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Abstract 

Falling is a significant source of morbidity and even mortality among the elderly population. 10% 

to 20% of these falls lead to severe injuries that require medical attention. Understanding the 

mechanisms behind the loss-of-balance and fall initiation can help prevent the consequences of 

falls by designing preventive strategies and training to help individuals maintain their balance. 

Over 50% of falls occur during locomotion. The risk of falling during walking has been assessed 

using stability measures based on either the dynamic stability of the system or the biomechanical 

modeling of the human body. The former approach is better suited for balance assessment during 

unperturbed walking whereas the latter is suitable for both perturbed and unperturbed walking 

circumstances. The biomechanical mechanisms behind the loss-of-balance and falling during 

walking have been studied for the cases of slip and non-slip conditions. However, they have not 

been studied for the complex perturbation scenarios.  

The objectives of this study were to, first, characterize the biomechanical mechanisms of loss-of-

balance during perturbed walking as a function of perturbation conditions, body motion patterns, 

and gait parameters, and second, propose and experimentally validate stability measures for 

perturbed walking conditions.  

We used a seven-segment model of the human body and presented a non-linear, optimization-

based model of perturbed walking in the sagittal plane. We analyzed human body motions during 

swing phase of walking and quantified the effects of various types of external perturbations on the 

base of support (BOS) on the walking stability. We estimated the boundaries (limits) of the feasible 

stability region (FSR) as a function of the type, dominant frequency, and dominant amplitude of 

perturbations. To extend the use of obtained FSRs to continuous perturbed or unperturbed walking, 
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we introduced the concept of “extended feasible stability region” (ExFSR) which included the 

region between the leading foot’s lower FSR threshold and swinging foot’s upper FSR threshold. 

Based on this concept, we introduced novel stability measures for a whole step duration in a 

walking trial.  

To experimentally validate our obtained feasible stability regions and proposed stability measures, 

we collected experimental data from two groups of nondisabled individuals and individuals with 

disability during perturbed walking. To this end, we used a Computer-Assisted Rehabilitation 

Environment (CAREN) to create various perturbation conditions. We evaluated the validity of the 

obtained feasible stability regions at the toe-off instant and ExFSR during a whole step duration 

by investigating their specificity in predicting the loss-of-balance (i.e., false prediction of the loss-

of-balance). The specificity of obtained feasible stability regions and ExFSR were comparable to 

those reported in the literature for other conditions. Also, we evaluated the credibility of our 

proposed stability measures by showing their correlation with other biomechanical and variability-

based stability measures previously introduced in the literature.  

This study introduced biomechanical measures to characterize the risk of loss-of-balance in the 

sagittal plane during perturbed walking as a function of perturbation conditions, body motion 

patterns, and gait parameters. These measures can be used for physiologically and biomechanically 

meaningful assessment of walking stability for individuals with walking disorders. The outcome 

of this research can contribute to our understanding of human balance control for biped walking 

under the effect of external perturbations, and the development of rehabilitative programs in 

interactive training environments such as the CAREN.  

Keywords: Dynamic optimization; Fall prevention; Forward dynamics; Musculoskeletal 

modeling; Walking stability; Computational biomechanics; Stability measure
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Chapter 1  

1 Introduction 

Falls are a leading cause of severe injuries and death for the elderly population [1]. Fall-related 

injuries can lead to long-term disability, decreased quality of life, and premature death [2].  About 

180,000 injurious falls of the senior citizens are annually reported in Canada [3]. In 2004, the direct 

costs related to falls among older adults in Canada was estimated to be over 2 billion dollars [4].    

A significant and consistent predictor of future falls is gait and balance impairment [5]. The 

majority of falls occur during locomotion and gait [6]. Walking is one of the most integral daily 

activities of a human being. Stability is a critical element in both standing and walking dynamics 

[7]. The neuromuscular control system maintains balance of the human body. Yet we do not 

possess enough knowledge of how this control system maintains the walking balance, and how its 

functioning can deteriorate due to aging and neurological conditions [8].  

