Herewith, two lines of research were combined: human movement theory
[6, 65] and observer application [41, 111, 234]. Moreover, even though the XCoM of a
spring legged model not truly coincides with the XCoM of a linear inverted pendulum
(LIP) [207], from the limited RMSD in A-P CoM position, it could be concluded the as-
sumption of using LIP XCoM was valid.

It should be noted that the validation measurements of the MoCap data differed from
the IMU data, such that the difference between the true error and the estimated devia-
tion was unknown. It was hypothesized that the agreement of MoCap data and IMU
for upper-body orientation and upper-body angular velocity was correlated with the
agreement of CoM position and velocity estimates with MoCap measurements. How-
ever, more data need to be post-processed to draw a significant conclusion.

One limitations of this study concerned assumptions on foot contact. Particularly,
the model neglected a moving center of pressure from heelstrike to toe-off, and it as-
sumed zero delay in foot contact detection.

Another limitation concerns manual tuning of gait parameters for different walking
tasks, which is disadvantageous for online estimation. The magnitudes of the entries in
the process noise covariance matrix were difficult to find. Although a satisfactory result
was found, it is very likely that this result was suboptimal. Because of the multitude of
parameters, it was expected that optimization techniques would be computationally too
expensive and that local minima rather than the global minimum would be found.

A large limitation concerns the type of movements that were investigated. Our ex-
perimental trials included walking at three different speeds, but other activities of daily
living were not considered. The effect of different activities with a varying rate of angu-
lar momentum on the VPP was not investigated, such that no conclusions regarding the
performance of the observer in activities other than forward walking could be drawn.
Specifically prior to a fall, the rate of change of angular momentum can be large, which
could potentially have a negative effect on observer performance. Therefore, for further
research, it is suggested to include other activities of daily living and perturbed walking
data.

Furthermore, our calibration routine is not practical outside of a laboratory environ-
ment and with subjects with balance impairments. In a clinical environment, faster and
easier algorithms and protocols should be employed, for example as in [146, 147, 195].

It should be noted that in theory, the same method as presented here could be uti-
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lized for frontal-plane evaluation and extended to 3D evaluation. It is suggested to in-
vestigate if 3D application is possible for realtime use and significantly better than using
two decoupled 2D models (sagittal plane and frontal plane). Also, it would be interesting
to explore how the position of the VPP depends on anthropomorphic measures, age or
type of daily life activity.

How the human walks and which underlying fundamental principles govern human
walking is a comprehensive and complex topic. Further research is required for opti-
mization of the observer based on these concepts, such that it can successfully be ap-
plied in wearable robotic controllers. Many other models exist and could be investigated
in a similar observer concept.

2.5 Conclusion

The goal of this study was to quantify balance with measurements on the upper body. It
was hypothesized that this could be done with the Virtual Pendulum Model as dynamic
model, which used the virtual pivot (VPP) concept, combined with the Extrapolated Cen-
ter of Mass, XCoM, and the Additive Unscented Kalman Filter as observer.

First, the observer was tested on simulation data and showed to converge, with vary-
ing initial conditions. The observer was especially sensitive to errors in leg length, hip
joint position, VPP angle, spring stiffness and time of final contact. Other parameters,
such as the gravitational constant, damping coefficient, mass and desired step length,
had little effect on the quality of the estimates. A limitation of the observer was the high
sensitivity to model parameters and foot contact detection, and the amount of observer
parameters that had to be tuned.

Second, the observer was evaluated with experimental data (using a Motion Capture
system and an existing foot detection algorithm), showing that, if properly tuned and if
instants of foot contact were estimated correctly, the observer gave a satisfactory esti-
mate of human walking. Position of the center of mass could be estimated with an ac-
curacy of less than 13 cm, and congruence of the model with real data was characterized
by a coefficient of determination around 50%.

With this study, it was shown that the VPP and the XCoM seem to be valuable prin-
ciples that can effectively be used in combination with the Additive Unscented Kalman
Filter to make predictions on human balance.
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We recently proposed the theoretical idea of a wearable balancing aid, consisting of a set
of Control Moment Gyroscopes (CMGs) contained into a backpack-like orthopedic corset.
Even though similar solutions have been reported in literature, important considerations
in the synthesis and design of the actuators remained to be addressed. These include de-
sign requirements such as aerodynamic behavior of the spinning flywheel, induced dy-
namics by the wearer’s motion and stresses in the inner components due to the generated
gyroscopic moment. In this paper, we describe the design and evaluation of a single Con-
trol Moment Gyroscope, addressing in detail the aforementioned requirements. In addi-
tion, given the application of the device in human balance, the design follows the Euro-
pean directives for medical electrical equipment. The developed system was tested in a
dedicated balance test bench showing good agreement with the expected flywheel speed,
calculated power requirements in the actuators and output gyroscopic moment. The de-
vice was capable of producing a peak gyroscopic moment of approximately 70 Nm with a
total CMG mass of about 10 kg.

