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Abstract 

Recent work suggests that closed-loop electrical stimulation may restore dynamic trunk stability 

following neuromuscular impairment. However, developing such neuroprostheses requires 

quantitative predictions of the activation profiles of relevant muscles under different types of 

dynamic trunk disturbances experienced in daily life during non-impaired sitting. The types of 

disturbances that may be experienced include intrinsic instability or external displacement of the 

support surface, as well as the exposure to external trunk forces. Muscle activity predictions could 

be based on characteristic angular kinematics (i.e., the kinematics characterizing trunk stabilization) 

or the body’s center of pressure (CoP) displacement in these dynamic sitting paradigms. Several 

challenges exist, however, that need to be resolved to allow kinematics- or kinetics-based 

predictions of muscle activity to be obtained in dynamic sitting. First, the kinematics characterizing 

trunk stabilization in unstable sitting as well as the relation between kinematics and the muscle 

activity in this paradigm are unknown. Second, while the body’s CoP displacement in dynamic 

sitting can be measured by instrumenting the support surface with a force plate, in perturbing the 

support surface, the acquired kinetic data will contain artifacts due to acceleration of the platform. 

Existing methods for removing these so-called force plate inertial components (FPIC) require 

knowledge of the inertial properties of the platform. The objectives of this thesis research were 

therefore to (1): quantify the kinematics characterizing trunk stabilization in unstable sitting; (2) 

quantify both the spatial and temporal relations between the characteristic kinematics and the 

muscle activity in unstable sitting; and (3) propose and validate a method for estimating the inertial 

properties and FPIC for any instrumented platform. Using an unstable sitting paradigm, the angular 

motion of the base of support (BoS), pelvis, and trunk as well as bilateral electromyograms from 

fourteen trunk and upper leg muscles were recorded in fifteen non-disabled participants. To 
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characterize the kinematics in unstable sitting, the angular motion of the BoS, pelvis, and trunk 

were quantified and compared. The trunk was stabilized through relatively large BoS motion, with 

the trunk adopting a quasi-static pose. Based on these insights, the relationship between BoS 

angular displacement and the electromyograms was quantified using cross-correlation analysis. 

During unstable sitting, the trunk was stabilized through direction-specific activation of the trunk 

and upper leg muscles that preceded BoS displacement temporally. The proposed method for 

estimating the inertial properties and FPIC for any instrumented platform was validated 

exemplarily by estimating the inertial properties specifically for the Computer-Assisted 

Rehabilitation Environment (CAREN). Unloaded ramp-and-hold perturbations (for estimation) 

and unloaded random perturbations (for validation) were executed to obtain the force, moment, 

and motion of the CAREN platform. Inertial properties were estimated by minimizing the error 

between the measured and computed inertial forces and moments. Obtained estimates were 

validated by comparing the measured and computed forces and moments when keeping the inertial 

properties fixed. The estimates of the CAREN’s inertial properties exhibited low variability across 

trials, with excellent agreement between the measured and computed forces and moments for the 

validation trials. Future work will use the obtained relation between BoS motion and trunk and 

upper leg muscle activity during unstable sitting to predict the kinematics-based muscle activation 

patterns within a closed-loop electrical stimulation system for dynamic sitting. Future work will 

also use the developed method for estimating the inertial properties and FPIC for any instrumented 

platform to obtain reliable estimates of the kinetic data used in analyses that quantify the relation 

between the body’s CoP displacement and the muscle activity in dynamic sitting. Relations 

obtained from such analyses can again be used to predict the CoP-based muscle activation patterns 

within a closed-loop electrical stimulation system for dynamic sitting. 
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“My goal is simple. It is a complete understanding of the universe, why it is as it is and why it 
exists at all.” 

— Stephen W. Hawking 
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1 

Chapter 1 

Introduction 

1.1 Background and Motivation 

Human trunk stability is achieved when the trunk is in an upright position with the body’s center 

of mass positioned inside its base of support [1,2]. The ability to stabilize the trunk following 

perturbations that displace the center of mass relative to its base of support is a requirement for 

general human function and mobility. For example, the ability to maintain seated balance may be 

lost if trunk stability and its control have been impaired [3]. The consequences on the ability to 

maintain seated balance are often especially harmful to individuals with neuromuscular 

impairments affecting trunk stability and its control. Individuals with spinal cord injury between 

the head and tenth thoracic vertebra, for example, generally experience at least some impairment 

of trunk function [4]. Consequently, they are often unable to maintain seated balance on their own 

[5,6]. 

Previous efforts to improve seated balance in individuals with spinal cord injury have primarily 

focused on wheelchair modifications that support the trunk in the anterior direction to assist in 

stabilizing it during quiet sitting [7–10]. However, in addition to not providing multidirectional 

support to the trunk during static conditions, such modifications do not take into consideration 

dynamic postural disturbances that may be experienced in daily life during sitting. In this light, 

recent work suggests that neuroprostheses utilizing electrical muscle stimulation can restore seated 

balance. For example, recent findings show that low-intensity, open-loop electrical stimulation can 

assist in stabilizing the trunk under the small perturbations experienced during quiet sitting by 

increasing overall trunk stiffness [11,12]. However, under larger, transient perturbations 

commonly experienced in daily life during sitting, stabilizing the trunk has larger compensational 

demands, requiring higher stimulation intensities that accelerate the start of muscle fatigue [13]. 

Additionally, stabilizing the trunk under such dynamic perturbations requires many relevant 

muscles to be activated synergistically and according to well-defined spatial and temporal 
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activation patterns. To prevent muscle fatigue induced by electrical stimulation, low-intensity, 

open-loop electrical stimulation could be applied to facilitate trunk stability during quiet sitting 

[12]. Such open-loop electrical stimulation could be paired with intermittent closed-loop electrical 

stimulation that ensures fatigue-resistant trunk stability under dynamic perturbations. The fatigue-

resistant spatial and temporal muscle activation patterns required for closed-loop electrical 

stimulation could be defined by mimicking the muscle activation patterns that non-impaired 

individuals use to control dynamic trunk stability. This, however, requires quantitative predictions 

of the activation profiles of relevant muscles under different types of dynamic trunk disturbances 

commonly experienced in daily life during non-impaired sitting. The types of disturbances that 

may be experienced include (1) intrinsic instability or (2) external displacement of the support 

surface, as well as (3) the exposure to external trunk forces. Muscle activity predictions could be 

based on characteristic angular kinematics (i.e., the kinematics characterizing trunk de- and re-

stabilization) or the body’s center of pressure displacement in these dynamic sitting paradigms. 

Several challenges exist, however, that need to be resolved to allow kinematics- or kinetics-based 

predictions of muscle activity to be obtained in dynamic sitting. First, the kinematics characterizing 

trunk stabilization in unstable sitting [14–19] as well as the relation between kinematics and the 

muscle activity are unknown, but required to predict the kinematics-based muscle activation 

patterns in this paradigm. Second, while the body’s center of pressure displacement in dynamic 

sitting can be measured by instrumenting the support surface with a force plate, in perturbing the 

support surface, the acquired kinetic data will contain artifacts due to acceleration of the platform 

[20]. Existing methods for removing these so-called force plate inertial components are limited by 

requiring knowledge of the inertial properties of the platform and by being only applicable to 

symmetric platforms [20]. 

1.2 Thesis Objective 

Based on the above considerations, the objectives of this thesis research were to: (1) quantify the 

kinematics characterizing trunk stabilization in unstable sitting, i.e., one of the dynamic trunk 

disturbances commonly experienced in daily life; (2) quantify both the spatial and temporal 

relations between the characteristic kinematics and the muscle activity in unstable sitting; and (3) 
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propose and validate a method for estimating the inertial properties and force plate inertial 

components for any instrumented platform. 

1.3 Thesis Outline 

Chapter 2 presents a review of the literature that is directly relevant to the work presented in this 

thesis research. In Chapter 3, the kinematics of the base of support, pelvis, and trunk in unstable 

sitting are quantified and compared. The results are then used to propose a kinematics 

recommendation for future studies utilizing an unstable sitting surface and kinematics-based 

analyses to investigate trunk stability and control. In Chapter 4, the spatial and temporal relations 

between characteristic angular kinematics and trunk and upper leg muscle activity in unstable 

sitting are quantified. The results will be used by future studies that predict the kinematics-based 

muscle activation patterns within a closed-loop electrical stimulation system for dynamic sitting. 

In Chapter 5, a novel method is proposed for estimating the inertial properties and force plate 

inertial components for any instrumented platform. The proposed method is then used to estimate 

inertial properties specifically for the extended Computer-Assisted Rehabilitation Environment, 

and to validate both the obtained estimates and proposed method via new experimental data. The 

developed method will be used by future studies that quantify the relation between the body’s 

center of pressure displacement and the muscle activity in dynamic sitting. Chapter 6 provides 

concluding remarks on the scientific contribution of this thesis research, and describes future 

perspectives. 
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Chapter 2 

2 Literature Review 

2.1 Overview 

This chapter reviews the literature that is relevant to this thesis: a review of trunk stability and 

control during sitting; a review of human movement kinematics; a review of electromyography; 

and a review of human movement kinetics. 

2.2 Trunk Stability and Control During Sitting 

2.2.1 Introduction 

To stabilize the trunk under perturbations experienced during sitting, the central nervous system 

(CNS) strategically utilizes anticipatory and compensatory postural adjustments [21,22]. 

Anticipatory postural adjustments activate relevant muscles prior to predictable perturbations to 

counteract the perturbations and stabilize the trunk (open-loop feed-forward postural control) [23]. 

Anticipatory postural adjustments often involve co-activation of antagonist muscle pairs which 

increases the stiffness of the trunk and contributes to its stability [12,24]. Conversely, 

compensatory postural adjustments activate relevant muscles following unpredictable 

perturbations to counteract the perturbations and stabilize the trunk. Compensatory postural 

adjustments are based on information about the current state of the body provided by its auditory, 

proprioceptive, somatosensory, vestibular, and visual sensory systems (closed-loop feedback 

postural control) [22,25,26]. This sensory feedback initiates compensatory postural adjustments, 

which are executed through involuntary (i.e., reflexive) and voluntary muscle activation [26]. The 

neurally-driven active control (i.e., control that originates in the CNS) mechanisms described 

above (i.e., anticipatory and compensatory postural adjustments) are complemented by passive 

control mechanisms: intraabdominal pressure [27,28], as well as mechanical properties of the 
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spine, muscles, and connective tissue [29,30] contribute to the overall stiffness and damping of the 

trunk [12,24], which passively contributes to its stability. 

For small perturbations experienced during sitting (quiet sitting), stiffness and damping provided 

by open-loop co-activation of the trunk musculature may be sufficient to counteract the 

perturbations and stabilize the trunk [24,31]. However, for larger, transient perturbations 

experienced during sitting (dynamic sitting), direction-specific, closed-loop muscle activation is 

required to stabilize the trunk [31,32]. 

2.2.2 Muscles Contributing to Trunk Stability and Control During Sitting 

Several superficial muscles of the trunk and upper legs are known to contribute to trunk stability 

and its control during sitting. Trunk muscles that flex the trunk and significantly contribute to its 

stability and control include the rectus abdominis (RA) [33–36] as well as the external (ExO) and 

internal oblique (IO) [33–38]. Activation of RA, ExO, or IO causes flexion or resists extension of 

the trunk [39]. Additionally, activation of ExO or IO allows the trunk to side bend and axially 

rotate [39]. Trunk muscles that extend the trunk and significantly contribute to its stability and 

control include the erector spinae (ES) [39]. Activation of ES causes extension or resists flexion of 

the trunk. In particular, ES is used to stabilize the trunk against continuous gravitational forces that 

tend to flex the trunk due to the anterior location of its center of mass [40,41]. In addition to the 

described trunk flexors (i.e., RA, ExO, and IO) and extensors (i.e., ES), several other muscles of 

the trunk and upper legs are known to contribute to trunk stability and control. The latissimus dorsi 

(LD), although primarily responsible for arm movement at the shoulder [39], also contributes to 

side bending of the trunk [39]. Finally, the rectus femoris and biceps femoris indirectly contribute 

to trunk stability and control by stabilizing the pelvis via hip flexion [42–46] and extension 

[42,43,47,48], respectively. 

2.2.3 Trunk Impairment in Individuals with Spinal Cord Injury 

As described earlier (see Section 1.1), the ability to stabilize the trunk is a requirement for general 

human function and mobility. This is evident in individuals with impairment of trunk function 

resulting from spinal cord injury, as they are often unable to control seated balance on their own 

[4–6]. The inability of affected individuals to control seated balance is due to their complete or 
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partial loss of active control of their trunk and upper leg muscles (see Sections 2.2.1 and 2.2.2). 

Such active control is critical considering, for example, the previously described role of ES in 

stabilizing the trunk against gravity (see Section 2.2.2): individuals with spinal cord injury and loss 

of active control of ES are unable to resist gravitational flexion of the trunk, which is required for 

maintaining seated balance [49]. 

The degree of trunk function impairment resulting from spinal cord injury is significantly 

influenced by both the location and severity of injury. The severity of injury can be broadly 

categorized into complete and incomplete spinal cord injury [50]. Complete spinal cord injury is 

characterized by complete or nearly complete loss of neural connectivity between the central and 

peripheral nervous systems, resulting in complete or nearly complete loss of active control of the 

muscles below the location of injury on the spinal cord [51]. Incomplete spinal cord injury results 

in only a partial loss of that neural connectivity, allowing some active control of the muscles below 

the location of injury to be retained [51,52]. 

As a consequence of their impaired ability to stabilize the trunk with the muscles of the trunk and 

upper legs, individuals with spinal cord injury often compensate by using innervated, non-postural 

muscles (e.g., shoulder and neck muscles) to control seated balance [53]. Additionally, to avoid 

gravitational flexion of the trunk, individuals with spinal cord injury often tilt their pelvis 

posteriorly, resulting in a posterior shift of the trunk’s center of mass [54]. These compensatory 

strategies often lead to secondary health conditions such as kyphosis [55], pressure sores [24], 

reduced respiratory capacity [24], and shoulder pain [56]. These health conditions are primarily 

caused by non-physiological use of innervated muscles to control seated balance, as well as sub-

optimal spinal posture and weight distribution during sitting. 

2.2.4 Paradigms for Studying Trunk Stability and Control During Dynamic 

Sitting 

Paradigms that have been used to elicit dynamic trunk perturbations commonly experienced in 

daily life during sitting include: unstable sitting and perturbed sitting via the exposure to externally 

applied or released trunk forces or external displacement of the support surface. In perturbed sitting 

studies, the participant was in a seated, restrained semi-seated, or restrained standing posture. In 
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restrained semi-seated and standing postures, the pelvis and lower limbs were restrained. Thus, 

these postures were biomechanically equivalent to a seated one, since postural adjustments through 

the hip, knee, and ankle joints were prevented and movement was isolated to the trunk. 

2.2.4.1 Unstable Sitting Paradigm 

In unstable sitting studies, the sitting surface base was able to angularly displace freely in the 

frontal and/or sagittal planes about a central pivot. Deviations from the neutral position (i.e., where 

the unstable sitting surface-human system center of mass was directly above the central pivot) 

produced destabilizing gravitational moments, necessitating a postural adjustment to reposition the 

center of mass over the central pivot [14]. Several types of bases have been used in unstable sitting 

studies, including: a central ball bearing [16,17]; a central ball-and-socket and spring 

[14,15,19,57–65]; and hemispherical bases [18,66–90]. Unstable sitting surfaces with 

hemispherical bases are called wobble boards. The balancing difficulty on an unstable sitting 

surface with a central ball-and-socket and spring base was controlled by adjusting the spring 

stiffness or the radial distance between the springs and the central ball-and-socket; or with a 

hemispherical base was controlled by adjusting the radius of curvature of the hemisphere. In the 

majority of unstable sitting studies, the sitting surface base was able to angularly displace freely 

in both the frontal and sagittal planes; however, some studies restricted its motion to either the 

frontal [19,68,73,78–80,90] or sagittal [16,17,59,79,85] plane. 

2.2.4.2 Perturbed Sitting: External Trunk Force Paradigm 

In studies that perturbed the trunk by applying a force to it, dynamic perturbations commonly 

experienced in daily life during sitting were elicited using rapid and brief, horizontally directed 

applied forces. The trunk was perturbed in the direction of the applied force (e.g., trunk flexion via 

an anteriorly directed applied force). The applied forces were executed with control of either the 

amplitude of the applied force (force control) or the position of the trunk at the point of force 

application (position control). Methods that were used for force application include added weights, 

reciprocating levers, manual rope pulls, pendulums, pneumatic cylinders, as well as linear and 

rotary servomotors. Pneumatic cylinders and servomotors could apply forces with either force or 

position control and this with arbitrary force or position profiles in time. The other methods for 

force application could apply forces with only force control and this with one particular force 
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profile (see below). Applied forces with step [37,91–110], Gaussian [12,24,31,82,111–115], 

sinusoidal [116–121], and randomized [32,122–129] force or position profiles have been used. 

In added weight studies, a weight was added to a cable attached to a harness worn over the trunk 

of the participant [37,91–100,102,104–110]. The applied force had a step profile and its amplitude 

was controlled by adjusting the added weight. In reciprocating lever studies, an electric motor-

driven lever was attached to a spring that was in series with a cable attached to a trunk harness 

[116–118]. The applied force had a sinusoidal profile and its amplitude was controlled by adjusting 

the lever displacement or the spring stiffness. In manual rope pull studies, a researcher performed 

a pull of a rope attached to a trunk harness [31,111–113]. The applied force had a Gaussian profile 

and its amplitude was controlled by adjusting the pulling force. In pendulum studies, the free end 

of a pendulum was attached to a cable attached to a trunk harness [114,115]. The pendulum arm 

was released by a researcher and swung down and away from the participant, applying a force to 

the trunk at the instant the pendulum arm reached vertical and the cable became taut. The applied 

force had a Gaussian profile and its amplitude was controlled by adjusting the pendulum mass 

[114] or its distribution along the pendulum arm [115]. Finally, in pneumatic cylinder [82] or 

servomotor [12,24,32,101,103,119–129] studies, linear motion generated by a pneumatic cylinder 

or servomotor was transmitted to the trunk by a rod [32,101,103,127–129] or cable [12,24,82,122– 

126] attached to a trunk harness, or by physical contact between the pneumatic cylinder or 

servomotor and the participant [119–121]. 

In studies that perturbed the trunk by releasing a force attached to it, dynamic perturbations 

commonly experienced in daily life during sitting were elicited by applying and releasing isometric 

trunk exertions [76,130–139]. Isometric trunk exertion was applied through a horizontal cable 

attached to a trunk harness. The cable was released from the trunk harness after a target cable force 

was reached, producing sudden unloading and resulting in perturbation of the trunk in the opposite 

direction of the released force (e.g., trunk flexion via a posteriorly directed released force). 

2.2.4.3 Perturbed Sitting: External Support Surface Displacement Paradigm 

In studies that perturbed the trunk by externally displacing the support surface, dynamic 

perturbations commonly experienced in daily life during sitting were elicited using rapid and brief 
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support surface translations [140–148] or rotations [144,149] with ramp profiles. The trunk was 

perturbed in the opposite direction of support surface displacement (e.g., trunk flexion via either 

posterior translation or toe-up rotation). Support surface displacement was actuated by a researcher 

[149], a set of two linear servomotors [144], or a set of six hydraulic cylinders [140–143,145–148]. 

Support surface displacement via actuation by a researcher was limited to rotation about a single 

axis; and via actuation by a set of two linear servomotors was limited to either translation along, 

or rotation about, a single axis. Conversely, arbitrary displacement was possible via actuation by 

a set of six hydraulic cylinders. 

2.2.5 Non-Impaired Trunk Stability and Control During Dynamic Sitting 

Non-impaired trunk stability and control have been studied in the previously described dynamic 

sitting paradigms (see Section 2.2.4). 

2.2.5.1 Non-Impaired Trunk Stability and Control During Unstable Sitting 

Trunk stability and control during unstable sitting have been commonly quantified using time- and 

frequency-domain as well as stabilogram-diffusion analyses based on body or base of support 

angular displacement [14,17,19,65,72–74,79,150] or center of pressure displacement 

[65,74,81,87,89]. Time- and frequency-domain analyses provided summary statistics of 

displacement such as its mean velocity or mean frequency [151]. Stabilogram-diffusion analyses 

quantified the neuromuscular mechanisms underlying trunk control by assuming the process of 

stabilizing the trunk was stochastic and therefore could be modelled as a fractional Brownian 

motion [152]. Using time- and frequency-domain analyses, it was suggested that stabilizing the 

trunk was more challenging in the frontal than in the sagittal plane [79,150], and that trunk control 

declined for increased balancing difficulty [19,65,87,89]. Using stabilogram-diffusion analyses, a 

two-part control mechanism was suggested: open-loop control implying no neural feedback over 

short time intervals, and closed-loop control implying the presence of neural feedback over longer 

time intervals [81,87,89,90]. Additionally, the sensory feedback used in such closed-loop control 

of unstable sitting appeared to be re-weighted relative to quiet sitting: vestibular and visual 

channels were up-weighted whereas proprioceptive and somatosensory channels were down-

weighted [73]. 
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2.2.5.2 Non-Impaired Trunk Stability and Control During Perturbed Sitting 

Studies have characterized the kinematic and muscle (electrical activity) responses of the trunk 

during perturbed sitting. Peak trunk kinematics were larger following forces applied diagonally 

compared to along the anterior-posterior or medial-lateral directions, suggesting the trunk was less 

stable in the diagonal directions [111]. The direction-specific responses of the trunk muscles have 

been quantified following multidirectional applied [31] and released [138] forces, as well as 

translation [146] and rotation [149] of the support surface. The response of the trunk muscles was 

the same following either anterior translation or toe-up rotation of the support surface, suggesting 

that somatosensory feedback, derived from backward rotation of the pelvis, initiated postural 

adjustments following support surface displacement [144]. In support of this, the response of the 

trunk muscles was the same following rotation of the support surface with or without occlusion of 

vision [149]. 

The effect of increased trunk stiffness, via increased co-activation of the trunk musculature, on the 

kinematic and muscle responses of the trunk during perturbed sitting has been studied. Techniques 

that have been used to increase trunk muscle co-activation include voluntary co-activation 

[37,97,100,132], predictability of perturbation [105,109,140,148], and isometric trunk exertion 

[91,99,104,118,136]. Peak trunk kinematics were smaller following applied forces with higher 

levels of co-activation of the trunk musculature [37,91,97,99,100,104,105,109]. Additionally, 

higher levels of trunk muscle co-activation reduced the magnitude, and delayed the onset of, the 

reflex response of the trunk muscles, suggesting that increased trunk stiffness reduced the need for 

postural adjustments to stabilize the trunk following perturbations [37,92,97,108,109]. 

Studies have accurately predicted the kinematic and muscle responses of the trunk during 

perturbed sitting. The direction-specific linear displacement of the trunk following 

multidirectional applied forces was accurately modelled using an applied force-based prediction 

[24,32,101,116,123,124]. Additionally, linear trunk displacement following anteriorly directed 

applied forces was accurately modelled using an applied force and trunk kinematics-based 

prediction [119,120,123,124]. The direction-specific responses of RA, ExO, IO, and ES following 

multidirectional applied forces were accurately modelled using direction of applied force-based 

predictions [31]. Additionally, their responses were accurately modelled, in several directions for 
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each muscle, using trunk kinematics-based predictions [112]. Finally, the response of ES following 

anteriorly directed applied forces was accurately modelled using an applied force-based prediction 

[114] as well as an applied force and trunk kinematics-based prediction [119,120]. 

In the context of identifying the parameters in the previously described prediction models, studies 

have quantified intrinsic and reflex properties of the trunk. Multidirectional intrinsic translational 

(rotational) trunk stiffness and damping (i.e., due to open-loop co-activation of the trunk 

musculature, intraabdominal pressure, and mechanical properties of the spine, muscles, and 

connective tissue) have been identified using applied force and trunk kinematics in combination 

with an intrinsic translational (rotational) model of a mass-spring-damper (MSD) system [24]. To 

prevent eliciting closed-loop control mechanisms, the trunk was perturbed with gentle forces. 

Intrinsic trunk stiffness and damping were roughly symmetrical between the two body sides. 

Moreover, both quantities were smallest in the anterior and largest in the medial-lateral directions. 

Effective trunk stiffness and damping (i.e., the combined behavior of intrinsic and reflex stiffness 

and damping) have been identified using larger applied forces that elicited closed-loop control 

mechanisms; multidirectional effective translational trunk stiffness and damping were identified 

using applied force and trunk kinematics in combination with an effective translational model of 

a MSD system [116,123,124]. Effective trunk stiffness and damping varied with direction and 

were larger for higher levels of co-activation of the trunk musculature. Finally, intrinsic 

translational stiffness and damping as well as reflex properties of the trunk in the anterior direction 

have been identified simultaneously using applied force and trunk kinematics in combination with 

intrinsic translational MSD and reflex dynamics models [32,119,120]. 

2.3 Human Movement Kinematics 

2.3.1 Introduction 

The kinematic analysis of human movement produces a quantitative description of segmental (i.e., 

the motion of body segments) and joint (i.e., the relative motion between adjacent body segments) 

motion [153]. A quantitative description of segmental and joint motion is obtained by recording 

the three-dimensional motion of the segments of interest, followed by the calculation of segmental 
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and joint kinematics such as instantaneous linear and angular positions, velocities, and 

accelerations [153]. 

Technologies that can be used to record the three-dimensional motion of body segments include 

electromagnetic tracking [154–156], inertial sensors [157–162], markerless [163–165] and 

marker-based [166,167] optoelectronic stereophotogrammetry, and stereoradiography [168]. The 

gold-standard and most common technique in human movement research is marker-based 

stereophotogrammetry, since it is the most accurate and reliable way of recording the motion of 

body segments [167]. However, inertial sensors and markerless stereophotogrammetry are 

becoming increasingly common, since they offer lower costs and greater usability [157,164,169]. 

Nevertheless, they are still less accurate and reliable than marker-based stereophotogrammetry 

[165,169,170]. 

Marker-based stereophotogrammetric systems reconstruct three-dimensional landmark 

coordinates from photographs [171], radiographs [172,173], or video images [174]. Video-based 

systems (termed motion capture systems) are the most common type in human movement research, 

since they offer the lowest financial cost and highest time efficiency [175]. 

2.3.2 Kinematic Data Acquisition 

To record the motion of a body segment using a motion capture system, at least three markers are 

placed on the skin above the segment, and their instantaneous three-dimensional linear positions 

relative to a laboratory coordinate system (termed global coordinate system (GCS)) are measured 

by a set of motion capture cameras [167]. Markers are placed individually (generally on bony 

anatomical landmarks) [111,176–179] or in clusters of at least three markers [111,180] and 

according to the kinematic model used (see Section 2.3.3). Since a marker must be visible to at 

least two cameras for its position to be reconstructed (i.e., not occluded), use of more than two 

cameras is recommended [181]. Additionally, often more than three markers are used for a given 

segment [111,166,182], to increase the robustness of acquired data when samples of data are lost 

due to one or more markers being occluded. 
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Motion capture systems use either light-emitting or retroreflective markers for recording the 

motion of body segments. Light-emitting markers emit pulsating infrared light via light-emitting 

diodes. Individual markers are identified by the motion capture system based on their unique light 

pulse frequency [175]. Conversely, retroreflective markers are illuminated by infrared light via 

light-emitting diodes mounted around the lens of each camera [183,184]. Individual markers are 

identified using dedicated hardware circuits or pattern recognition algorithms [183,184]. Higher 

accuracy in reconstructing three-dimensional marker positions as well as higher possible sampling 

frequencies are advantages of light-emitting in comparison to retroreflective marker systems; 

however, an advantage of retroreflective marker systems is the absence of batteries, electronic 

circuits, and wires on the bodies of study participants as in light-emitting marker systems [175,185]. 

To reconstruct three-dimensional linear marker positions, calibration information and two-

dimensional marker coordinates from each camera are used to triangulate each marker’s three-

dimensional position [181]. 

Common sources of error in motion capture measurements include: electronic noise, imprecision 

in marker digitization, marker imaged shape distortion [175,181], incorrect camera set-up and 

calibration [175], inaccuracy in identifying anatomical landmarks [186–188], and soft tissue 

movement [189]. Imprecision in marker digitization is imprecision in the process of converting 

marker images into their two-dimensional coordinates and two-dimensional coordinates into their 

numerical values [175,181]; marker imaged shape distortion can result from velocity effects and 

obscured marker images [175,181]; incorrect camera set-up can introduce optical distortion, and 

camera calibration determines their geometric and optical characteristics as well as their position 

and orientation relative to the laboratory [175]; accurate identification of anatomical landmarks 

depends on the skill of the researcher, palpitation procedure used, and marker shape [186–188]; 

and soft tissue movement occurs due to marker and skin moving together relative to underlying 

bony anatomical landmarks [189]. 

2.3.3 Kinematic Models 

Segmental and joint kinematics are obtained from motion data via a mathematical model of a chain 

of body segments (termed kinematic model). There can be variability in the complexity (i.e., the 
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number of body segments used) of the kinematic models available to describe the motion of a 

particular body part [111,176,177,179,180]. For example, trunk motion can be modelled using a 

single segment (i.e., the simplest or least complex model): all the body parts between the hip and 

the base of the neck, except the upper limbs, are assumed to be a single rigid body (i.e., a single 

segment) [166]. Single-segment trunk models can only describe the motion of the entire trunk 

[178,190]. However, more complex models can be used that divide the trunk into two [167,191] 

or more [192,193] segments. Multi-segment trunk models can describe, for example, the relative 

motion between adjacent spinal joint centers [192,193]. An advantage of single-segment in 

comparison to multi-segment trunk models is they require only three to four markers to record the 

motion of the trunk. However, their accuracy in representing actual trunk motion is limited by 

ignoring relative motion between different levels of the trunk [194]. By using more complex trunk 

models, accuracy in representing actual trunk motion is increased [167,192,193]. However, the 

computational cost of calculating segmental and joint kinematics increases with model complexity. 

In contrast to the trunk, some body parts are generally modelled as a single rigid body (e.g., the 

pelvis). Nevertheless, there can be variability in marker placement between the single-segment 

models available to describe the motion of a particular body part [179,187,195]. 

2.3.4 Segmental Kinematics 

The following analysis demonstrates how the instantaneous segmental kinematics (i.e., linear and 

angular positions, velocities and accelerations) of the trunk are calculated from its motion data and 

recommended single-segment kinematic model [178]. 

The segment coordinate system of the trunk (SCS) is defined using the data of four markers placed 

on the following trunk landmarks: the seventh cervical vertebra (C7), the eighth thoracic vertebra 

(T8), the deepest point of the incisura jugularis (IJ), and the processus xiphoideus (PX). The x, y, 

and z axes defining SCS are calculated using the following equations. The x axis is calculated using: 

!C7 – 0.5(T8 + PX)$ × !IJ – 0.5(T8 + PX)$ 
x = (2.1) 

%!C7 – 0.5(T8 + PX)$ × !IJ – 0.5(T8 + PX)$% 

The z axis is calculated using: 
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0.5(C7 + IJ) – 0.5(T8 + PX)
z = (2.2) ‖0.5(C7 + IJ) – 0.5(T8 + PX)‖ 

Finally, the y axis is calculated using: 

y = z × x (2.3) 

The origin of SCS (i.e., the linear position of the trunk) is coincident with IJ. The rotation matrix 

R capturing the orientation of SCS relative to GCS is calculated using [196]: 
x1 y1 z1 

R = 'x2 y2 z2( (2.4) 
x3 y3 z3 

The three-dimensional angles of the trunk are calculated by composing the overall rotation from 

GCS to SCS as an ordered sequence of three elemental rotations (i.e., rotations about the axes of a 

coordinate system). The preferred sequence for calculating segmental and joint angles in humans 

in general is x–y–z by angles of flexion/extension (F/E) – lateral bending (LB) – axial rotation (Rot) 

about the rotating axes of SCS [197]. This sequence is equivalent to the sequence z–y–x by angles 

of Rot – LB – F/E about the fixed axes of GCS. The rotation matrix R, written as a product of the 

elemental rotation matrices Rx(F/E), Ry(LB), and Rz(Rot) for the sequence x–y–z about the rotating 

axes of SCS, is [198]: 
1 0 0 0 0cLB sLB cRot –sRot 

R = Rx(F/E)Ry(LB)Rz(Rot) = '0 cF/E –sF/E( ' 0 1 0 ( ' 0( (2.5) sRot cRot 
0 sF/E cF/E –sLB 0 cLB 0 0 1 

where, for example, cF/E = cos(F/E) and sF/E = sin(F/E). Multiplying out the right-hand side of Eq. 

(2.5) yields: 
cLBcRot –cLBsRot sLB r11 r12 r13 

R = ' sF/E sLBcRot + cF/EsRot –sF/E sLBsRot + cF/EcRot –sF/E cLB( = ' r21 r22 r23( (2.6) 
–cF/EsLBcRot + sF/EsRot cF/E sLBsRot + sF/EcRot cF/E cLB r31 r32 r33 

Finally, equations for the three-dimensional angles of the trunk, derived from Eq. (2.6), are [198]: 

2LB = atan2 )r13, *r23 + r33
2 + 

(2.7) 
r23 r33F/E = atan2 ,– , . cLB cLB 

15 



  

  

      

 

         

         

  

  

  

             

            

            

       

               

                

             

            

             

          

   

   

            

              

        

                

              

             

w

r12 r11Rot = atan2 ,– , . cLB cLB 

where atan2 is the four-quadrant inverse tangent. 

Linear and angular velocities are obtained by numerically time differentiating linear and angular 

positions, respectively [199]. Accelerations are obtained similarly, but from velocities instead of 

positions [199]. 

2.4 Electromyography 

2.4.1 Introduction 

Electromyography is a technique for recording the electrical activity of skeletal muscles. It uses 

an instrument called an electromyograph to record the electrical activity of muscles via a pair of 

electrodes attached to the skin above the muscle or inserted into the muscle of interest [200]. The 

signals produced by electromyography, called electromyograms, represent the total electrical 

potential generated by the cells of a muscle [201]. The total electrical potential is the summation 

of the individual motor unit action potentials of a muscle. A motor unit is the smallest functional 

unit of a muscle, and is comprised of a motor neuron and a group of muscle fibers innervated by 

it [200]. An action potential originates when a nerve impulse reaches the synapse between a motor 

neuron and a muscle fiber. This triggers the motor neuron to release the neurotransmitter 

acetylcholine, which changes the electrochemical balance of the muscle fiber, causing an action 

potential to spread along it. 