3.1 Introduction

Loss of balance accounts for a significant proportion of injuries among all age groups,
but is known to be particularly detrimental among the elderly [46, 117] and those with
sensory deficit disorders such as stroke survivors and patients with Parkinson’s disease
[75, 156]. Several factors associated with balance control have been found to increase
the risk of falling, such as impaired stability when leaning and reaching, impaired gait
and mobility, impaired ability in standing up and impaired ability with transfers [46].

Multiple hardware solutions for balance assistance are discussed in the literature;
currently, advanced wearable actuation technologies [33] and orthotic systems have been
developed to assist locomotion, such as the wearable Cyberlegs hip orthosis [149] or ex-
oskeletons such as the MindWalker [213], eLEGS(Ekso Bionics,US) or the ReWalk (Argo
Medical Technologies, Israel). So far, these require bulky mechanical constructions at-
tached to multiple segments of the body in order to deliver moments to individual joints
of the body. Furthermore, they do not primarily target balance control, sometimes re-
quiring the use of crutches.

Momentum exchange devices such as reaction wheels (RWs) and control moment
gyroscopes (CMGs) present an attractive solution for human balance assistance. These
devices can produce effective free moments on a body without the need of a coupled
inertial frame. RW systems exert moments by accelerating or decelerating the spinning
wheel and CMGs exert moments by rapidly changing the orientation of the spinning
wheel about an orthogonal gimbal axis [39]. Even though RW systems are much sim-
pler to control and construct, their effective output moment is relatively small if a light
and minimalistic construction is desired [179]. In contrast, CMGs present moment am-
plification capabilities, i.e. given the same wheel actuator as a RW, CMGs can produce
higher moments with a relatively small gimbal torque input, making them better can-
didates for minimalistic assistive devices for human balance. In addition, CMG used
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Figure 3.1: Single CMG prototype attached to a wearable corset

in assemblies can exert controlled moments about any direction. Unfortunately, these
assemblies are prone to singular configurations in which the desired exerted moment
cannot be produced. However, several steering laws have been proposed for spacecraft
applications [9, 57, 217], and recently for CMGs as balance assistance devices [13].

In the past several years, a number of minimalistic support devices for human bal-
ance assistance based on RWs and CMGs have been proposed. Wojtara et al. constructed
a RW-based prototype consisting of a single large flywheel embedded in a corset [7, 225];
although the prototype is specifically designed as balance aid, the assistive torque has
to be generated by the flywheel motor, making it bulky if higher moments are required.
Theoretical examples of CMG-based devices include gyrostabilizers envisioned in belts
or canes [47], or on patient’s legs to assist joint motion [137] and haptic devices such
as the iTorqU for torque feedback [219] or in intra-vehicular space suits for sensorimo-
tor adaptation[49, 50, 208]. Recently, we proposed an upper body CMG-based wearable
device, utilizing multiple control moment gyroscopes (CMGs) to reduce mass and pro-
vide balance assistance in any direction [116]. This study was elaborated by Chiu and
Goswami [35], who constructed the first CMG-based human balancing prototype which
consisted of a symmetric (scissored) pair of CMGs with a mechanical constraint to syn-
chronize gimbal motions; although this gives credence of the use of CMG technology
towards gyroscopic human balancing, no experimental data is reported regarding bal-
ance capabilities of the device. Moreover, important design specifications such as the
dynamic effect induced by the wearers movement, flywheel aerodynamic behavior and
internal loads due to gimbal actuation and gyroscopic moment are not addressed. These
issues pose an important design challenge as they have great influence on material and
actuator selection which in consequence have a direct impact on output assistive mo-
ment, power consumption, size and weight.
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Figure 3.2: Schematic of a worn single-gimbal control moment gyroscope (SG-CMG). The gimbal-fixed frame
{&s, &1, 8¢} is oriented such that gs is aligned with the flywheel spin axis and g is aligned with the body-fixed

longitudinal axis by, to constrain the direction of the exerted gyroscopic moment —tcyG&r to the transverse
plane. Flywheel and gimbal angular speeds are denoted by Q and y, respectively.