2.4.2 Electromyographic Data Acquisition 

Electromyographs use surface or intramuscular electrodes for recording the electrical activity of 

muscles. Surface electrodes are attached to the skin above the muscle of interest [32], and can be 

used to record the activity of superficial muscles [202,203]. Conversely, intramuscular electrodes 

are inserted into the muscle of interest [200], and are therefore suitable for recording the activity 

of deep muscles [202]. They are also suitable for use when the potential is high for recording the 

activity of muscles adjacent to the muscle of interest (i.e., cross-talk) [204]. Surface electrodes are 
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non-invasive and relatively inexpensive [204]; whereas intramuscular electrodes are evasive, more 

expensive, and may cause pain [204]. 

To minimize error due to electrode-skin impedance, electrode motion, electrode cable motion, and 

power line interference in electromyograms acquired using surface electrodes, the impedances of 

the skin and the electrode-skin interface above the muscle of interest should be minimized [203]. 

These impedances can be minimized by carefully preparing the skin [203]. Techniques for skin 

preparation include shaving it [205], cleansing it with alcohol [203,205], rubbing a conductive 

paste or gel into it [203], and removing the upper layers of the skin via abrasion with sandpaper 

[203,205]. 

To provide the highest signal to noise ratio in acquired electromyograms, electrodes are usually 

aligned in the direction of the muscle fibers of the muscle of interest [31]. A reference or ground 

electrode, usually attached to the skin above a bony prominence [202], is used to reduce error due 

to power line interference [203,206]. 

2.4.3 Electromyogram Amplitude 

To define the electromyogram amplitude from a raw electromyogram, some or all of the following 

sequential processing steps are commonly used: [153]: (1) demeaning; (2) high-pass or band-pass 

filtering; (3) full-wave rectification; (4) low-pass filtering; and (5) normalization. 

The electromyogram is an alternating current signal (i.e., it varies in both the positive and negative 

directions) and, therefore, has a mean value of zero [153,196]. However, since the raw 

electromyogram may have a non-zero mean value due to instrument error, it should be demeaned 

(i.e., by subtracting its mean value from each value of the signal) [153,196]. 

Error due to electrode-skin impedance, electrode motion, electrode cable motion, power line 

interference, cross-talk, and electrical activity of the heart may be present in the electromyogram 

and can be removed by high-pass [201,207–210] or band-pass [211–216] filtering it. The filters 

used depend on the error present. High-pass filter cut-off frequencies commonly used range from 
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10–60 Hz [207–209]. Band-pass filter lower and upper cut-off frequencies commonly used range 

from 5–25 and from 300–500 Hz [211,217–220], respectively. 

Time-varying muscle activity is determined by full-wave rectifying [203,221] and then low-pass 

filtering [209,213,222] the electromyogram. Full-wave rectifying the electromyogram transforms 

it to a single (positive) polarity; each value in the full-wave rectified electromyogram is the 

absolute value of the corresponding value in the original electromyogram. The full-wave rectified 

electromyogram fluctuates with the strength of the muscle contraction (i.e., the changing amplitude 

of the full-wave rectified electromyogram indicates the changing activity of the muscle) [153]. 

Low-pass filtering the full-wave rectified electromyogram produces the linear envelope; the linear 

envelope follows the trend of the full-wave rectified electromyogram [153]. Low-pass filter cut-

off frequencies commonly used range from 2–6 Hz [37,216,223–225]. 

The electromyogram is often normalized to express the time-varying muscle activity as a 

percentage of some reference electromyogram value. The amplitude of the electromyogram 

depends on electrode placement and size, superficial resistance at the electrode-skin interface, 

temperature, and subcutaneous tissue thickness. Therefore, normalization of the electromyogram 

allows for their comparison between muscles, participants, sessions, or studies. The reference 

electromyogram value for a participant and muscle is most commonly obtained from maximal or 

submaximal voluntary muscle contraction tests. 

Alternative options for defining the electromyogram amplitude include calculating the root mean 

square amplitude or integrated electromyogram from the raw electromyogram [196]. 

2.5 Human Movement Kinetics 

2.5.1 Introduction 

The kinetic analysis of human movement produces a quantitative description of the forces and 

moments that cause the motion of the body [226]. When the body is in motion, the force and 

moment it applies to its support surface are balanced by an equal and opposite reaction force and 
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moment applied by the support surface to the body (termed ground reaction). The ground reaction 

is equal to the algebraic summation of the mass-acceleration products of all the body parts [153]. 

The ground reaction can be recorded using a force plate embedded within the support surface 

[227,228]. 

2.5.2 Kinetic Data Acquisition 

Force plates used in human movement research use either strain gauge or piezoelectric transducers 

for measuring the ground reaction [229]. Both transducers operate on the principle that 

deformation of the transducer due to an applied mechanical force produces an output voltage 

proportional to the applied force. The transducers differ in their respective methods used to 

produce the output voltage. A strain gauge transducer consists of a resistive metallic foil supported 

by an insulating flexible backing placed in a Wheatstone bridge electrical circuit. Deformation of 

the foil by an applied mechanical force changes its electrical resistance, which affects the output 

voltage of the circuit. A piezoelectric transducer consists of a piezoelectric material placed in an 

electrical circuit. Deformation of the piezoelectric material by an applied mechanical force causes 

an electrical charge to develop in it, which again affects the output voltage of the circuit. 

Force plates used in human movement research are typically constructed with four three-

component transducers, with each transducer measuring force and moment in the anterior-

posterior, medial-lateral, and vertical directions [230]. One transducer is located at each corner of 

the force plate, since this arrangement provides the highest accuracy in measuring the applied force 

and moment [196]. The six output voltage signals from each transducer are converted to force and 

moment by applying a calibration matrix to the signals. Each component of the resultant force and 

moment (i.e., the overall force and moment measured by the force plate) is the algebraic 

summation of the corresponding component of force and moment measured by each transducer. 

The overall force and moment measured by the force plate is the reaction to all the forces and 

moments applied to it. The center of pressure is calculated using the overall force and the force 

measured by each transducer. 

Common sources of error in force plate measurements include: electronic noise, transducer 

deformation due to temperature changes [230,231], and piezoelectric material charge leakage 
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[231]. Changes in temperature cause the metallic foil (piezoelectric material) in a strain gauge 

(piezoelectric) transducer to deform, which changes the output voltage of the transducer. There are 

methods available to compensate for temperature effects in both strain gauge [232] and 

piezoelectric [233] transducers. Electrical charge developed in the piezoelectric material in a 

piezoelectric transducer has a tendency to leak to the surrounding environment, which changes the 

output voltage of the transducer. There are again methods available to compensate for charge 

leakage in piezoelectric transducers [234]. 
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3 

Chapter 3 

Kinematics Recommendation for Trunk Control 

Assessments During Unstable Sitting 

The material presented in this chapter is currently in press as the article: 

Roberts BWR, Vette AH. A kinematics recommendation for trunk stability and control assessments 

during unstable sitting. Medical Engineering & Physics. 

The content of this chapter is identical to the material presented in the submitted manuscript except 

for the text formatting which was done according to University of Alberta requirements. Parts of 

this work have also been presented at scientific conferences including The XXVII Congress of the 

International Society of Biomechanics, in conjunction with The 43rd Annual Meeting of the 

American Society of Biomechanics, held on July 31 to August 4, 2019, in Calgary, Canada. 

3.1 Abstract 

Trunk control has been commonly studied via an unstable sitting paradigm, with the majority of 

analyses using angular kinematics-based, posturographic measures. However, considerable 

variability in the choice of kinematics exists. Furthermore, the kinematics capturing the completion 

of this task are unknown. The purpose of this study was to characterize the kinematics in unstable 

sitting by quantifying and comparing the angular motion of the base of support, pelvis, and trunk 

as elicited via a commonly used wobble board (WB) paradigm. WB, pelvis, and trunk motion was 

recorded in fifteen non-disabled participants sitting on a wobble board. Posturographic measures 

were calculated and compared between corresponding WB and pelvis, and between WB and trunk 

angles. The trunk was stabilized through relatively large WB motion, with the trunk adopting a 

quasi-static pose. For all measures, angles, and conditions, the WB measure values were 

significantly larger than their corresponding pelvis or trunk values. Our findings demonstrate that 
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the WB-human system is stabilized by regulating WB motion. Future work utilizing an unstable 

sitting surface and kinematics-based analyses to investigate trunk control should include the 

analysis of base of support kinematics. 

3.2 Introduction 

Considering that trunk stability is of general importance in human balance control and mobility, it 

comes as no surprise that it is critical for maintaining stability of the body during sitting [3]. Trunk 

stability and its control have been commonly studied via an unstable sitting paradigm, where an 

unstable surface serves as the base of support (BoS). Using, for example, a wobble board, such 

studies have investigated: differences in trunk control between different populations [15– 

18,72,88,90]; the effect of applied trunk forces [14], whole body vibration [60], or sensory 

manipulation [73] on trunk control; and methodological choices, e.g., task difficulty and kinematic 

outcome measures, that can optimize trunk control assessments and their reliability 

[19,57,62,73,74]. 

While the majority of analyses have focused on the use of angular kinematics-based, 

posturographic measures, considerable variability in the choice of kinematics exists. Kinematics 

used include those of the: BoS [14–16,19,57,60,62]; pelvis [15,72,74]; pelvis relative to the BoS 

[16]; lumbar spine relative to the BoS [17]; lumbar spine relative to the pelvis [16]; thoracic spine 

[15,73,74]; thoracic spine relative to the pelvis [15,72,74,90]; thoracic spine relative to the lumbar 

spine [18,88]; and thoracolumbar spine relative to the BoS [19]. This comes as no surprise as no 

study to date has actually investigated the kinematics capturing task completion in unstable sitting. 

An understanding of the kinematics important for assessing trunk control during unstable sitting 

could be valuable for recommending the kinematics to be measured in future research and 

assessments pertaining to unstable sitting. 

The purpose of this study was therefore to characterize the kinematics in unstable sitting by 

quantifying and comparing the angular motion of the base of support, pelvis, and trunk as elicited 

via a wobble board paradigm. Based on a biomechanical assessment of unstable sitting, we 

22 



  

          

      

  

     

        

             

          

            

       

    

 

              

           

            

        

              

           

            

             

         

         

      

      

          

 

hypothesized that the task is completed by adopting a quasi-static pose of the upper body while 

regulating the motion of the base of support. 

3.3 Methods 

3.3.1 Participants and Experimental Procedures 

Fifteen non-disabled, young and male individuals were invited to participate in this study (age 25 

± 5.2 years; height 179.6 ± 6.7 cm; and weight 75.1 ± 13.0 kg; mean ± standard deviation). All 

participants reported no history of neurological or musculoskeletal impairments or pain, gait or 

balance difficulties, or use of a walking aid. All participants gave written informed consent to the 

experimental procedures, which were approved by the Health Research Ethics Board of the 

University of Alberta (Study ID: Pro00039437). 

Participants were asked to sit on a custom-made wobble board (Figure 3.1A) with their sagittal 

plane aligned with the anterior-posterior axis of the wobble board as defined via four motion 

capture markers (Figure 3.1B). The wobble board, which is described elsewhere [235], was used 

to induce unstable sitting as elicited by its challenging postural environment. Hemispherical bases 

of different radii of curvature could be attached to the bottom of the sitting surface to allow for 

different levels of instability. For each participant, four 35 second trials were performed for each 

of two task conditions: (1) an easier base and eyes closed (B1EC; radius of curvature: 20 cm); and 

(2) a more difficult base and eyes open (B2EO; radius of curvature: 13 cm). We specifically 

included two task conditions to improve the validity of our findings, not to compare kinematics 

across task conditions. Each task condition had a different base and eye condition as modifying 

task difficulty is common in studies focused on kinematics-based analyses and unstable sitting 

paradigms [14,15,18,19,57,60,62,72,73]. To reduce potential learning effects, each participant 

performed one 60 second practice trial for each task condition. A resting break of 30 seconds was 

given in between trials. 
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Figure 3.1: Schematic of wobble board balancing (A); and aerial view of wobble board-human 

system (B), with the following markers attached: board front left (BFL), board back left (BBL), 

board back right (BBR), and board front right (BFR). In (B), the orientation of the local coordinate 

system of the wobble board relative to the sagittal plane of the participant is shown. Specifically, 

the y axis of the wobble board (yw) was aligned with the sagittal plane of the participant. 

Kinematic data of the wobble board, pelvis, and thoracic spine (hereafter referred to as trunk) were 

recorded at a sampling rate of 100 Hz using an eight-camera motion capture system (Eagle Digital 

Camera, Motion Analysis, Santa Rosa, California, USA). In addition to the four markers placed 

on the wobble board (Figure 3.1B), four markers were placed on the following pelvis landmarks 

[236]: bilaterally on the anterior superior iliac spine and posterior superior iliac spine. Four 

markers were also placed on the following trunk landmarks [178]: the seventh cervical vertebra, 

the eighth thoracic vertebra, the deepest point of the incisura jugularis, and the processus 

xiphoideus. For subsequent analyses, a 30 second segment [57], starting 1 second into each trial, 

was isolated in each trial’s motion data. Missing motion capture markers of four or less consecutive 
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frames [237] were recreated using spline interpolation [238]. Following interpolation, trials still 

affected by missing data were removed from subsequent analyses. 

3.3.2 Experimental Data Processing and Analysis 

To obtain the kinematics of the wobble board, pelvis, and trunk for each trial (all relative to the 

global coordinate system (GCS)), the coordinate systems of the wobble board (WCS), pelvis (PCS) 

[236], and trunk (TCS) [178] were defined using the raw marker data. The rotation matrices from 

GCS to WCS, Rw, from GCS to PCS, Rp, and from GCS to TCS, Rt, were identified according to 

[196]. The three-dimensional angles of the wobble board, pelvis, and trunk were extracted from 

Rw, Rp, and Rt, respectively, using a Cardan rotation sequence: flexion/extension (F/E) – lateral 

bending (LB) – axial rotation (Rot) about the moving axes of WCS, PCS, and TCS, respectively, 

according to [198]. Only F/E and LB were used in subsequent analyses as the wobble board does 

not induce substantial perturbations in the axial rotation direction. The obtained kinematic time 

series were first filtered using a zero phase-shift, fourth-order low-pass Butterworth filter with a 

cut-off frequency of 2.5 Hz [18], and then demeaned. 

To quantify and compare the motion of the wobble board, pelvis, and trunk during the balancing 

task, three posturographic time-domain measures were calculated for each kinematic time series: 

the range of the angle (RANGE), root mean square of the angle (RMS), and mean of the absolute 

angular velocity (MVELO) [151]. These measures, which capture the range, variance, and mean 

speed of an angle, respectively, were chosen as they are commonly used in kinematics-based 

analyses and unstable sitting paradigms when investigating trunk stability and its control [14– 

16,18,19,57,60,62,73,74,88]. A two-tailed, paired t-test was used to assess, for a given measure 

and condition, whether significant differences exist between corresponding wobble board and 

pelvis kinematics (e.g., wobble board F/E and pelvis F/E) and corresponding wobble board and 

trunk kinematics (e.g., wobble board LB and trunk LB). We applied Bonferroni corrections in all 

our comparisons and used a statistical significance level of α = 0.05. All dependent variables 

obeyed a normal distribution, as tested by a Kolmogorov-Smirnov test [239]. Details on the 

experimental data analysis are provided in Appendix A. 
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3.4 Results 

In Figure 3.2, representative examples of F/E versus LB for wobble board, pelvis, and trunk 

kinematics for the B1EC (A, B, and C) and B2EO conditions (D, E, and F) are shown for a single 

participant. A visual inspection suggests that the pelvis and trunk remained relatively stationary, 

whereas wobble board F/E and LB were comparably variable during the balancing task. 

Figure 3.2: Representative examples of flexion/extension (F/E) versus lateral bending (LB) for 

wobble board (WB), pelvis, and trunk kinematics for a single participant. A, B, and C: Planar 
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phase plots for the Base 1 Eyes Closed condition (B1EC); D, E, and F: Planar phase plots for the 

Base 2 Eyes Open condition (B2EO). 

In Figure 3.3, group RANGE, RMS, and MVELO values (mean and one standard deviation) for 

wobble board, pelvis, and trunk F/E and LB under B1EC and B2EO conditions are shown. For all 

measures, angles, and conditions, the wobble board values were significantly larger than their 

corresponding pelvis or trunk values (Figure 3.3), with the two-tailed, paired t-test revealing 

statistically significant differences in all 24 comparisons (p < 1×10–2). Comparisons with p less 

than 1×10–2, 1×10–4, or 1×10–6 are marked with one, two, or three asterisks, respectively (Figure 

3.3). The RANGE and RMS results verify the visual inspection of Figure 3.2 where the pelvis and 

trunk remained relatively stationary and displaced significantly less than the wobble board during 

balancing. The MVELO results suggest that the pelvis and trunk displaced significantly slower 

than the wobble board during balancing. Posturographic measure and p values are tabulated in 

Appendix B. 
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Figure 3.3: Posturographic time-domain measures for wobble board (WB), pelvis, and trunk 

kinematics. Shown are the range of the angle (RANGE) (A), root mean square of the angle (RMS) 

(B), and the mean of the absolute angular velocity (MVELO) (C) for flexion/extension (F/E) and 

lateral bending (LB) under the Base 1 Eyes Closed (B1EC) and Base 2 Eyes Open (B2EO) 

conditions. All values are presented as mean and one standard deviation (presented variability is 

inter-participant). A two-tailed, paired t-test revealed statistically significant differences between 

WB and pelvis kinematics and between WB and trunk kinematics for all measures, angles, and 

task conditions (p < 1×10–2; 24 comparisons). Comparisons with p less than 1×10–2, 1×10–4, or 

1×10–6 are marked with one, two, or three asterisks, respectively. 
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3.5 Discussion 

The purpose of this study was to quantify the kinematics characterizing task completion in unstable 

sitting. Our results show that, during unstable sitting, the trunk is stabilized through relatively 

large, fast displacements of the BoS, whereas both the pelvis and trunk remain relatively upright 

and stationary. 