In contrast to previous reported CMG devices for human balance, we present a de-
tailed design methodology of a single CMG (Fig. 3.1), were the aforementioned design
challenges have been addressed. Selection of the actuators was based on the aerody-
namic behavior of the flywheel and the influence of the wearer’s motion (i.e parasitic
moments). In addition, a structural analysis is reported, which is set to comply with the
European directives for medical electrical equipment [92], accounting for the loads in-
duced due the gyroscopic moment and centrifugal acceleration. Based on this method-
ology, a single CMG was built and tested in a dedicated test setup.

3.2 Control Moment Gyroscope as Actuator
3.2.1 Modeling

A control moment gyroscope (CMG) is a momentum exchange device which consists of
a fast spinning wheel supported by one or more gimbal structures as shown in Fig. 3.2,
where the gyroscopic moment 7¢yG is given by the rate of change of angular momen-
tum of the spinning wheel [39, 178]. Using Euler’s equations of rotational motion, the
dynamic equilibrium of a single gimbal CMG (SGCMQ) is expressed as [179]

Hewng = 85 (ISQBCOS(Y) - (Is -1+ Ig) YCI)COS(Y))

+ & (It(ﬁ sin(y) + s+ I — Ig | yébsin(y) + IWsy'Q)) (3.1)

+ & (L7 + (I~ 1)) cos(y) sin(y)¢? ~ I Qépcos(y)),
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where Iy, I; and I are the combined moments of inertia of the flywheel and gimbal
structure about the flywheel spin axis g;, output moment axis g; and gimbal axis g,
respectively. The term Iy denotes the flywheel inertia about the spin axis g;. y, ¥ and
y are the gimbal angular position, velocity and acceleration respectively, ¢, ¢ and ¢,are
the body angular position, speed and acceleration about the transverse axis b, and Q is
the flywheel angular speed. Note that we constrained our analysis to falls in the sagittal
plane (i.e. the b, — b,, plane), with body angular velocity w = ¢b,.

To enable easier control design, Eq. (3.1) is conventionally simplified assuming the
flywheel angular speed Q is several orders of magnitude higher than the body angular
rate ¢ and gimbal angular rate y. Thus, the contribution of the gimbal angular rate in
combination with the body angular rate shown as the cross term y¢ sin(y) can be ne-
glected as well as the term involving the body angular acceleration I;¢sin(y), as these are
typically at least 2 orders of magnitude smaller than the cross term yQ. Hence, Eq. (3.1)
can be written as

Hcye = §iTemc + 8gTaM

= bytcmasin(y) — bytomc cos(y) + buTawm, 3.2)

with
TeMme = IwsQy (3.3)
Tom = Ig¥ — Iw Q¢ cos(y). (3.4)

Where 7cpmg and 7gy are the magnitudes of the gyroscopic moment and the torque
exerted by the gimbal actuator respectively. Note that the component about the falling
axis (the transverse axis b,) of the gyroscopic moment 7cy depends on how the fly-
wheel is oriented with respect to it, as determined by the gimbal angle y.

Equation (3.2) provides a starting point for the specification of hardware design re-
quirements, such as flywheel geometry, actuators and gimbal structure. Given the de-
sired gyroscopic moment about the transverse axis TIRrefiJV and flywheel angular mo-
mentum, the required gimbal rate can be calculated using Eq. (3.2) as

_ T1Pref
IwsQcos(y)

As the gimbal angle y increases, a higher gimbal angular rate y is necessary to pro-
duce the same desired torque. Special care must be taken when y = £7/2. In that case,
no gyroscopic moment can be exerted in the transverse axis, as the flywheel spin axis g
is aligned with the transverse axis b,. When the gimbal is in such configuration it is said
to be in a singularity. Thus, the desired gyroscopic moment has to be generated within
arange free of singularities, i.e —7/2 <y <m/2.