3.5.1 Biomechanical Insights and Practical Recommendations 

The primary goal of the wobble board-human dynamic system is to stabilize the upper body. 

Mechanically, the wobble board was lighter, smaller, and of lower inertia compared to the upper 

body. Therefore, it is reasonable to assume the system is most effectively stabilized by regulating 

the motion of the wobble board. While this biomechanical assessment agrees with our findings, 

future work could investigate how the central nervous system uses sensory feedback and previous 

experience to decide that adopting a quasi-static pose of the upper body while regulating the 

motion of the base of support may be the best stabilization strategy. 

In studies that have utilized an unstable sitting surface to investigate or assess trunk stability and 

its control, considerable variability in the choice of kinematics exists [14–19,57,60,62,72– 

74,88,90]. However, no study to date has investigated the kinematics characterizing task 

completion in unstable sitting. The finding that the task is characterized by and completed through 

relatively large motion of the BoS and relatively small motion of the upper body allows us to 

isolate the most sensitive kinematic measures in unstable sitting. We therefore propose that future 

research and assessments utilizing kinematics-based analyses of unstable sitting be standardized 

by including some variation of BoS kinematics. 

3.5.2 Limitations 

Since all study participants were male, we were unable to investigate potential sex differences in 

the unstable sitting kinematics. However, based on previous work [15,16], it can be hypothesized 

that similar results hold true for females. Nonetheless, future work should examine whether our 

findings do apply to other populations. 
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This study used a hemispherical base attached to the bottom of the sitting surface to induce unstable 

sitting. However, several types of sitting surface bases have been used in studies investigating 

trunk control, including: a central ball bearing [16,17]; a central ball-and-socket and spring 

[14,15,19,57,60,62]; and hemispherical [18,72–74,88,90] bases. These unstable sitting paradigms 

are all mechanically similar, with the base of support in each case able to displace freely about a 

central pivot. We therefore expect that our findings apply to other types of unstable sitting 

paradigms. 

3.5.3 Conclusions 

During unstable sitting, the trunk is stabilized through relatively large, fast displacements of the 

BoS, whereas the trunk adopts a quasi-static pose. We recommend that future studies utilizing an 

unstable sitting surface and kinematics-based analyses to investigate or assess trunk control should 

include analyses involving some variation of the BoS kinematics (i.e., BoS relative to global or 

trunk relative to BoS). 
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4 

Chapter 4 

Relation of Kinematics and Muscle Activity During 

Unstable Sitting 

The material presented in this chapter is currently under review for publication as the article: 

Roberts BWR, Gholibeigian F, Lewicke J, Vette AH. Spatial and temporal relation of kinematics 

and muscle activity during unstable sitting. Neuromodulation: Technology at the Neural Interface. 

The content of this chapter is identical to the material presented in the submitted manuscript except 

for the text formatting which was done according to University of Alberta requirements. Parts of 

this work have also been presented at scientific conferences including The XXVII Congress of the 

International Society of Biomechanics, in conjunction with The 43rd Annual Meeting of the 

American Society of Biomechanics, held on July 31 to August 4, 2019, in Calgary, Canada. 

4.1 Abstract 

Recent work suggests that kinematics-based electrical stimulation may restore dynamic trunk 

stability following neuromuscular impairment. However, to ensure fatigue-resistant control, 

knowledge of the relation between body motion and the activity of relevant muscles during non-

impaired, unstable sitting may be beneficial. Therefore, our objective was to quantify the spatial 

and temporal relationships between (1) characteristic angular kinematics and (2) trunk and upper 

leg muscle activity in unstable sitting as elicited via a wobble board. Wobble board motion and 

bilateral electromyograms from fourteen trunk and upper leg muscles were recorded in fifteen non-

disabled participants sitting on a wobble board. The relationship between wobble board tilt and 

the electromyograms was quantified using cross-correlation analysis. During unstable sitting, the 

trunk was stabilized through direction-specific activation of the trunk and upper leg muscles, 

preceding wobble board displacement by 110 to 230 ms. Direction-specific activation suggests the 

31 



  

         

             

          

       

  

  

          

            

          

       

           

        

               

        

 

             

       

                

              

          

         

       

            

          

           

        

           

            

presence of active neural control, while preceding activation may be needed to account for known 

torque generation time delays. Furthermore, the findings suggest the use of stiffness control in the 

anterior-posterior, but not medial-lateral direction. Future work will use the gained insights in 

defining the muscle activation patterns of kinematics-based neuroprostheses that can restore trunk 

stability following impairment. 

4.2 Introduction 

Trunk stability is a critical prerequisite of human function and mobility, regardless of the 

movement or task performed. It therefore comes as no surprise that activities of daily living 

(ADLs), such as sitting, standing, walking, and reaching, cannot be accomplished unless the trunk 

is successfully stabilized [3]. In individuals who experience neuromuscular impairments affecting 

trunk stability and its control, the consequences are often detrimental. For example, individuals 

with spinal cord injury (SCI) between the head and tenth thoracic vertebra usually experience at 

least some trunk function impairment [4]. As a result, they are often not able to control seated 

balance on their own, leading to significantly reduced independence in ADLs [5,6]. 

Various attempts have been made to improve sitting stability in individuals with SCI during ADLs, 

primarily by customizing wheelchair configurations. These include modifying the wheelchair’s 

inclination angle [7] as well as using novel types of seat cushions [10], footrests [9], or chest straps 

[8]. However, these modifications support the trunk only in the anterior direction and do not take 

dynamic demands into account that depend on the particular functional and/or environmental 

context. In this light, recent developments suggest that neuroprostheses utilizing functional 

electrical stimulation (FES) can facilitate and even restore mobility and function. For example, 

FES has been used in open- and closed-loop control schemes to restore reaching and grasping in 

individuals with SCI that present with a range of injury severities [240]. Promising results also 

indicate the potential of FES to assist in the stabilization of the human trunk during quiet sitting 

[11,12]. Under postural disturbances commonly experienced in daily life – for example, when 

sitting on a bus – stabilizing the trunk has, however, larger compensational demands, calling for 

higher overall stimulation intensities that accelerate the onset of muscle fatigue [13]. In addition, 
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stabilizing the trunk during such dynamic sitting paradigms requires many relevant muscles to be 

contracted synergistically, adhering to well-defined spatial and temporal activation patterns. 

To reduce or prevent FES-induced muscle fatigue, low-intensity (open-loop) FES can be applied, 

which has already been suggested to facilitate fatigue-resistant static trunk stability by increasing 

overall trunk stiffness [12]. Such low-intensity FES could be paired with intermittent, kinematics-

based (closed-loop) FES that ensures dynamic trunk stability as needed for the completion of many 

ADLs. To define the required, kinematics-based spatial and temporal muscle activation patterns 

under the constraint of fatigue optimization, one approach is to mimic muscle activation patterns 

that non-disabled individuals use to regulate trunk stability. This, however, requires a more 

comprehensive understanding of the relation between (1) multi-directional motion of the trunk 

relative to the base of support; and (2) the associated muscle activity during non-impaired, dynamic 

sitting. 

Based on these considerations, the overall goal of this study was to obtain a more comprehensive, 

quantitative understanding of the muscle activation patterns in one type of dynamic sitting, i.e., 

unstable sitting as elicited via a wobble board paradigm. The specific objective was to quantify 

both the spatial and temporal relationships between (1) the angular kinematics of the wobble 

board-human system and (2) the trunk and upper leg muscle activity in unstable sitting. 

4.3 Methods 

4.3.1 Participants 

Fifteen non-disabled, young and male individuals were invited to participate in this study (age 25 

± 5.2 years; height 179.6 ± 6.7 cm; and weight 75.1 ± 13.0 kg; mean ± standard deviation). All 

participants reported no history of neurological or musculoskeletal impairments or pain, gait or 

balance difficulties, or use of a walking aid. All participants gave written informed consent to the 

experimental procedures, which were approved by the Health Research Ethics Board of the 

University of Alberta (Study ID: Pro00039437). 
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4.3.2 Experimental Procedures and Data Acquisition 

Participants were asked to sit on a custom-made wobble board (Figure 4.1A) with their sagittal 

plane aligned with the anterior-posterior axis of the wobble board as defined via four motion 

capture markers (Figure 4.1B). The wobble board, which is described elsewhere [235], was used 

to induce unstable sitting as elicited by its challenging postural environment. Hemispherical bases 

of different radii of curvature could be attached to the bottom of the sitting surface to allow for 

different levels of instability. For each participant, four 35 second trials were performed for each 

of two task conditions: (1) an easier base and eyes closed (B1EC; radius of curvature: 20 cm); and 

(2) a more difficult base and eyes open (B2EO; radius of curvature: 13 cm). We specifically 

included two task conditions to improve the validity of our findings, not to make comparisons 

across task conditions. To reduce potential learning effects, each participant performed one 60 

second practice trial for each task condition. A resting break of 30 seconds was given in between 

trials. 

Figure 4.1: Schematic of wobble board balancing (A); and aerial view of wobble board-human 

system (B), with the following markers attached: board front left (BFL), board back left (BBL), 
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board back right (BBR), and board front right (BFR). In (B), the orientation of the local coordinate 

system of the wobble board relative to the sagittal plane of the participant is shown. Specifically, 

the y axis of the wobble board (yw) was aligned with the sagittal plane of the participant. 

Bilateral surface electromyograms (EMG) were recorded from fourteen trunk and upper leg 

muscles [31,241,242]. In line with [31,241,242], Bagnoli 2-bar surface EMG electrodes (Delsys 

Inc., Natick, Massachusetts, USA) were placed on the: (1) rectus abdominis (RA), 3 cm lateral of 

the umbilicus, aligned vertically; (2) external oblique (ExO), 15 cm lateral of the umbilicus, 

aligned at 45 degrees off the vertical; (3) latissimus dorsi (LD), lateral of the ninth thoracic vertebra 

(T9) over the muscle belly; (4) thoracic erector spinae (TES), 5 cm lateral of T9, aligned vertically; 

(5) lumbar erector spinae (LES), 3 cm lateral of the third lumbar vertebra, aligned vertically; (6) 

rectus femoris (RF), at 50% on the line between the anterior superior iliac spine and the superior 

part of the patella, aligned in the direction of the long axis of the upper leg; and (7) biceps femoris 

(BF), at 50% on the line between the ischial tuberosity and the lateral epicondyle of the tibia, 

aligned in the direction of the long axis of the upper leg (see Appendix C for a complete electrode 

placement schematic). Two pooled reference electrodes (Dermatrode, Delsys Inc.) were placed on 

the left and right olecranon. Left and right body side muscles are denoted with L and R, respectively, 

preceding the muscle abbreviation (e.g., LRA for left rectus abdominis). EMG data were amplified 

using a 16-channel Bagnoli EMG system (Delsys Inc.) and digitized at 1,000 Hz using a PowerLab 

16/35 data acquisition system (ADInstruments, Sydney, Australia). 

To capture the motion of the trunk relative to the wobble board during the unstable sitting task, 

kinematic data of the trunk, pelvis, and wobble board were recorded at a sampling rate of 100 Hz 

using an eight-camera motion capture system (Eagle Digital Camera, Motion Analysis, Santa Rosa, 

California, USA). However, since our previous work revealed that the trunk remains relatively 

upright and stationary, and is stabilized via motion of the wobble board during balancing (see 

Chapter 3), subsequent analyses focused on the wobble board kinematics only. As mentioned 

before, four markers were placed on the wobble board: board front left, board back left, board back 

right, and board front right (Figure 4.1B). EMG and kinematic data were time-synchronized using 

an MLA92 Push Button Switch (ADInstruments). 
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4.3.3 Experimental Data Processing and Analysis 

After the recorded EMG time series were demeaned, rectified, and filtered using a zero phase-shift, 

fourth-order low-pass Butterworth filter with a cut-off frequency of 2.5 Hz [37], they were down-

sampled to 100 Hz to match the sampling rate of the kinematic time series. A 30-second segment 

was then isolated in the EMG and motion data for each trial, starting one second after the time 

stamp of the push button switch. Missing motion capture marker data of four or less consecutive 

frames [237] were recreated using spline interpolation [238] (note that, for all kinematic time series, 

the length of missing motion capture data was shorter than four frames). 

4.3.3.1 Angular Kinematics of the Wobble Board 

To obtain the angular kinematics of the wobble board relative to the global coordinate system 

(GCS) for each trial, the coordinate system of the wobble board (WCS) was defined using the raw 

data of the wobble board markers. The rotation matrix from GCS to WCS, Rw, was identified 

according to Robertson et al. [196]. The three-dimensional angles of the wobble board were 

extracted from Rw using a Cardan rotation sequence: anterior-posterior tilt (AP) – medial-lateral 

tilt (ML) – axial rotation (Rot) about the moving axes of WCS according to Craig [198]. Only AP 

and ML were used in subsequent analyses as the wobble board does not induce substantial 

perturbations in the axial rotation direction. The obtained kinematic time series were filtered using 

a zero phase-shift, fourth-order low-pass Butterworth filter with a cut-off frequency of 2.5 Hz [18]. 

Details on how the angular kinematics of the wobble board were obtained are provided in Appendix 

C. 

4.3.3.2 Cross-Correlation between Kinematics and EMG 

To quantify both the spatial and temporal relationships between the angular kinematics of the 

wobble board and the activity of the trunk and upper leg muscles, cross-correlation analysis was 

used. The following steps were taken: (1) for each direction of wobble board displacement (i.e., 

anterior or posterior for AP; left or right for ML), a 4-second window centered at each of the three 

largest values (for anterior or left) or smallest values (for posterior or right) in the kinematic time 

series (with no overlap between the three windows) was created; (2) time-matched, corresponding 

4-second windows were identified in a given muscle’s EMG time series; (3) each of these segments 

(i.e., the 4-second window in the kinematic time series and its time-matched 4-second window in 
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the EMG time series) was demeaned and cross-correlated; and (4) the three obtained cross-

correlation functions (CCFs) for each direction were averaged for each trial. CCFs were mirrored 

with respect to the time lag (τ) axis for the posterior and right directions so that positive and 

negative correlation coefficients (r) always imply direction-dependent muscle activation and 

deactivation, respectively. Cross-correlations were performed such that a negative time lag implies 

EMG preceding the kinematics. Correlation coefficients were normalized such that +1, 0, and −1 

represent perfect positive correlation, no correlation, and perfect negative correlation, respectively. 

The 4-second window length was chosen based on inspecting the kinematic time series’ mean 

magnitude spectra for each of the B1EC and B2EO conditions, with the meaningful frequency 

content found between 0 and 3 Hz for both. The number of windows per direction (3) was chosen 

based on trial and window length. 

To initially determine whether a positive correlation between a direction and muscle existed, mean 

CCFs across participants for each condition were analyzed. For a given direction-muscle pair, we 

assumed a positive correlation if, under at least one of the two task conditions, the maximum 

correlation coefficient, rmax, of the mean CCF across trials and participants was ≥ 0.15 – the 

threshold at which r is statistically different from zero (p < 0.01, N = 400) [243,244]. If a direction 

and muscle were positively correlated, we also included the correlation between that muscle and 

the opposite direction, assuming a negative correlation between them. 

For each positively (negatively) correlated pair and condition as determined with the mean, across-

participant CCFs (see above), trials that did not meet all of the following were considered outliers: 

(1) the maximum (minimum) correlation coefficient was statistically significant (see above); (2) 

the CCF profile had one distinct peak, i.e., correlation of a direction with only activation 

(deactivation) of a muscle; and (3) the time lag at the maximum (minimum) correlation coefficient 

was not greater in magnitude than 0.3 seconds [245] and had the same sign as that of the mean 

CCF before removing outliers. Once outliers were removed, the mean CCF profile as well as the 

maximum (minimum) correlation coefficient and corresponding time lag values across participants 

were obtained (mean ± standard deviation). Details on the experimental data analysis are provided 

in Appendix C. 

37 



  

  

            

           

             

        

             

         

 
         

              

            

          

    

4.4 Results 

In Figure 4.2, representative examples of corresponding ML (A) and LExO (B) time series are 

shown for the B2EO condition for a single participant. Shaded areas represent the 4-second 

windows centered at each of the three largest values (i.e., centered at 4.3, 14.3, and 23.5 seconds) 

in the left direction of ML (A) and their time-matched corresponding 4-second windows in LExO 

(B) that were cross-correlated. A visual inspection suggests that, since in all three windows ML 

and LExO move in the same direction, the pair may be positively correlated. 

Figure 4.2: Representative time series of corresponding medial-lateral tilt (ML) (A) and left 

external oblique activity (LExO) (B) for the Base 2 Eyes Open condition for a single participant. 

The gray shaded regions mark the 4-second windows centered at each of the three largest values 

in the left direction of ML (A) and their time-matched, corresponding 4-second windows in LExO 

(B) that were cross-correlated. 
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4.4.1 Anterior-Posterior Base of Support Displacements 

The cross-correlation results revealed that anterior and posterior were correlated with RA, ExO, 

TES, LES, RF, and BF. However, they were not correlated with LD. The activation and 

deactivation of RA and BF preceded anterior and posterior, respectively. Additionally, the 

activation and deactivation of ExO, TES, LES, and RF preceded posterior and anterior, 

respectively. Figure 4.3 depicts the mean CCFs across participants between the left body side 

muscles and anterior for the B1EC (dashed line) and B2EO (dotted line) conditions. Also shown 

are the mean CCFs across participants between the left body side muscles and posterior for the 

B1EC (dash-dot line) and B2EO (solid line) conditions. Mean CCFs for corresponding right body 

side muscles and anterior or posterior were found to be similar (see Appendix D). In Table 4.1, 

maximum or minimum correlation coefficient (rmax/min) and corresponding time lag (τmax/min) values 

(mean ± standard deviation) across participants for all anterior and posterior correlations under 

the B1EC and B2EO conditions are presented. Note that shaded and non-shaded entries for rmax/min 

indicate muscle activation and deactivation, respectively. 
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Figure 4.3: Mean cross-correlation functions across participants between left body side muscles 

and anterior for the Base 1 Eyes Closed (B1EC) (dashed line) and Base 2 Eyes Open (B2EO) 

(dotted line) conditions. Shown are also the mean cross-correlation functions across participants 

between left body side muscles and posterior for the B1EC (dash-dot line) and B2EO (solid line) 

conditions. Correlated muscles are: left rectus abdominis (LRA) (A), left external oblique (LExO) 

(B), left thoracic erector spinae (LTES) (C), left lumbar erector spinae (LLES) (D), left rectus 

femoris (LRF) (E), and left biceps femoris (LBF) (F). 
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Table 4.1: Maximum or minimum correlation coefficient (rmax/min) and corresponding time lag 

(τmax/min) values across participants. Shown are the values for anterior and posterior under the Base 

1 Eyes Closed (B1EC) and Base 2 Eyes Open (B2EO) conditions when correlated with the activity 

of the following muscles: rectus abdominis (RA), external oblique (ExO), thoracic erector spinae 

(TES), lumbar erector spinae (LES), rectus femoris (RF), and biceps femoris (BF). Left and right 

body side muscles are denoted with L and R, respectively, preceding the muscle abbreviation. 

Shaded and non-shaded entries for rmax/min indicate muscle activation and deactivation, 

respectively. Since τmax/min was negative for all correlations, muscle activation and deactivation 

always preceded wobble board displacement. All values are presented as mean ± standard 

deviation (presented variability is inter-participant). 

Anterior Posterior 

B1EC B2EO B1EC B2EO 

Muscle rmax/min τmax/min [s] rmax/min τmax/min [s] rmax/min τmax/min [s] rmax/min τmax/min [s] 

RRA 0.40 ± 0.08 −0.17 ± 0.03 0.49 ± 0.13 −0.17 ± 0.04 −0.33 ± 0.09 −0.14 ± 0.04 −0.37 ± 0.10 −0.12 ± 0.06 

LRA 0.38 ± 0.13 −0.15 ± 0.03 0.46 ± 0.12 −0.18 ± 0.04 −0.32 ± 0.08 −0.14 ± 0.06 −0.40 ± 0.11 −0.16 ± 0.05 

RExO −0.41 ± 0.11 −0.22 ± 0.09 −0.42 ± 0.10 −0.17 ± 0.10 0.38 ± 0.10 −0.21 ± 0.09 0.50 ± 0.14 −0.20 ± 0.04 

LExO −0.43 ± 0.13 −0.20 ± 0.07 −0.41 ± 0.16 −0.18 ± 0.02 0.41 ± 0.11 −0.23 ± 0.03 0.46 ± 0.14 −0.15 ± 0.10 

RTES −0.33 ± 0.09 −0.16 ± 0.06 −0.37 ± 0.10 −0.15 ± 0.09 0.38 ± 0.09 −0.18 ± 0.05 0.37 ± 0.11 −0.18 ± 0.08 

LTES −0.35 ± 0.07 −0.16 ± 0.09 −0.39 ± 0.13 −0.23 ± 0.06 0.35 ± 0.08 −0.20 ± 0.07 0.41 ± 0.11 −0.17 ± 0.08 

RLES −0.34 ± 0.09 −0.21 ± 0.08 −0.34 ± 0.07 −0.16 ± 0.06 0.36 ± 0.09 −0.19 ± 0.06 0.39 ± 0.12 −0.13 ± 0.09 

LLES −0.39 ± 0.14 −0.15 ± 0.10 −0.39 ± 0.11 −0.13 ± 0.08 0.37 ± 0.11 −0.15 ± 0.08 0.38 ± 0.12 −0.17 ± 0.07 

RRF −0.48 ± 0.09 −0.16 ± 0.08 −0.49 ± 0.11 −0.15 ± 0.08 0.49 ± 0.14 −0.20 ± 0.07 0.58 ± 0.09 −0.15 ± 0.08 

LRF −0.47 ± 0.14 −0.15 ± 0.09 −0.50 ± 0.07 −0.14 ± 0.09 0.53 ± 0.11 −0.17 ± 0.06 0.54 ± 0.11 −0.16 ± 0.06 

RBF 0.57 ± 0.10 −0.18 ± 0.06 0.52 ± 0.11 −0.17 ± 0.04 −0.53 ± 0.12 −0.19 ± 0.06 −0.44 ± 0.13 −0.18 ± 0.08 

LBF 0.56 ± 0.09 −0.17 ± 0.06 0.56 ± 0.09 −0.17 ± 0.05 −0.53 ± 0.13 −0.18 ± 0.08 −0.52 ± 0.11 −0.17 ± 0.07 

4.4.2 Medial-Lateral Base of Support Displacements 

The cross-correlation results revealed that left and right were correlated with RA, ExO, TES, and 

BF. However, they were not correlated with LD, LES, and RF. The activation and deactivation of 

LRA, LExO, LTES, and LBF preceded left and right, respectively. Additionally, the activation and 

deactivation of RRA, RExO, RTES, and RBF preceded right and left, respectively. Figure 4.4 

depicts mean CCFs across participants between the left body side muscles and left for the B1EC 
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(dashed line) and B2EO (dotted line) conditions. Also shown are the mean CCFs across 

participants between the left body side muscles and right for the B1EC (dash-dot line) and B2EO 

(solid line) conditions. Mean CCFs for corresponding right body side muscles and left or right 

were found to be similar, but expectedly mirrored with respect to the time lag (τ) axis (see Appendix 

D). In Table 4.2, rmax/min and corresponding τmax/min values (mean ± standard deviation) across 

participants for all left and right correlations under the B1EC and B2EO conditions are presented. 

Note that shaded and non-shaded entries for rmax/min again indicate muscle activation and 

deactivation, respectively. 

Figure 4.4: Mean cross-correlation functions across participants between left body side muscles 

and left for the Base 1 Eyes Closed (B1EC) (dashed line) and Base 2 Eyes Open (B2EO) (dotted 

line) conditions. Shown are also the mean cross-correlation functions across participants between 

left body side muscles and right for the B1EC (dash-dot line) and B2EO (solid line) conditions. 
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Correlated muscles are: left rectus abdominis (LRA) (A), left external oblique (LExO) (B), left 

thoracic erector spinae (LTES) (C), and left biceps femoris (LBF) (D). 

Table 4.2: Maximum or minimum correlation coefficient (rmax/min) and corresponding time lag 

(τmax/min) values across participants. Shown are the values for left and right under the Base 1 Eyes 

Closed (B1EC) and Base 2 Eyes Open (B2EO) conditions when correlated with the activity of the 

following muscles: rectus abdominis (RA), external oblique (ExO), thoracic erector spinae (TES), 

and biceps femoris (BF). Left and right body side muscles are denoted with L and R, respectively, 

preceding the muscle abbreviation. Shaded and non-shaded entries for rmax/min indicate muscle 

activation and deactivation, respectively. Since τmax/min was negative for all correlations, muscle 

activation and deactivation always preceded wobble board displacement. All values are presented 

as mean ± standard deviation (presented variability is inter-participant). 

Left Right 

B1EC B2EO B1EC B2EO 

Muscle rmax/min τmax/min [s] rmax/min τmax/min [s] rmax/min τmax/min [s] rmax/min τmax/min [s] 

RRA −0.34 ± 0.10 −0.11 ± 0.11 −0.35 ± 0.09 −0.11 ± 0.09 0.34 ± 0.05 −0.16 ± 0.10 0.43 ± 0.14 −0.15 ± 0.06 

LRA 0.43 ± 0.12 −0.13 ± 0.06 0.43 ± 0.14 −0.16 ± 0.07 −0.32 ± 0.06 −0.13 ± 0.10 −0.36 ± 0.06 −0.13 ± 0.11 

RExO −0.48 ± 0.11 −0.16 ± 0.05 −0.53 ± 0.11 −0.17 ± 0.06 0.51 ± 0.14 −0.14 ± 0.05 0.63 ± 0.11 −0.16 ± 0.03 

LExO 0.50 ± 0.14 −0.18 ± 0.06 0.62 ± 0.12 −0.17 ± 0.04 −0.44 ± 0.12 −0.17 ± 0.05 −0.59 ± 0.12 −0.15 ± 0.06 

RTES −0.30 ± 0.08 −0.15 ± 0.09 −0.43 ± 0.16 −0.19 ± 0.06 0.35 ± 0.13 −0.20 ± 0.07 0.44 ± 0.06 −0.19 ± 0.05 

LTES 0.30 ± 0.07 −0.15 ± 0.10 0.42 ± 0.15 −0.22 ± 0.05 −0.33 ± 0.04 −0.18 ± 0.08 −0.41 ± 0.09 −0.14 ± 0.07 

RBF −0.32 ± 0.06 −0.14 ± 0.07 −0.42 ± 0.13 −0.15 ± 0.10 0.36 ± 0.14 −0.15 ± 0.08 0.44 ± 0.13 −0.11 ± 0.07 

LBF 0.38 ± 0.09 −0.19 ± 0.09 0.45 ± 0.10 −0.18 ± 0.06 −0.39 ± 0.11 −0.15 ± 0.08 −0.38 ± 0.06 −0.12 ± 0.09 

4.5 Discussion 

The purpose of this study was to obtain a more comprehensive, quantitative understanding of the 

muscle activation patterns in unstable sitting, with the goal of using gained insights in closed-loop 
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FES applications. In what follows, we discuss the muscle activation patterns’ spatial and temporal 

characteristics in the context of potentially underlying control mechanisms. 

4.5.1 Presence of Active Control in Unstable Sitting 

Our results show that wobble board displacement is correlated with direction-specific activation 

of trunk and upper leg muscles. Previous studies have shown that, for quiet sitting and small 

perturbations, tonic muscle activation may be sufficient to stabilize the trunk [24,31]; however, 

larger, transient perturbations require direction-specific, neurally-driven, phasic muscle activation 

to maintain trunk stability [31,32]. Our findings in unstable sitting agree with those in perturbed 

sitting as they show that phasic muscle activation is required to stabilize the trunk. Since the trunk 

is relatively upright and stationary during unstable sitting (see Chapter 3), it may be argued that 

wobble board displacement could activate the trunk and upper leg muscles via stretch reflex 

responses. However, for this to be true, wobble board displacement would necessarily need to 

precede stretch-induced muscle activation [246]. Since muscle activation preceded wobble board 

displacement for all direction-muscle pairs and conditions (Tables 4.1 and 4.2), it is not attributable 

to stretch reflex responses. Instead, the observed phasic activation is indicative of neurally-driven 

active control that originates in the central nervous system. It should be emphasized that passive 

control due to intrinsic mechanical properties of the spine, muscles, and connective tissue most 

certainly contributes to stabilization as well; nevertheless, our results suggest that active control 

plays a key role in maintaining stability during unstable sitting. 

4.5.2 Preceding Muscle Activation and Compensation of Torque Generation 

Time Delay 

In addition to suggesting that active control is present during unstable sitting, our finding that the 

trunk and upper leg muscles are activated prior to wobble board displacement agrees with similar 

results in upright standing where ankle extensor activity precedes body sway. More specifically, 

such work has shown that the central nervous system uses the position and velocity information of 

the body to activate the stabilizing muscles in a preceding manner, in spite of significant 

sensorimotor time delays [245,247]. Accordingly, our results may suggest that, during unstable 

sitting, the central nervous system uses the position and velocity information of the body – or its 

interaction with the base of support (see Chapter 3) – to activate the muscles prior to wobble board 
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displacement. Similar to previous work in standing [248], the preceding activation of the muscles 

may be used to compensate for the torque generation time delay, i.e., the time it takes to generate 

a stabilizing moment after respective motor command has reached the muscle. In fact, the 

preceding time of muscle activation in our study (approximately 110 to 230 ms) is of similar 

duration as previously reported torque-generation time delays for joints whose moments can be 

experimentally measured (e.g., Masani et al., 2008). The presence of preceding muscle activation, 

as in our study, ensures a timely application of the moment at the wobble board-human interface 

to counter wobble board displacement. 

4.5.3 Direction-Specific Muscle Activation and Stiffness Control 

Our findings strongly suggest the existence of neurally-driven, direction-specific activation of 

trunk and upper leg muscles during unstable sitting. Previous studies have shown that, for both 

perturbed sitting [31,112,146,149] and standing [146], the trunk muscle response depends on the 

perturbation direction. Our findings in unstable sitting agree with those in perturbed sitting and 

standing as they show that neurally-driven, direction-specific activation is required to stabilize the 

trunk. Moreover, the contribution of each activated muscle to the stabilizing moment suggests that 

the CNS employs stiffness control in the AP but not the ML directions (see below). 

For anterior, the activation of RA produces a posterior (stabilizing) moment at the wobble board-

human interface, since the trunk can be assumed to be comparably upright during unstable sitting 

(see Chapter 3); and the activation of BF produces an anterior (destabilizing) moment. We 

speculate that the moment produced by RA is larger than the one produced by BF, resulting in a 

net posterior (stabilizing) moment. Furthermore, the concurrent activation of RA and BF results in 

higher stiffness at the wobble board-human interface than if only RA was activated. This suggests 

that the CNS employs stiffness control in the anterior direction, which could be to attain the 

accuracy in regulating the motion of the wobble board necessary to achieve stability [249]. 

For posterior, the activation of ExO or RF produces a posterior (destabilizing) moment; and the 

activation of ES produces an anterior (stabilizing) moment. We speculate that the moment 

produced by ES is larger than the one produced by ExO and RF, resulting in a net anterior 

(stabilizing) moment. Furthermore, the activation of ExO, ES, and RF results in higher stiffness at 
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the wobble board-human interface than if only ES was activated. This suggests, again, that the 

CNS employs stiffness control in the posterior direction. 

For left, the activation of LRA, LExO, LTES, or LBF produces a right moment, and the net moment 

is therefore a right (stabilizing) moment. Similarly, for right, the net moment is a left (stabilizing) 

moment. Unlike for the AP directions, our results do not suggest stiffness control in the ML 

directions. Reasons for this may include: (1) the activation of other muscles that could produce 

destabilizing moments in the ML directions did not result in sufficiently strong correlations with 

wobble board displacement; (2) the muscle(s) that could exhibit such behavior were not studied; 

and/or (3) the CNS does not employ stiffness control in the ML directions, which could be 

explained by intrinsic trunk stiffness being largest and smallest in the ML and AP directions, 

respectively [24]. In other words, intrinsic ML stiffness at the wobble board-human interface may 

be large enough for not requiring CNS stiffness control, resulting in motion-resisting activation of 

the RA, ExO, TES, and BF muscles only. 

4.5.4 Conclusions and Future Directions 

This study quantified the spatial and temporal relation of the angular kinematics of the wobble 

board and the trunk and upper leg muscle activity in unstable sitting. The wobble board-human 

system was stabilized through direction-specific activation of the muscles that preceded wobble 

board displacement. Direction-specific activation suggests the presence of active control, and 

preceding activation could be present to compensate for sensorimotor delays. Furthermore, our 

results suggest that the CNS employed stiffness control in the AP but not the ML directions. When 

developing a closed-loop FES system for unstable sitting, additional work is needed to quantify 

the muscle activation patterns directly from the observed kinematics. One approach could be to 

identify whether a model with feedback gains on wobble board displacement, velocity, and 

acceleration can predict EMG from wobble board kinematics, particularly for the positively 

correlated direction-muscle pairs identified in the present study. Note that a similar approach has 

recently been found to be successful for perturbed sitting [112]. Previous studies have additionally 

shown that the CNS employs synergistic muscle control during perturbed sitting [250]. Future 

work could therefore explore if such synergistic control is present during unstable sitting, as it 

could allow for simplified intermittent FES by reducing the number of required FES channels. 
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5 

Chapter 5 

Removing Force Plate Inertial Components from Any 

Instrumented Platform 

The material presented in this chapter has been published in the article: 

Roberts BWR, Hall JC, Williams AD, Rouhani H, Vette AH. A method to estimate inertial 

properties and force plate inertial components for instrumented platforms. Medical Engineering 

& Physics 2019;66:96–101. 