(3.5)

3.2.2 Design Requirements

For our design, we based our calculations on the CMG output torque required to coun-
teract the effect of gravity in a fall, when no other balance-recovering actions are applied
(e.g. use of crutches, fixed supports or reflexes) and the body is in an out-of-balance
state. To obtain quantitative requirements, we simplify a human as an inverted pendu-
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lum, where the hip and knee joints are stiff, and no torques are applied about the ankles.
It is thus assumed the person falls while pivoting about a horizontal edge. Previously, we
estimated that a continuous moment of 280 Nm, generated by a set of 3 CMGs, applied
for 0.1 s is sufficient to re-orient the human body vertically, based on the same model of
arigidly falling human body with an initial inclination of 10° with respect to the vertical
z axis. In that analysis, we assumed a human mass of 70 kg and height of 1.7m [116].

Based on these findings for an assembly of three CMGs, the design of a single CMG
was developed aiming for about a third of the reported gyroscopic moment, i.e 90 Nm.
It should be noted that even though this first proof of principle is not intended as a full
wearable device, size and safety-factor constraints were imposed in the design of the
CMG as a first step towards an improved wearable design.

We assume that the CMG should eventually be enclosed in a regular 501 backpack.
Therefore, an outer radius of 200 mm was set as size limit for the device envelope. A
safety-factor lower limit of 4 was chosen against structural failure of the rotating com-
ponents (i.e flywheel and gimbal bearings) as well as the enclosing structure, complying
with the European directives for medical electrical equipment [92].

3.3 Control Moment Gyroscope Hardware Design

3.3.1 Flywheel Design

In order to store higher angular momentum, the flywheel’s moment of inertia was cho-
sen to be as high as possible satisfying the given size constraint and readily available
material. A classic disk-with-rim flywheel geometry was chosen as its shape and veloc-
ity factors are similar to those of an ideal thin rim [63] and also due to manufacturing
practicality. Thus, it is desired that its mass is distributed as far as possible from the
spinning axis (i.e at the outer perimeter of the flywheel). Moreover, the width of the fly-
wheel would need to be as large as possible, such that the rim inner radius R; of the
wheel can be as large as possible for a given outer radius R,. Considering that the wheel
needs to rotate also about the gimbal axis, increasing overall volume of the construction,
we chose the maximum acceptable rim width & = 70 mm and outer radius R, = 100 mm.
As material, we chose the readily available aluminum 7075-T6. Moreover, as the device
is to be wearable, mass of the wheel was limited to 2.5 kg. This resulted in a rim inner
radius of R; =78 mm, and a moment of inertia of Iy =0.02 kgm2

To couple the rim with the motor, a constant-thickness thin disc was preferred due
to manufacturing practicality and weight reduction. A hub was also included such that it
could incorporate the motor within the flywheel itself as seen in Fig. 3.3. Further weight
reduction was performed by removing material from the thin disk leading to a rim-with-
spokes flywheel. However, the presence of these spokes is undesirable in the flywheel
geometry due to significant increase of frictional drag while spinning. In order to dimin-
ish this effect, thin-plastic discs were placed on each side of the flywheel to cover the
spokes after the material was removed.



Actuation |

h
t
Hybrid
bearings
< ff
Sl \
g [P
d
Figure 3.3: Flywheel cross section
Regime Flow Type Conditions ) K, Ky K
5 §<6 v 02 27 -1 -1
Re, <3x10°, 55(—)
II s>0 Q 3.7 0.1 -0.5
I 5 s<6 3 (y\02 0.08 -1/6 -0.25
Re,; >3 x10°, R} (—)
v §s>0 Q 0.0102 0.1 -0.2

Table 3.1: Axial frictional torque coefficient regimes [42]

3.3.2 Flywheel Aerodynamics and Actuation

An analysis of the different friction sources was performed to estimate the maximum
flywheel speed. The power required to reach a given Q can be calculated as P = P, + Py,
where P, and P, are the power required to overcome aerodynamic drag and bearing
friction respectively. The power to overcome aerodynamic drag for a rotating disc can be
expressed as [34, 63]
2 p4
Pa=pgQ®RCppq + ”pgi—&hcm,r (3.6)

where the non-dimensional drag torque coefficients C,, , and C,, , depend on the
drag produced by the lateral planar surfaces of the disc and the drag produced by the
cylindrical face of the rim respectively.