The content of this chapter is identical to the material presented in the publication except for the 

text formatting which was done according to University of Alberta requirements. Parts of this work 

have also been presented at scientific conferences including The XXVII Congress of the 

International Society of Biomechanics, in conjunction with The 43rd Annual Meeting of the 

American Society of Biomechanics, held on July 31 to August 4, 2019, in Calgary, Canada. 

5.1 Abstract 

Kinetic data acquired from force plates embedded in moving platforms naturally contain artifacts 

due to platform acceleration, called force plate inertial components. While they can be estimated 

and removed from the measured signals, the system’s inertial properties need to be known. Our 

objective was to: (1) develop a method for estimating the inertial properties and force plate inertial 

components for any instrumented platform; (2) estimate the inertial properties specifically for the 

Computer-Assisted Rehabilitation Environment (CAREN); and (3) validate the estimates with new 

experimental data. Unloaded ramp-and-hold perturbations (for estimation) and unloaded random 

perturbations (for validation) were executed to obtain the force, moment, and motion of the 

CAREN platform. Inertial properties were estimated by minimizing the error between the 

measured and computed inertial forces and moments. Obtained estimates were validated by 
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calculating the coefficient of determination (R2) between the measured and computed forces or 

moments when keeping the inertial properties fixed. The estimates of the CAREN’s inertial 

properties exhibited low variability across trials, and R2 for the validation trials was 0.90±0.08 

(mean±standard deviation). The developed method can be used for removing inertial components 

from force plate signals, yielding reliable estimates of ground reactions in dynamic biomechanical 

research and clinical assessments. 

5.2 Introduction 

The primary objective of human postural control is to maintain the body in a stable, upright 

position. While this task appears to be simple, it is accomplished by a complex process that takes 

advantage of previous experience (feed-forward control) [251,252] and seamless integration of 

sensory information (feedback control) [252–254]. Although the principles of postural control are 

generally understood, current efforts aim to shed light on the specific neurophysiological 

mechanisms the central nervous system applies to accomplish this task. Such mechanistic 

understanding is critical for clinicians seeking to identify balance deficits and optimize treatment 

in patient populations. 

Postural perturbations displacing the body’s center of mass (CoM) are commonly used to study 

the control of posture [253,255]. One of the most common forms of perturbations used in 

fundamental investigations is to disturb the support surface on which an individual is standing. 

Movement of the support surface, either through translation or rotation, displaces the base of 

support relative to the CoM, thus necessitating a neuromuscular reaction to reposition the CoM 

over the displaced base of support [253]. This is accomplished by means of timely, stabilizing 

moments that are globally reflected in the body’s center of pressure fluctuation. Using an 

instrumented platform – defined as a moving platform embedding a single or multiple force plates 

– the trajectory of the center of pressure may be recorded and used to characterize postural stability 

and control, referred to as dynamic posturography. Depending on the application, different 

perturbation profiles are available, including ramp-and-hold, impulse, sinusoidal, or randomized 

profiles [256]. 
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The need for an instrumented platform implies that studies involving dynamic posturography 

require complex and costly equipment. While multiple options are available [257–263], many of 

these systems are restricted to translations along, or rotations about, a finite set of principle axes 

[257]. However, one system in particular, the extended Computer-Assisted Rehabilitation 

Environment (CAREN; Motek Medical, Amsterdam, The Netherlands), employs a hydraulically 

actuated instrumented platform capable of delivering 6-degree of freedom perturbations. In 

addition, it includes: a 180-degree projection screen; a surround-sound audio system; a 12-camera 

motion capture system; and a dual-belt treadmill mounted above two force plates. With all of these 

features available, the CAREN seems optimal for all types of fundamental and rehabilitation 

research, including dynamic posturography. Unfortunately, such use is not always realistic as 

having the force plates embedded within the platform renders the data unreliable: in moving the 

force plates, the acquired forces and moments will contain components due to accelerating the 

total mass resting on the force plates’ transducers, termed force plate inertial components (FPIC) 

[20]. Therefore, the CAREN’s platform-embedded force plates can only be used to reliably 

measure kinetic data when the platform is stationary – as there is currently no accepted method to 

remove FPIC from CAREN force plate data [264,265]. This is, however, a problem not only for 

the force plates of the CAREN, but of any moving platform. 

To solve the FPIC issue, Preuss et al. [20] introduced a method to isolate and reduce the effect of 

these components using motion capture and inverse dynamics. In tracking the moving base, they 

used the obtained position data along with the inertial properties of the platform (mass, moment 

of inertia, and position of platform’s CoM relative to the force plate’s transducers) to estimate the 

FPIC. A comparison between the predicted and acquired force plate signals validated the use of 

motion capture and inverse dynamics to reliably reduce FPIC from force plate data collected under 

dynamic conditions. Other potential methods to remove FPIC use accelerometers instead of motion 

capture [266,267]. Given that the CAREN is already equipped with a motion capture system, the 

approach outlined by Preuss et al. [20] offers the most suitable option to estimate and remove FPIC. 

The fundamental drawback of this method is, however, that it requires knowledge of the inertial 

properties of the platform. In addition, the assumption of symmetry suggests that the CoM lies 

directly above the average force plate transducer location, which further limits the method’s 

application. 

50 



  

 

            

            

            

             

            

                

          

         

         

  

    

           

          

             

           

          
  

	    
 

              

             

             

       

               

             

            

            

Oftentimes, for systems such as the CAREN, the inertial properties may be unknown, or vary 

between models. In addition, it is possible that the FPIC are affected by secondary components 

integrated into a given system (e.g., the treadmill in the CAREN). With that in mind, it is essential 

that a method be derived allowing users of the CAREN, or similar instrumented platforms, to 

estimate the inertial properties specific to their system, with the ultimate goal of removing the 

FPIC from the force plate measurements. The purpose of this study was therefore to: (1) outline a 

simple method for estimating the inertial properties and force plate inertial components for any 

instrumented platform; (2) estimate those properties specifically for the CAREN extended system; 

and (3) validate the obtained estimates via new experimental data. 

5.3 Methods 

5.3.1 Force Plate Signals 

Force plate signals obtained during studies of dynamic posturography are a combination of ground 

reactions (applied to the force plate by the perturbed human) and inertial components (created by 

both motion and gravity of the platform). Therefore, the measured force plate force, F//⃗ , and 

moment, M///⃗ , expressed in the platform coordinate system (PCS) provided in Figure 5.1, are: 

F///⃗ = F//⃗ GR + F//⃗ I 
(5.1) 

M///⃗  = M///⃗ GR + M///⃗ I 

where F//⃗ GR and M///⃗ GR are the ground reaction force and moment, respectively; and F//⃗ I and M///⃗ I are 

the inertial force and moment, respectively. Note that the force plate signals are assumed to be 

zeroed when the platform is in its starting orientation. The components of the inertial force are: 
FIx ax 0 0 

T1FIy2 = m ' ay( + Rxyz 'mg( – 'mg( (5.2) 
FIz 

az 0 0 

where m is the mass resting on the force plate transducers; ax, ay, and az are the components of the 

linear acceleration of the platform’s CoM, a/⃗ , expressed in PCS; Rxyz is the rotation matrix capturing 

the orientation of PCS relative to the global coordinate system (GCS) provided in Figure 5.1; and 

g is the acceleration due to gravity. The components of the inertial moment are: 
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MIx = Ixαx + dyFIz – dzFIy 

MIy = Iyαy – dxFIz + dzFIx (5.3) 

MIz = Izαz + dxFIy – dyFIx 

where Ix, Iy, and Iz are the principal components of the moment of inertia, �⃗, of the mass resting on 

the force plate transducers; αx, αy, and αz are the components of the angular acceleration, α/⃗ , of the 

platform; and dx, dy, and dz are the components of the position, d/⃗ , of the CoM relative to the average 

force plate transducer location. Note that �⃗, α/⃗ , and d/⃗  are expressed in PCS. Detailed derivations of 

the components of F//⃗ I and M///⃗ I and of the PCS are provided in Appendix E1 and E2, respectively. 

Figure 5.1: The orientations of the CAREN platform in its starting orientation relative to the global 

coordinate system (GCS); and of the platform coordinate system (PCS) relative to the CAREN 

platform. Three markers (M1, M2, and M3) were placed on the platform to define PCS, with M1 

and M2 forming a line parallel to the x axis. 
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5.3.2 Experimental Procedure and Data Acquisition 

To estimate the inertial properties m, I⃗, and d/⃗  of the CAREN (see Section 5.3.3.2), two unloaded 

estimation trials (i.e., without a human user) were executed. Both estimation trials had ramp-and-

hold perturbation profiles. The first estimation trial consisted of translations in the positive 

direction of each of the x, y, and z axes (Figure 5.1) followed by a return to the starting position. 

Translations from the starting position to maximum displacement, and vice versa, were 12 cm in 

0.5 seconds, with a 3 second hold of maximum displacement [268–271]. Five translations were 

performed for each axis, for a total of fifteen translations. The second estimation trial consisted of 

positive rotations about each of the x, y, and z axes (Figure 5.1) followed by a return to the starting 

orientation. Rotations from the starting orientation to maximum angular displacement, and vice 

versa, were 7.5 degrees in 0.5 seconds, with a 3 second hold of maximum angular displacement 

[272–274]. Five rotations were performed for each axis, for a total of fifteen rotations. 

To validate the estimated inertial properties (see Section 5.3.3.3), two unloaded validation trials 

were executed. Both validation trials had random perturbation profiles. The first validation trial 

consisted of random translations [265,275–277] along each of the x, y, and z axes (Figure 5.1). 

Five 10 second translations were performed for each axis, for a total of fifteen translations. The 

second validation trial consisted of random rotations [265,275–277] about each of the x, y, and z 

axes (Figure 5.1). Five 10 second rotations were performed for each axis, for a total of fifteen 

rotations. Different perturbation profiles were used across the three translation (rotation) axes, but 

the same perturbation profile was used for all five translations (rotations) of a given axis. 

Force and moment data were recorded at a sampling frequency of 1,000 Hz [264,265] using two 

force plates (Bertec Corporation, Columbus, USA) embedded within the treadmill of the CAREN. 

Raw force plate data were down-sampled to 100 Hz and filtered using a fourth-order, zero phase-

shift, low-pass Butterworth filter with a cut-off frequency of 5 Hz [264,265]. Platform motion data 

were recorded at 100 Hz [264,265] using a 12-camera motion capture system (MX T20S, Vicon 

Inc., Oxford, UK). Three markers (M1, M2, and M3) were placed on the platform, with M1 and 

M2 defining a line parallel to the x axis (Figure 5.1). Raw marker data were filtered using a second-

order, zero phase-shift, low-pass Butterworth filter with a cut-off frequency of 4 Hz [264,265]. 

Note that raw force plate and marker data were expressed in PCS and GCS, respectively. 
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5.3.3 Experimental Data Analysis 

5.3.3.1 Platform Kinematics 

The position of the platform was calculated as the average of M1, M2, and M3. The linear 

acceleration of the platform, expressed in GCS, was then calculated from the position of the 

platform using finite difference equations [199]. Finally, the linear acceleration of the platform, a/⃗ , 

expressed in PCS, was calculated using its representation in GCS and Rxyz. The platform angles θx, 

θy, and θz were calculated from Rxyz using the Cardan xyz sequence [198]. The angular acceleration 

of the platform was then calculated from the angular displacement of the platform using finite 

difference equations [199]. Equations for a/⃗ , Rxyz, and the Cardan xyz sequence are provided in 

Appendix E3. 

5.3.3.2 Estimation of Inertial Properties 

Referring to Eq. (5.1), since the platform was unloaded (i.e., F//⃗ GR = M///⃗ GR = 0 ) for both the 

estimation and validation trials, F//⃗  = F//⃗ I and M////⃗ = M///⃗ I . The inertial properties were therefore 

estimated by finding the values that minimized the sum of squared errors (SSE) between the force 

and moment recorded in the estimation trials and the computed, reduced inertial force and moment, 

respectively. Specifically, m and d/⃗  were estimated from the translation, and I⃗ from the rotation trial 

data. The reduced inertial force and moment equations were derived from Eqs. (2) and (3) by 

setting variables to zero that were theoretically zero (e.g., ay = 0 for x translations) and replacing 

F//⃗ I components with corresponding F//⃗  components in M///⃗ I . Detailed derivations of the reduced 

inertial force and moment in unloaded platform translations and rotations are provided in Appendix 

E4 and E5, respectively. 

For x translations, the SSE expressions that were minimized are: 
N 

SSEFx (m) = 4[Fx(i) – max(i)]2 

i = 1 
(5.4) 

N 

SSEMy 
(dz) = 47My(i) – dzFx(i)8

2 

i = 1 
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N 

SSEMz !dy$ = 47Mz(i) + dyFx(i)8
2 

i = 1 

where N is the total number of samples per translation (excluding hold time). Estimates of m, dy, 

and dz (bold in Eq. (5.4)) were obtained for each x translation, for a total of five estimates of each. 

The SSE expressions for y and z translations are similar. Note that m, dx, and dz estimates were 

obtained from y translations, and m, dx, and dy estimates were obtained from z translations. Overall 

m and d/⃗  values (mean ± standard deviation) were calculated from the estimates from all 

translations. 

For x rotations, the SSE expression that was minimized is: 
N 

2 
SSEMx(Ix) = 49Mx(i) – :Ixαx(i) + dyFz(i) – dzFy(i);< (5.5) 

i = 1 

where N is as before, but for rotations, and dy and dz are mean estimates identified earlier. An 

estimate of Ix (bold in Eq. (5.5)) was obtained for each x rotation, for a total of five estimates. The 

SSE expressions for y and z rotations are similar. Note that Iy and Iz estimates were obtained from 

y and z rotations, respectively. Overall I⃗ values (mean ± standard deviation) were calculated from 

the estimates from all rotations. 

SSE expressions were minimized using the function fminsearch in MATLAB (version R2017a, 

MathWorks, Natick, United States). A complete set of SSE expressions is provided in Appendix 

E6. 

5.3.3.3 Validation of Estimated Inertial Properties 

The mean estimates of the inertial properties and the equations for the inertial components were 

validated by calculating, for all estimation and validation data, the coefficient of determination 

(R2) between the measured and computed force or moment. Overall R2 values (mean ± standard 

deviation) were reported for estimation and validation trials separately. 
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5.4 Results 

5.4.1 Inertial Properties of the CAREN Extended System 

Figure 5.2 depicts representative time series of the linear displacement (A) and acceleration (C) of 

the unloaded CAREN platform, along with the measured force Fx (B) and moment Mz (D), for a 

ramp-and-hold x translation in an estimation trial. The 0.5 second intervals of the translation used 

to estimate m and dy are marked with bold lines. It can be clearly seen that the measured force Fx 

and moment Mz are affected by the motion of the platform. 

Figure 5.2: Representative platform motion and corresponding force plate time series for a ramp-

and-hold x translation in an estimation trial. A and C: Linear displacement and acceleration of the 

platform; B and D: Corresponding measured force Fx and moment Mz. Bold lines mark the 0.5 

second intervals of the translation used to estimate the mass resting on the force plate transducers, 

m, and the y component of the position of the center of mass relative to the average force plate 

transducer location, dy. Estimates of m and dy obtained from the translation are shown. 
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In Table 5.1, the estimated inertial properties of the CAREN are presented (mean ± standard 

deviation). Listed are the values calculated for each axis (from five estimates for translations and 

five estimates for rotations) and across all movements. The overall value for dx (0.0 ± 0.3 cm) 

indicates that the CAREN platform is symmetrical with respect to its yz plane. 

Table 5.1: Estimated inertial properties of the CAREN extended system. Listed are the values 

calculated for each axis (from five estimates for translations and five estimates for rotations) and 

across all movements. All values are presented as mean ± standard deviation. 

Axis 
m [kg] dx [cm] 

Inertial Property 

dy [cm] dz [cm] Ix [kg m2] Iy [kg m2] Iz [kg m2] 
x 362.3 ± 0.1 - −10.5 ± 0.1 −8.3 ± 0.1 139.5 ± 2.5 - -

y 356.3 ± 1.0 −0.2 ± 0.0 - −13.3 ± 0.2 - 165.1 ± 1.2 -

z 351.0 ± 0.6 0.3 ± 0.1 −6.9 ± 0.3 - - - 46.3 ± 0.2 

Overall 356.5 ± 4.8 0.0 ± 0.3 −8.7 ± 2.0 −10.8 ± 2.6 139.5 ± 2.5 165.1 ± 1.2 46.3 ± 0.2 

5.4.2 Validation of Computed Inertial Force and Moment 

Figure 5.3A and B depict representative time series of the linear displacement of the CAREN 

platform and the measured force Fx (black line), respectively, for a random x translation in a 

validation trial. Figure 5.3C and D depict representative time series of the platform angle θx and 

the measured moment Mx (black line), respectively, for a random x rotation in a validation trial. In 

Figure 5.3B and D, the measured force Fx and moment Mx are compared to the computed force FIx 

and moment MIx (gray lines), respectively. A visual inspection and respective R2 values for the 

translation (R2 = 0.94) and rotation (R2 = 0.96) suggest the ability of Eq. (5.2) and (5.3) to estimate 

the inertial force and moment in CAREN force plate signals. 
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Figure 5.3: Representative platform motion and corresponding force plate time series for a random 

x translation (A and B) and rotation (C and D) in the validation trials. A and B: Linear displacement 

of the platform, x, and comparison between the x component of the corresponding measured force 

(black) and the computed inertial force (gray). The coefficient of determination, R2, between the 

forces was R2 = 0.94. C and D: Platform angle about the x axis, θx, and comparison between the x 

component of the corresponding measured moment (black) and the computed inertial moment 

(gray). The coefficient of determination between the moments was R2 = 0.96. 

In Table 5.2, overall R2 values (mean ± standard deviation) for estimation and validation trials are 

presented. Also presented are values calculated from the five R2 values from each translation or 

rotation, for each component of the measured force and moment. The overall R2 value for the 

validation trials (0.90 ± 0.08) confirms that the mean estimates of the inertial properties, together 

with Eq. (5.2) and (5.3), can predict the inertial force and moment in CAREN force plate signals. 
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Table 5.2: Coefficient of determination (R2) values between the measured force and moment and 

the computed inertial force and moment, respectively. Shown are overall R2 values for estimation 

(ramp-and-hold) and validation (random) trials. Also shown are values calculated from the five R2 

values from each translation or rotation, for each component of the measured force and moment. 

All values are presented as mean ± standard deviation. 

Axis 
Coefficient of Determination (R2) 

Fx Fy Fz Mx My Mz 

s. x 0.98 ± 0.00 - - - 0.94 ± 0.02 0.94 ± 0.01 

H
o

-
ld

Tr
an y - 0.98 ± 0.00 - 0.90 ± 0.01 - -

z - - 0.98 ± 0.00 0.89 ± 0.03 - -

Ra
m

p-
an

d

Ro
t. 

x - - - 0.98 ± 0.00 - -
y - - - - 0.99 ± 0.00 -
z - - - - - 0.99 ± 0.00 

s. x 0.94 ± 0.00 - - - 0.87 ± 0.01 0.88 ± 0.01 

Tr
an y - 0.96 ± 0.00 - 0.85 ± 0.01 - -

m z - - 0.94 ± 0.00 0.70 ± 0.03 - -

Ra
nd

o

Ro
t. 

x - - - 0.96 ± 0.00 - -
y - - - - 0.96 ± 0.00 -
z - - - - - 0.96 ± 0.00 
Overall ramp-and-hold: 0.96 ± 0.04; Overall random: 0.90 ± 0.08 

5.5 Discussion 

The objectives of the present study were to develop a method for estimating the inertial properties 

and FPIC for any instrumented platform, and to estimate and validate the inertial properties 

specifically for the CAREN. Low variability of the estimated inertial properties for the CAREN 

(see Table 5.1) and excellent agreement between the measured and computed force or moment (see 

Figure 5.3 and Table 5.2) confirm the adequacy of the developed method to meet our objectives. 

It can be used for removing inertial components from force plate signals, yielding reliable 

estimates of ground reactions in biomechanical research and clinical assessments. In what follows, 

we recommend a simplified experimental procedure and assumptions for d/⃗  for symmetrical 

platforms, discuss alternative SSE expressions, and elaborate on how overall R2 values were 
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calculated. 

5.5.1 Simplified Procedure and Considerations for Symmetrical Platforms 

Based on an inspection of the variability of the CAREN inertial property values presented in Table 

5.1, a simplified experimental procedure is recommended. Specifically, in the estimation trial used 

to estimate m and d/⃗  (translations), we recommend that only one translation be performed for each 

axis, for a total of three translations. Additionally, in the estimation trial used to estimate I⃗ 

(rotations), we recommend that only one rotation be performed for each axis, for a total of three 

rotations. 

For platforms that are known to be symmetrical with respect to only one of their xy and yz planes 

(i.e., partial symmetry), we recommend dz be assumed zero (for xy plane symmetry) or dx be 

assumed zero (for yz plane symmetry) and not calculated from acquired force, moment, and 

platform motion data. Since the CAREN extended system is symmetrical with respect to its yz 

plane, we recommend that, for this system, dx be assumed zero. For platforms that are known to 

be symmetrical with respect to both their xy and yz planes (i.e., full symmetry), we recommend 

both dx and dz be assumed zero. Note that the method to estimate and remove FPIC introduced by 

Preuss et al. [20] assumes full symmetry and should therefore not be applied if the platform does 

not possess full symmetry. However, if the platform is known to possess full symmetry, their 

method to estimate and remove FPIC is equivalent to the one developed here. Nevertheless, it 

assumes knowledge of the inertial properties of the platform. 

5.5.2 Alternative to Reduced Method for Estimating Inertial Properties 

The reduced inertial force and moment used in the SSE expressions (see Section 5.3) were chosen 

in this work because they provide a simple method for estimating the inertial properties of a 

platform. Alternative SSE expressions may be developed that find inertial property values that 

minimize the SSE between the measured force and moment and the inertial force and moment 

computed using Eq. (5.2) and (5.3), respectively. However, these SSE expressions would be 

coupled and therefore require a simultaneous approach in solving them. Moreover, we expect that 

this alternative, more involved approach would yield similar inertial property estimates to those 

obtained here, since: (1) the simplifying assumptions made in deriving the reduced inertial force 
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and moment (see Appendix E4 and E5) are justified; and (2) the overall R2 value for the validation 

trials (0.90 ± 0.08) indicates that the mean estimates of the inertial properties are acceptable. 

5.5.3 Values used in Calculating Overall R2 Values 

Overall R2 values for estimation and validation trials were calculated using only R2 values from 

select components of the measured force and moment depending on the axis (i.e., x, y, or z) and 

perturbation type (i.e., translation or rotation) (see Table 5.2). For a particular axis and type of 

perturbation, R2 values from force and moment components were excluded (and not reported in 

Table 5.2) if the force and moment components: (1) were theoretically zero (e.g., Fy and Mx for x 

translations); (2) negligibly small due to dx being negligibly small (e.g., Mz for y translations); or 

(3) otherwise negligibly small (e.g., all components of F//⃗ , My, and Mz for x rotations). 
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6 Conclusion 

Recent work suggests that closed-loop electrical stimulation may restore dynamic trunk stability 

following neuromuscular impairment. However, developing such neuroprostheses requires 

quantitative predictions of the activation profiles of relevant muscles under different types of 

dynamic trunk disturbances experienced in daily life during non-impaired sitting. Muscle activity 

predictions could be based on characteristic angular kinematics or the body’s center of pressure 

displacement in dynamic sitting. Challenges exist, however, that need to be resolved to allow 

kinematics- or kinetics-based predictions of muscle activity to be obtained in dynamic sitting. 

The first objective of this thesis was to quantify the kinematics characterizing trunk stabilization 

in unstable sitting. During unstable sitting, the trunk is stabilized through relatively large, fast 

displacements of the base of support, whereas the trunk adopts a quasi-static pose (Chapter 3). 

These insights can be used to quantify the relation between the characteristic kinematics and the 

muscle activity in unstable sitting. 

The second objective of this thesis was to quantify both the spatial and temporal relations between 

the characteristic kinematics and the muscle activity in unstable sitting. During unstable sitting, 

the trunk is stabilized through direction-specific activation of the trunk and upper leg muscles that 

precedes base of support displacement temporally (Chapter 4). This relation can be used to predict 

the kinematics-based muscle activation patterns within a closed-loop electrical stimulation system 

for dynamic sitting. 

The third objective of this thesis was to propose and validate a method for estimating the inertial 

properties and force plate inertial components for any instrumented platform. Low variability of 

the estimated inertial properties for the Computer-Assisted Rehabilitation Environment and 

excellent agreement between the measured and computed forces and moments confirm the 

adequacy of the developed method to meet this objective (Chapter 5). The developed method can 

be used to quantify the relation between the body’s center of pressure displacement and the muscle 

activity in dynamic sitting. The obtained relations can again be used to predict the center of 
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pressure-based muscle activation patterns within a closed-loop electrical stimulation system for 

dynamic sitting. 

6.1 Recommendations for Future Work 

Closed-loop electrical stimulation systems for restoring dynamic trunk stability following 

impairment require quantitative kinematics- or kinetics-based predictions of muscle activity under 

different types of dynamic trunk disturbances experienced in daily life during non-impaired sitting. 

Among the types of disturbances that may be experienced – intrinsic instability or external 

displacement of the support surface, as well as the exposure to external trunk forces – kinematics-

or kinetics-based predictions of muscle activity have been obtained only in response to external 

trunk forces (Chapter 2). Specifically, kinematics-based predictions have been obtained, in several 

directions for each trunk muscle, using a model with feedback gains on trunk displacement, 

velocity, and acceleration (Chapter 2) [112]. 

To design robust closed-loop electrical stimulation systems for restoring dynamic trunk stability, 

additional work is therefore needed to obtain kinematics- or kinetics-based predictions of muscle 

activity under all the different types of dynamic trunk disturbances that may be experienced. To 

obtain kinematics-based predictions of muscle activity in the dynamic sitting paradigms, one 

approach could be to identify whether models with feedback gains on characteristic displacement, 

velocity, and acceleration can predict muscle activity from characteristic kinematics (i.e., similar 

to the approach that has been found to be successful for the exposure to external trunk forces). 

This approach could be applied, in particular, for the muscles that are activated in a particular 

direction of base of support displacement in unstable sitting (Chapter 4) or direction of trunk 

displacement when displacing the support surface [146,149]. Similarly, this approach could be 

applied to kinetics-based predictions of muscle activity in the dynamic sitting paradigms (using 

the insights from Chapter 5), but instead using models with feedback gains on center of pressure 

displacement, velocity, and acceleration. However, before obtaining such predictions, the relation 

between the body’s center of pressure displacement and the muscle activity in the dynamic sitting 

paradigms needs to be quantified. 
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Appendix A: Chapter 3 – Detailed Description of Experimental Data 

Analysis 

A1 – Wobble Board Coordinate System 

Using the wobble board markers (Figure A1), the coordinate system of the wobble board (WCS) 

was defined as follows: (1) the xw axis points to the left from board back right (BBR) to board back 

left (BBL); (2) an auxiliary vector (AUXw) points from BBR to board front left (BFL); (3) the zw 

axis is perpendicular to the plane formed by the xw axis and AUXw, pointing superiorly; and (4) the 

yw axis is perpendicular to the xw and zw axes, pointing posteriorly. 

The xw, yw, and zw axes were calculated using the following equations. The xw axis was calculated 

using: 
BBL – BBR 

xw = (A1) ‖BBL – BBR‖ 

AUXw was calculated using: 
BFL – BBR 

AUXw = (A2) ‖BFL – BBR‖ 

The zw axis was calculated using: 

zw = AUXw × xw (A3) 

Finally, the yw axis was calculated using: 

y = zw × xw (A4) w 
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Figure A1: Schematic of wobble board balancing (A); and aerial view of wobble board-human 

dynamic system (B), with the following markers attached: board front left (BFL), board back left 

(BBL), board back right (BBR), and board front right (BFR). In (A), the orientation of the global 

coordinate system relative to the starting orientation of the participant is shown. In (B), the 

orientation of the local coordinate system of the wobble board relative to the sagittal plane of the 

participant is shown. Specifically, the y axis of the wobble board (yw) was aligned with the sagittal 

plane of the participant. 

A2 – Pelvis Coordinate System 

Using the pelvis markers (Figure A2), the coordinate system of the pelvis (PCS) was defined as 

follows [1]: (1) the xp axis points to the left from the right anterior superior iliac spine (RASIS) to 

the left anterior superior iliac spine (LASIS); (2) an auxiliary vector (AUXp) is perpendicular to the 

plane formed by LASIS, RASIS, and the mid-point between the left posterior superior iliac spine 

(LPSIS) and the right posterior superior iliac spine (RPSIS), pointing superiorly; (3) the yp axis is 
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perpendicular to the plane formed by the xp axis and AUXp, pointing posteriorly; and (4) the zp axis 

is perpendicular to the xt and yt axes, pointing superiorly. 

Figure A2: Placement of reflective markers on the participant’s body, tracked by the motion 

capture system for establishing pelvis [1] and trunk [2] coordinate systems and computing three-

dimensional angular kinematics. A: Anterior view showing: pelvis markers on the left and right 

anterior superior iliac spine (LASIS and RASIS); and trunk markers on the deepest point of the 

incisura jugularis (IJ) and the processus xiphoideus (PX). B: Posterior view showing: pelvis 

markers on the left and right posterior superior iliac spine (LPSIS and RPSIS); and trunk markers 

on the seventh cervical vertebra (C7) and eighth thoracic vertebra (T8). 

The xp, yp, and zp axes were calculated using the following equations. The xp axis was calculated 

using: 
LASIS – RASIS 

xp = (A5) ‖LASIS – RASIS‖ 
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AUXp was calculated using: 

!RASIS – 0.5(LPSIS + RPSIS)$ × !LASIS – 0.5(LPSIS + RPSIS)$
AUXp = (A6) 

%!RASIS – 0.5(LPSIS + RPSIS)$ × !LASIS – 0.5(LPSIS + RPSIS)$% 

The yp axis was calculated using: 

yp = AUXp × xp (A7) 

Finally, the zp axis was calculated using: 

zp = xp × yp (A8) 

A3 – Trunk Coordinate System 

Using the trunk markers (Figure A2), the coordinate system of the trunk (TCS) was defined as 

follows [2]: (1) the zt axis points superiorly from the mid-point between the eighth thoracic vertebra 

(T8) and processus xiphoideus (PX) to the mid-point between the seventh cervical vertebra (C7) 

and deepest point of the incisura jugularis (IJ); (2) the xt axis is perpendicular to the plane formed 

by C7, IJ, and the mid-point between T8 and PX, pointing to the left; and (3) the yt axis is 

perpendicular to the xt and zt axes, pointing posteriorly. 

The xt, yt, and zt axes were calculated using the following equations. The zt axis was calculated 

using: 

0.5(C7 + IJ) – 0.5(T8 + PX)
zt = (A9) ‖0.5(C7 + IJ) – 0.5(T8 + PX)‖ 

The xt axis was calculated using: 

!C7 – 0.5(T8 + PX)$ × !IJ – 0.5(T8 + PX)$ 
= (A10) xt %!C7 – 0.5(T8 + PX)$ × !IJ – 0.5(T8 + PX)$% 

Finally, the yt axis was calculated using: 

y = zt × xt (A11) t 
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A4 – Wobble Board, Pelvis, and Trunk Rotation Matrices 

The rotation matrix from the global coordinate system (GCS) (Figure A1A) to WCS, Rw, was 

calculated using [3]: 
xw⋅x y ⋅x zw⋅xr11 r12 r13 w 

Rw = ' r21 r22 r23( = 'xw⋅y yw ⋅y zw⋅y( = [xw yw zw] (A12) 
r31 r32 r33 xw⋅z yw ⋅z zw⋅z 

where it is noted that x = [1 0 0]T, y = [0 1 0]T, and z = [0 0 1]T. 

The rotation matrix from GCS to PCS, Rp, was calculated using [3]: 
xp⋅x y ⋅x zp⋅xr11 r12 r13 p 

Rp = ' r21 r22 r23( = 1xp⋅y yp ⋅y zp⋅y2 = [xp yp zp] (A13) 
r31 r32 r33 xp⋅z yp ⋅z zp⋅z 

The rotation matrix from GCS to TCS, Rt, was calculated using [3]: 
xt⋅x y ⋅x zt⋅xr11 r12 r13 t 

Rt = ' r21 r22 r23( = 'xt⋅y yt⋅y zt⋅y( = [xt yt zt] (A14) 
r31 r32 r33 xt⋅z yt⋅z zt⋅z 

A5 – Wobble Board, Pelvis, and Trunk Angles 

The three-dimensional angles of the wobble board, pelvis, and trunk were extracted using a Cardan 

rotation sequence according to [4]: 

2 2 +LB = atan2 )r13, *r23 + r33 

r23 r33F/E = atan2 ,– , . (A15) 
cLB cLB 

r12 r11Rot = atan2 ,– , . cLB cLB 

where cLB = cos(LB), atan2 is the four-quadrant inverse tangent, and rij are the entries of Rw, Rp, or 

Rt. 

A6 – Posturographic Measures 

The range of the angle (RANGE), root mean square of the angle (RMS), and mean of the absolute 

angular velocity (MVELO) were calculated for F/E (and similarly for LB) as follows. RANGEF/E 

was calculated using [5]: 
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RANGEF/E = maxF/E – minF/E (A16) 

where maxF/E and minF/E are the maximum and minimum values in an F/E time series, respectively. 

RMSF/E was calculated using [5]: 

N 

RMSF/E = ?
1 
4 F/E(i)2 (A17) 

N 
i = 1 

where N is the number of samples of an F/E time series. 

MVELOF/E was calculated using [5]: 
N – 1

1
MVELOF/E = T 4

|F/E(i + 1) – F/E(i)| (A18) 
i = 1 

where T is the length in time of an F/E time series (30 seconds). 
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Appendix B: Chapter 3 – Results for the Posturographic Measures 

Table B1: Posturographic time-domain measures for wobble board (WB), pelvis, and trunk 

kinematics. Shown are the range of the angle (RANGE), root mean square of the angle (RMS), and 

mean of the absolute angular velocity (MVELO) for flexion/extension (F/E) and lateral bending 

(LB) under the Base 1 Eyes Closed (B1EC) and Base 2 Eyes Open (B2EO) conditions. All values 

are presented as mean ± standard deviation (presented variability is inter-participant). A two-tailed, 

paired t-test revealed statistically significant differences between WB and pelvis kinematics and 

between WB and trunk kinematics for all measures, angles, and task conditions (p < 1×10–2; 24 

comparisons) (see Table B2 for p-values). 