Estimation of the axial torque coefficient C,,, , was based on the relationships deter-
mined by Daily and Nece [42] as

Cma= Kang ReIaQ 3.7)

being a function of the axial rotational Reynolds number Re, and the axial gap ratio
G, = ;—‘;, with s, the axial clearance between the flywheel and the casing [34]. K, K; and
K, are constants determined by any of the four flow regimes that can be present [34, 42]
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Regime Conditions K, K,
Laminar Re, <64 10 -1
Transitional Flow 64 <Re, <500 2 -0.6
500<Re, <1x10* 1.03 -05
Turbulent 1
Re, >1x10 0.065 -0.2

Table 3.2: Radial frictional torque coefficient regimes [14, 34]

as shown in Table 3.1. These regimes are categorized depending on the flow type and the
nature of the boundary layers [34, 42]. To this end the radial rotational Reynolds number
is calculated as

Re,=—2-=—22_ (3.8)
v

where pg = 1.181kg/m?, R, = 0.1 m and ) = 1.84 x 107> Pas, are the air density, fly-
wheel’s rim outer radius and the air dynamic viscosity, respectively. Subsequently the
behavior of the boundary layers (i.e. whether the boundary layers are merged or sepa-
rate) was determined. Here, the boundary layer thickness § was compared with the axial
clearance s. Table 3.1 summarizes the constants used to estimate the axial frictional mo-
ment Cy, 4.

Estimation of the radial torque coefficient C,,, , was based on the equations reported
by Bilgen and Boulos [14] as

Cn,r = Ky GY3 ReX (3.9)

being a function of the circumferential rotational Reynolds number Re, and the ra-
dial gap ratio G, = ;—2, with s, the radial clearance between the flywheel and the casing
[34]. K, and K, are constants determined by any of the four flow regimes that can be
present [14, 34] as shown in Table 3.2. These regimes are categorized based on the cir-
cumferential rotational Reynolds number

RoQsy pgRo2sy
v o n
The power required to overcome bearing friction was estimated based on The SKF

model for calculating frictional moment [191]. This model estimates the bearing fric-
tional moment as

(3.10)

Py = (Miy + Mg + Mgea) + Mgrag)Q2 (3.11)

where My, and Mj are rolling and sliding frictional moments, and Mgeq and Mpag
are frictional moments caused by the bearing seals and drag due to external lubrication
respectively. Given that the formulas used in this model are rather large and complex,
we refer the reader to the complete model in [191] for a more detailed description.

Given size constraints in the flywheel’s hub, a 120 W Maxon EC 4-pole 22 brushless
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Figure 3.4: Flywheel mechanical power as function of flywheel speed. Here the contributions of both aerody-
namic drag and bearing friction are depicted (dashed and dot-dashed lines respectively).

motor and high-precision hybrid angular contact ball bearings (GMN HY KH 61910 TA
P4 L 252) were selected as flywheel actuator and suspension respectively. A mechanical
power of 108 W was estimated taking into account the losses due to the motor efficiency
nem =90 %. Bearing friction in Eq. (3.11) was estimated using the grease viscosity range
reported by the manufacturer (26 mm?/s @ 40 °C and 6 mm?/s @ 100 °C for Turmogrease
HS 1.252). Due to the complexity of the expressions to calculate both aerodynamic and
bearing friction from Egs. (3.6) and (3.11), a script was created to estimate the maximum
flywheel speed Q2 based on total power P = P, + P;. Figure 3.4 shows the power P re-
quired to overcome both aerodynamic drag and bearing friction against flywheel speed
Q, where a maximum flywheel speed of 5250 rpm was estimated for the selected flywheel
motor and bearings.

3.3.3 Flywheel Stress Analysis

To evaluate the mechanical strength of the flywheel under nominal operation, the max-
imum flywheel angular rate Q =5250 rpm in addition to the maximum designed gyro-
scopic moment of 90 Nm were used. Due to the complexity of the flywheel geometry
Finite Element Method (FEM) analysis was performed using ANSYS Workbench and its
static structural module. As the CMG is not used in reaction wheel mode (i.e the fly-
wheel angular rate remains constant in nominal operation), the imposed condition over
the model is constant rotational speed. To validate the FEM results, a simplified model
keeping the same overall dimensions but using only centrifugal loads was simulated and
compared with analytical results. FEM analysis of the simplified model showed good
agreement with the analytic radial and tangential stresses with Root Mean Square Error
(RMSE) values of o gmsg =0.07 MPa and o rmsg =0.13 MPa.