Measures WB Pelvis Trunk 
B1EC B2EO B1EC B2EO B1EC B2EO 

RANGE [deg] 
F/E 

LB 

7.99 ± 3.24 

7.68 ± 3.02 

9.57 ± 4.55 

11.8 ± 4.05 

3.25 ± 0.83 

3.24 ± 1.20 

4.85 ± 2.74 

4.71 ± 1.68 

4.24 ± 1.16 

3.81 ± 1.51 

5.34 ± 1.84 

4.72 ± 1.80 

RMS [deg] 
F/E 

LB 

1.60 ± 0.67 

1.46 ± 0.62 

1.84 ± 0.83 

2.07 ± 0.88 

0.63 ± 0.14 

0.64 ± 0.27 

0.94 ± 0.63 

0.83 ± 0.30 

0.87 ± 0.21 

0.74 ± 0.24 

1.13 ± 0.42 

0.82 ± 0.26 

MVELO [deg/s] 
F/E 

LB 

2.60 ± 0.89 

2.61 ± 0.69 

2.96 ± 1.10 

4.07 ± 1.64 

1.29 ± 0.50 

1.36 ± 0.58 

1.79 ± 0.85 

1.94 ± 0.81 

1.63 ± 0.73 

1.41 ± 0.66 

1.65 ± 0.41 

1.58 ± 0.62 
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Table B2: Two-tailed, paired t-test p-values for comparisons of posturographic time-domain 

measures between wobble board (WB) and pelvis kinematics and between WB and trunk 

kinematics. Shown are values for comparisons of the range of the angle (RANGE), root mean 

square of the angle (RMS), and mean of the absolute angular velocity (MVELO) for 

flexion/extension (F/E) and lateral bending (LB) under the Base 1 Eyes Closed (B1EC) and Base 

2 Eyes Open (B2EO) conditions. 

Measures WB and Pelvis 
B1EC B2EO 

WB and Trunk 
B1EC B2EO 

RANGE 
F/E 
LB 

6.61×10–6 

3.79×10–6 

1.63×10–5 

3.22×10–5 

6.82×10–5 

8.70×10–6 

2.19×10–3 

2.32×10–6 

RMS 
F/E 

LB 

2.69×10–5 

8.10×10–6 

1.11×10–5 

2.17×10–4 

9.52×10–5 

5.33×10–5 

3.90×10–3 

7.23×10–5 

MVELO 
F/E 

LB 

1.76×10–8 

1.12×10–8 

8.29×10–7 

2.44×10–4 

1.98×10–6 

1.95×10–7 

1.69×10–4 

1.45×10–5 
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Appendix C: Chapter 4 – Detailed Description of Study Methods 

C1 – Electromyography Electrode Placement 

Figure C1: Placement of electromyography electrodes on the participant’s body, for recording the 

electrical activity of seven trunk and upper leg muscle groups [1–3]. A: Anterior view showing 

the: rectus abdominis (RA), external oblique (ExO), and rectus femoris (RF) electrodes. B: 

Posterior view showing the: latissimus dorsi (LD), thoracic erector spinae (TES), lumbar erector 

spinae (LES), and biceps femoris (BF) electrodes. 

C2 – Wobble Board Coordinate System 

Using the wobble board markers (Figure C2), the coordinate system of the wobble board (WCS) 

was defined as follows: (1) the xw axis points to the left from board back right (BBR) to board back 

left (BBL); (2) an auxiliary vector (AUX) points from BBR to board front left (BFL); (3) the zw axis 
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is perpendicular to the plane formed by the xw axis and AUX, pointing superiorly; and (4) the yw 

axis is perpendicular to the xw and zw axes, pointing posteriorly. 

The xw, yw, and zw axes were calculated using the following equations. The xw axis was calculated 

using: 
BBL – BBR 

xw = (C1) ‖BBL – BBR‖ 

AUX was calculated using: 
BFL – BBR 

AUX = (C2) ‖BFL – BBR‖ 

The zw axis was calculated using: 

zw = AUX × xw (C3) 

Finally, the yw axis was calculated using: 

y = zw × xw (C4) w 

93 



  

 
           

            

              

              

               

               

    

     

             

 

      

                         

Figure C2: Schematic of wobble board balancing (A); and aerial view of wobble board-human 

dynamic system (B), with the following markers attached: board front left (BFL), board back left 

(BBL), board back right (BBR), and board front right (BFR). In (A), the orientation of the global 

coordinate system relative to the starting orientation of the participant is shown. In (B), the 

orientation of the local coordinate system of the wobble board relative to the sagittal plane of the 

participant is shown. Specifically, the y axis of the wobble board (yw) was aligned with the sagittal 

plane of the participant. 

C3 – Wobble Board Rotation Matrix 

The rotation matrix from the global coordinate system (GCS) (Figure C2A) to WCS, Rw, was 

calculated using [4]: 
⋅x y ⋅x ⋅xr11 r12 r13 xw w zw 

Rw = ' r21 r22 r23( = 'xw⋅y yw ⋅y zw⋅y( = [xw yw zw] (C5) 
r31 r32 r33 xw⋅z yw ⋅z zw ⋅z 

where it is noted that x = [1 0 0]T, y = [0 1 0]T, and z = [0 0 1]T are the axes of GCS (Figure C2A). 
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C4 – Wobble Board Angles 

The three-dimensional angles of the wobble board were extracted using a Cardan rotation sequence 

according to [5]: 

2 2 +ML = atan2 )r13, *r23 + r33 

r23 r33AP = atan2 ,– , . (C6) 
cML cML 

r12 r11Rot = atan2 ,– , . cML cML 

where cML = cos(ML), atan2 is the four-quadrant inverse tangent, and rij are the entries of Rw. 

C5 – Cross-Correlation Function 

The cross-correlation function (CCF) between the 4-second window in a kinematic time series, 

f [n] , and its time-matched 4-second window in an electromyogram time series, g[n] , was 

calculated using: 
401 

(f ⋆ g)[n] = 4 f [m]g[m + n] (C7) 
m = 1 

where the domain of (f ⋆ g)[n] is n ∈ ℤ : −400 ≤ n ≤ 400; and the domain of both f [n] and g[n] is 

n ∈ ℤ : 1 ≤ n ≤ 401. 

The CCF was normalized using: 
(f ⋆ g)[n]

(f ⋆ g)[n] = (C8) 401 401*∑ (f [m])2 ∑ (g[m])2 
m = 1 m = 1 
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Appendix D: Chapter 4 – Mean Cross-Correlation Functions for 

Right Body Side Muscles 

Figure D1: Mean cross-correlation functions across participants between right body side muscles 

and anterior for the Base 1 Eyes Closed (B1EC) (dashed line) and Base 2 Eyes Open (B2EO) 

(dotted line) conditions. Shown are also the mean cross-correlation functions across participants 

between right body side muscles and posterior for the B1EC (dash-dot line) and B2EO (solid line) 

conditions. Correlated muscles are: right rectus abdominis (RRA) (A), right external oblique 
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(RExO) (B), right thoracic erector spinae (RTES) (C), right lumbar erector spinae (RLES) (D), right 

rectus femoris (RRF) (E), and right biceps femoris (RBF) (F). 

Figure D2: Mean cross-correlation functions across participants between right body side muscles 

and left for the Base 1 Eyes Closed (B1EC) (dashed line) and Base 2 Eyes Open (B2EO) (dotted 

line) conditions. Shown are also the mean cross-correlation functions across participants between 

right body side muscles and right for the B1EC (dash-dot line) and B2EO (solid line) conditions. 

Correlated muscles are: right rectus abdominis (RRA) (A), right external oblique (RExO) (B), right 

thoracic erector spinae (RTES) (C), and right biceps femoris (RBF) (D). 
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Appendix E: Chapter 5 – Supplementary Material 

E1 – Force Plate Inertial Force and Moment 

The inertial force, F//⃗ I, is the sum of forces applied by the force plate to the mass resting on the 

force plate transducers to (1) linearly accelerate the platform’s center of mass (CoM); and (2) 

support its weight. The components of F//⃗ I are: 
FIx ax 0 0 

T1FIy2 = m ' ay( + Rxyz 'mg( – 'mg( (E1) 
FIz 

az 0 0 

where m is the mass resting on the force plate transducers; ax, ay, and az are the components of the 

linear acceleration of the platform’s CoM, a/⃗ , expressed in the platform coordinate system (PCS) 

provided in Figure E1; Rxyz is the rotation matrix capturing the orientation of PCS relative to the 

global coordinate system (GCS) provided in Figure E1; and g is the acceleration due to gravity. 

The inertial moment, M///⃗ I, is the sum of moments applied by the force plate to m to (1) angularly 

accelerate the platform; and (2) support the moment created by F//⃗ I. The components of M///⃗ I are: 

M///⃗ I = I⃗⋅α/⃗  + d/⃗ ×F//⃗ I 

M///⃗ I = !IxiE + IyjE + IzkF$⋅!αxiE + αyjE + αzkF$ + !dxEi + dyEj + dzkF$ × :FIxiE + FIyjE + FIzkF; (E2) 

M///⃗ I = :Ixαx + dyFIz – dzFIy; iE + !Iyαy – dxFIz + dzFIx $Ej + :Izαz + dxFIy – dyFIx; kF 

where Ix, Iy, and Iz are the principal components of the moment of inertia, �⃗, of the mass resting on 

the force plate transducers; αx, αy, and αz are the components of the angular acceleration, α/⃗ , of the 

platform; and dx, dy, and dz are the components of the position, d/⃗ , of the CoM relative to the average 

force plate transducer location. Note that �⃗, α/⃗ , and d/⃗  are expressed in PCS. 

99 



  

 
            

            

             

        

    

                

                

                 

         

 

           

 
 
 

  

             

w

Figure E1: The orientations of the CAREN platform in its starting orientation relative to the global 

coordinate system (GCS); and of the platform coordinate system (PCS) relative to the CAREN 

platform. Three markers (M1, M2, and M3) were placed on the platform to define PCS, with M1 

and M2 forming a line parallel to the x axis. 

E2 – Platform Coordinate System 

The PCS was defined as follows (Figure E1): (1) the x axis points from M1 to M2; (2) an auxiliary 

vector (AUX) points from M1 to M3; (3) the y axis is perpendicular to the x axis and AUX and 

points superior of the platform; (4) the z axis is perpendicular to the x and y axes and points 

posterior of the platform; and (5) the origin coincides with M1. 

The x, y, and z axes were calculated using the following equations. The x axis was calculated using: 
M2 – M1 

x = (E3) ‖M2 – M1‖ 

where M1 and M2 are the position vectors, expressed in GCS, of Markers 1 and 2, respectively. 
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The auxiliary vector, AUX, was calculated using: 
M3 – M1

AUX = ‖M3 – M1‖ 

where M3 is the position vector, expressed in GCS, of Marker 3. 

The y axis was calculated using: 

y = x × AUX 

(E4) 

(E5) 

Finally, the z axis was calculated using: 

z = x × y (E6) 

E3 – Platform Kinematics 

The linear acceleration of the platform was calculated using: 

Ta/⃗  (a/⃗= Rxyz )G 

where (a/⃗ )G is the linear acceleration of the platform, expressed in GCS. 

The rotation matrix Rxyz was calculated using: 

(E7) 

r11 r12 r13 x⋅X y⋅X z⋅X 
Rxyz = ' r21 r22 r23( = 'x⋅Y y⋅Y z⋅Y( = [x y z] (E8) 

r31 r32 r33 x⋅Z y⋅Z z⋅Z 

where it is noted that X = [1 0 0]T, Y = [0 1 0]T, and Z = [0 0 1]T. 

The platform angles θx, θy, and θz were calculated using the Cardan xyz sequence [1]: 

2θy = atan2 )r13, *r23 + r33
2 + 

r23 r33θx = atan2 )– , + (E9) cθy cθy 

r12 r11θz = atan2 )– , + cθy cθy 

where cθy = cos(θy) and atan2 is the four-quadrant inverse tangent. 

E4 – Reduced Inertial Force and Moment in Unloaded Platform Translations 

For translations of the unloaded platform, F//⃗  = F//⃗ I, Rxyz = I3x3, and α/⃗  = 0/⃗ . Note that I3x3 is the identity 

matrix. 
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For x translations, additionally, ay = az = 0. Therefore, for x translations, the reduced inertial force 

and moment are: 

FIx ax 0 0 max 
1FIy2 = m G 0 H + I3x3 'mg( – 'mg( = G 0 H 

0 0 0 0FIz (E10) 
M///⃗ I = !Ix(0) + dy(0) – dz(0)$iE + !Iy(0) – dx(0) + dzFx$jE +!Iz(0) + dx(0) – dyFx$kF 

M///⃗ I = dzFx jE – dyFxkF 

For y translations, additionally, ax = az = 0. Therefore, for y translations, the reduced inertial force 

and moment are: 
FIx 0 0 0 0 
1FIy2 = m 'ay( + I3x3 'mg( – 'mg( = 'may( 
FIz 0 0 0 0 

(E11) 
M///⃗ I = !Ix(0) + dy(0) – dzFy$iE + !Iy(0) – dx(0) + dz(0)$Ej +!Iz(0) + dxFy – dy(0)$kF 

M///⃗ I = – dzFyiE + dxFykF 

For z translations, additionally, ax = ay = 0. Therefore, for z translations, the reduced inertial force 

and moment are: 
FIx 0 0 0 0 
1FIy2 = m ' 0 ( + I3x3 'mg( – 'mg( = ' 0 ( 
FIz 

az 0 0 maz 
(E12) 

M///⃗ I = !Ix(0) + dyFz – dz(0)$iE + !Iy(0) – dxFz + dz(0)$Ej +!Iz(0) + dx(0) – dy(0)$kF 

M///⃗ I = dyFzEi – dxFzjE 

E5 – Reduced Inertial Force and Moment in Unloaded Platform Rotations 

For rotations of the unloaded platform, F/⃗/ = F//⃗ I. 

For x rotations, additionally, ax = αy = αz = 0. Therefore, for x rotations, the reduced inertial force 

and moment are: 
FIx 0 0 0 

T1FIy2 = m 'ay( + Rxyz 'mg( – 'mg( (E13) 
FIz 

az 0 0 
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M///⃗ I = !Ixαx + dyFz – dzFy$iE + !Iy(0) – dxFz + dzFx$Ej +!Iz(0) + dxFy – dyFx$kF 

M///⃗ I = !Ixαx + dyFz – dzFy$Ei + (–dxFz + dzFx)Ej +!dxFy – dyFx$Fk 

For y rotations, additionally, ay = αx = αz = 0. Therefore, for y rotations, the reduced inertial force 

and moment are: 
FIx ax 0 0 

T1FIy2 = m ' 0 ( + Rxyz 'mg( – 'mg( 
FIz 

az 0 0 
(E14) 

M///⃗ I = !Ix(0) + dyFz – dzFy$iE + !Iyαy – dxFz + dzFx$Ej +!Iz(0) + dxFy – dyFx$kF 

M///⃗ I = !dyFz – dzFy$Ei + !Iyαy – dxFz + dzFx$Ej +!dxFy – dyFx$kF 

For z rotations, additionally, az = αx = αy = 0. Therefore, for z rotations, the reduced inertial force 

and moment are: 
FIx ax 0 0 

T1FIy2 = m ' ay( + Rxyz 'mg( – 'mg( 
FIz 

0 0 0 
(E15) 

M///⃗ I = !Ix(0) + dyFz – dzFy$iE + !Iy(0) – dxFz + dzFx$Ej +!Izαz + dxFy – dyFx$kF 

M///⃗ I = !dyFz – dzFy$iE + (–dxFz + dzFx)jE +!Izαz + dxFy – dyFx$kF 

E6 – Sum of Squared Errors (SSE) Expressions 

For x translations, the SSE expressions that were minimized are: 
N 

SSEFx (m) = 4[Fx(i) – max(i)]2 

i = 1 

N 

SSEMy
(dz) = 47My(i) – dzFx(i)8

2 (E16) 
i = 1 

N 

SSEMz !dy$ = 47Mz(i) + dyFx(i)8
2 

i = 1 

For x rotations, the SSE expression that was minimized is: 
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N 
2 

SSEMx(Ix) = 49Mx(i) – :Ixαx(i) + dyFz(i) – dzFy(i);< (E17) 
i = 1 

For y translations, the SSE expressions that were minimized are: 
N 

SSEFy(m) = 47Fy(i) – may(i)8
2 

i = 1 

N 

SSEMx
(dz) = 47Mx(i) + dzFy(i)8

2 (E18) 
i = 1 

N 

SSEMz
(dx) = 47Mz(i) – dxFy(i)8

2 

i = 1 

For y rotations, the SSE expression that was minimized is: 
N 

2 
SSEMy(Iy) = 49My(i) – :Iyαy(i) – dxFz(i) + dzFx(i);< (E19) 

i = 1 

For z translations, the SSE expressions that were minimized are: 
N 

SSEFz (m) = 4[Fz(i) – maz(i)]2 

i = 1 

N 

SSEMx !dy$ = 47Mx(i) – dyFz(i)8
2 (E20) 

i = 1 

N 

SSEMy
(dx) = 47My(i) + dxFz(i)8

2 

i = 1 

For z rotations, the SSE expression that was minimized is: 
N 

2 
SSEMz(Iz) = 49Mz(i) – :Izαz(i) + dxFy(i) – dyFx(i);< (E21) 

i = 1 

SSE expressions were minimized using the function fminsearch in MATLAB (version R2017a, 

MathWorks, Natick, United States). 
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