Using the same simulation parameters and boundary conditions and including the
load due to the gyroscopic moment, the flywheel geometry as shown in Fig. 3.3 was used
to perform the FEM analysis. Figure 3.5 shows the equivalent (von Mises) stress, where
the maximum of 50 MPa is much lower than the yield strength of the flywheel material
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I: Static Structural

Equivalent Stress

Type: Equivalent (von-Mises) Stress

Unit: MPa

Time: 1

Custom
49,976 Max
44,425
38,874
33,324
27,773
22,222
16,672
11,121
5,5704

H 0.00 50.00 100.00 (mm) 0.00 50.00 100.00 (mm)
0,019696 Min ©

L
25.00 75.00 25.00 75.00

Figure 3.5: FEM equivalent (von Mises) stress for the designed flywheel geometry.

(Aluminum 7075 - T6, Sy, = 503 MPa), giving a safety factor of 10 against the combined
centrifugal and gyroscopic loads.

In addition to the stress analysis, it is necessary to assess the critical speed, since
the flywheel can experience several types of vibrations being shaft whirl, lateral and tor-
sional vibrations the most important [139]. This critical speed must be avoided, since the
resulting deflections might cause stresses beyond the strength of the material. The AN-
SYS Workbench modal analysis module was used to perform the critical speed analysis
given the complexity of the flywheel geometry. Shaft whirl and lateral vibration effects
were neglected as the flywheel was thoroughly balanced after manufacturing and the
deflection of the shaft is very small at the flywheel location during bending due to the
gyroscopic moment. Thus, Torsional vibrations were analyzed using the same parame-
ters and boundary conditions as the static structural analysis, where the modal analysis
results showed a minimum critical speed of 200778 rpm, giving a margin of 38 when
compared with the intended rotational speed (Q = 5250 rpm).

3.3.4 | Gimbal Structure Design

The gimbal structure consists of a 6 mm thick Al7075-T6 high-strength aluminum case
which encloses the whole flywheel. In addition, extra 3 mm thick Al17075-T6 high-strength
aluminum plates were placed to reinforce the structure and prevent access to the fly-
wheel from the exterior as shown in Fig. 3.6. The flywheel is supported by a pair of hybrid
bearings ensuring low rolling friction and better performance at high speeds than those
of conventional materials, allowing higher top speeds and lower power consumption.
These bearings are responsible for transfering the gyroscopic moment to the gimbal
structure, thus they have to withstand the dynamic loading of the gyroscopic moment.
The bearings are symetrically mounted in the flywheel with a distance d = 92.5 mm sep-
arating them (See Fig. 3.3). Based on the desired gyroscopic moment of 90 Nm and the
distance between bearings d, the loading in each bearing is thus 973 N. Hybrid bear-
ings were selected with a minimum safety factor of 4, leading to a load rating higher
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Figure 3.6: A section view of the flywheel prototype. The flywheel block (in blue), includes the rotational parts
such as the flywheel itself, coupling to the motor and the housing for the magnet of the absolute-encoder.
The motor block (in red) includes the brushless motor and its housing. The gimbal structure (in light gray),
includes the Al-7075-T6 case and reinforcement plates. Self-aligning bearings are placed in each end of the
gimbal axis (top and bottom).

than 3892 N. The selected bearings (GMN HY-KH 61910) are able to withstand 3900 N of
dynamic loading, complying with the designed safety factor against failure for dynamic
loading due to the transfer of the gyroscopic moment to the gimbal structure.

The gimbal structure is at the same time supported by a pair of self-aligning bear-
ings (SKF-2200), which are responsible for the transfer of the gyroscopic moment from
the gimbal structure to the environment. The self-aligning bearings are mounted apart
along the gimbal axis, symetrically at 133 mm from the flywheel spinning axis (i.e. 266 mm
from each other) as shown in Fig. 3.6. The dynamic loading withstood by each bearing is
hence 349.62 N. Dynamic loading rate for each bearing is reported to be 5530 N, giving a
safety factor of 15.8 against dynamic loading produced by the gyroscopic moment.

3.3.5 | Gimbal Actuation and Sensing

To select the gimbal motor, the angular gimbal speed y profile can be calculated from
Eq. (3.3), given a desired moment profile in the transverse axis. It is important to note
that the gimbal motor has to counteract the effect of gyroscopic moments induced by
body movements (i.e. parasitic moments). To account for this effect the desired gimbal
angular acceleration can be computed taking the time derivative of Eq. (3.5) as follows

_ Tesin(y)y _ Tpsin(y)
TwsQcos?(y) 12, Q?cos3(y)

(3.12)
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Body Angular Velocity ~Max Gimbal Mechanical Power

¢pinrad/s Pgm in W
0.3 27.68
0.6 55.35
0.9 83.03
1.2 110.7

1 Calculated to produce a fixed gyroscopic torque of 90 Nm in the transverse axis
by. Body motion was chosen so it emulates a fall while walking in anterior direc-
tion where the maximum body angular velocity corresponds to a fall at normal
walking speed.

Table 3.3: Body motion influence (¢) in gimbal power (Pgp) 1

combining Eq. (3.12) with Egs. (3.4) and (3.5), the gimbal motor torque and power
can be expressed respectively as,

72,sin(y) ;
T -2 g Qcos R 3.13
M = Ig 2 (Peost(y) Ws (r)é (3.13)
Io7%,sin(y)y .
gTrp
Pocp=——""—"—""—-1 3.14
GM 2 Zeos () 1 (3.14)

The second term in Egs. (3.13) and (3.14) shows the influence of the body motion
¢ on the gimbal torque and power. This is shown in Table 3.3, where the influence of
the body motion considerably affects the required power of the gimbal motor. Based
on the required power to exert the desired gyroscopic moment of 90 Nm when falling
during walking, as shown in Table 3.3, the combination Maxon RE 40 150 W DC motor
with a 126:1 planetary gearhead (Maxon GP 52 C) was chosen accounting for a combined
mechanical and electrical efficiency of ngm =73.6 % providing a maximum mechanical
power of 110.4 W. Both gimbal and flywheel motors are driven each by a Maxon ESCON
50/5 PWM servo controller set in current mode. Renishaw RMB20 enconder modules
were placed in the gimbal axis (13-bit absolute RMB20SC) and flywheel axis (9-bit incre-
mental RMB20IC).

3.4 Evaluation

3.4.1 Experimental Setup

To evaluate the capabilities of the CMG, an experimental platform consisting of a single-
degree-of-freedom inverted pendulum was built, which might emulate a rigid human
falling in the sagittal (anterior-posterior) or coronal (medio-lateral) planes. The struc-
ture consists of a 1 m long aluminum-profile attached to a hinge joint, in which the
CMG and electronics (motor drives and micro-processing unit) are mounted as shown
in Fig. 3.7a. In addition to the main aluminum profile, two safety end-stops are cou-
pled to it in order to constrain the tilting angle of the pendulum. Absolute encoders are
placed in the pendulum hinge joint and gimbal axis. The CGM was mounted at the top
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Figure 3.7: Experimental setup description. (a)) Hardware description. (b)) Lateral and top views of the experi-
mental setup and CMG unit attached to the inverted pendulum (IP), respectively. Note that frames {I;u, By, i)w}
and {gs, &1, &g} fulfill the condition by |l gg and by | y. Due to the gyroscopic effect, positive angular rates
about the CMG's g¢ axis (within the operation range) will produce moments on the IP with a positive compo-
nent 7yp about the b, axis while the flywheel spins in the positive g5 direction. (c)) Experimental Setup

of the pendulum as shown in Fig. 3.7b. Note that moments about the b, and b,, axis are
supported by the hinge joint. These moments were quantified from Egs. (3.2) and (3.13)
giving a maximum of 15.5 Nm about the b,, axis due to the gimbal motor actuation and
45Nm in b, direction due to the projection of the gyroscopic torque within a gimbal
range of operation of —45° < y < 45° to avoid singular configurations. Thus, the com-
bined reaction moment supported by the hinge joint is 47.43 Nm which is less of 50% its
load capacity of 100 Nm against bending moments.

A pair of ESCON 50/5 servo-controllers were used to drive the gimbal and flywheel
motors. These servo-controllers are set in current-control mode and receive a reference
signal as PWM. A custom-made board (3Mxl) was used to command the PWM reference
signals to the servo controllers and read the signal from the encoders. Matlab xPC Target
was used as prototyping platform where the target PC is connected to the 3Mxl via RS485
(Quatech Serial Universal PCI Board) as shown in Fig. 3.8. High and low-level controllers
were implemented in Matlab Simulink running at a sampling rate of 1000 Hz.

3.4.2

Figure 3.9 shows the general control scheme of the setup. The high-level controller is re-
sponsible for keeping the inverted pendulum balanced. As a proof of concept, a spring-
like behavior, similar to the ankle strategy while maintaining balance in quiet stance, was
implemented. Thus, the desired gyroscopic moment about the transverse axis is given
by Tipret = —kipp, where kip is the desired emulated stiffness.

Once the desired gyrosco