A critical step in falling prevention is to assess the risk of falling and identify the individuals with 

a high risk of falling. Researchers have long studied stability of human gait and the relation 

between gait stability, stability measures, and risk of falling [9]. Stability measures can either be 

based on the mathematical properties of the time-series expressing the kinematic parameters or the 

biomechanics of human movement [12]. On one hand, mathematical tools such as Maximum 

Floquet multiplier [10], Maximum Lyapunov exponent [11], Poincare mapping [12], and standard 

deviation of gait parameters [13] have been utilized to assess the variability of gait parameters and 

relate this variability to the risk of falling. On the other hand, biomechanical models were 

developed to characterize and quantify the dynamic stability of the human body during gait [8], 

[14]. Tools, such as extrapolated centre of mass (XCOM) [15] and feasible stability region (FSR) 

[16] were defined to identify possible combinations of COM position and COM velocities 

(hereafter referred to as ‘COM states’) that enabled the walking balance. The simplest method for 

modeling the human body is the two-segment inverted pendulum model [8]. More complex 
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biomechanical model were developed throughout the literature [17]–[19] (Figure 1). Notably, the 

computational cost increases with the model’s complexity, and thus a trade-off for simplicity of 

the modeling approach used for practical application is inevitable.  

There exist several differences between stability measures based on the variability of dynamical 

system and those based on the biomechanical models. As discussed in Chapter 2, the variability 

measures cannot quantitatively separate the effects of intrinsic variability of walking dynamics and 

the variability due to external perturbations [9] on the risk of loss-of-balance. Therefore, the extent 

to which variability measures are reliable for balance assessment during perturbed walking is a 

matter of debate [20]. However, biomechanical modeling of human gait allows us to quantitatively 

model external perturbations and their effect on the gait pattern and the risk of loss-of-balance 

[21]. Being able to investigate the effects of complex external perturbations on gait stability leads 

to ability of balance assessment during more natural walking circumstances.  

 
Figure 1: Various biomechanical models (two-segment, four-segment, and seven-segment) 

developed in the literature to analyze human gait. The inverted pendulum [8], left-side figure, is 

the simplest approach towards human gait modeling. Four segment [22] and seven segment models 

[21] are examples of more complex biomechanical models developed to analyze human gait.  𝛳𝑖 

indicates the angular position of biological joints and star signs indicate the location of body COM.  
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Although biomechanical mechanisms of loss-of-balance were investigated for a few perturbation 

conditions (e.g., slippage), these mechanisms have not been studied for more complex external 

perturbations, and there is a lack of stability measures based on both biomechanics of gait and 

external perturbations profile. Such measure can quantify the risk of falling for an individual based 

on the physiological and biomechanical characteristics of his body. Although several stability 

measures can be proposed based on various modeling assumptions to take into account multiple 

factors, the effectiveness and validity of these measures must be experimentally investigated 

before using them for real-world applications [23] .  

The objectives of this study were to, first, characterize the biomechanical mechanisms of loss-of-

balance during perturbed walking as a function of perturbation conditions, body motion patterns, 

and gait parameters, and second, propose and experimentally validated stability measures for 

perturbed walking conditions.  

1.1 Specific aims   

To achieve the objectives mentioned above, the specific aims of this research are defined as 

listed below. 

1. Develop a seven-segment model of the human body in the sagittal plane during a swing 

phase of gait.  

2. Using developed biomechanical model, derive the state subspace of the normalized COM 

velocity versus the normalized COM position in which walking stability is feasible 

(referred to as FSR), and compare the results with the literature.  

3. Impose perturbations to the Base of Support (BOS) of the model and investigate the effects 

of external perturbations on the limits of FSR (referred to as FSR limits).  

4. Introduce the new concept of extended feasible stability region (ExFSR) and its associated 

stability measure to assess the stability of perturbed walking during a complete step.  

5. Collect experimental data from a total of fifteen able-bodied participants and three 

individuals with walking disabilities, to evaluate the validity of the FSRs, ExFSR, and its 

associated stability measure.  
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6. Investigate the correlation between the newly defined stability measure and other existing 

stability measures in the literature.   

 

Figure 2: Thesis outline and an overview of the current study and methodology
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1.2 Thesis outline 

Chapter 2 of this thesis reviews the literature that is relevant to this study: a review of gait and its 

elements; a review of the definition of balanced gait and the relation between loss-of-balance and 

incidence of falling; a review of stability region and its definition; a review of dynamics of gait; a 

review of biomechanical modeling and finally an overview of stability measures and their 

differences. Chapter 3 describes a novel methodology to obtain the FSR at a time instant during 

swing phase for perturbed walking circumstances. Chapter 3 also characterizes the FSR as a 

function of complex perturbation parameters that may occur during daily life. Chapter 4 presents 

novel stability measures based on the method and model developed in Chapter 3. Chapters 3 and 

4 also investigate the validity of the obtained FSR and stability measures using experimental data. 

Chapter 4 further analyzes the correlations between introduced stability measures and existing 

stability measures described in the literature. Chapter 5 summarizes the thesis outcome and its 

original contribution as well as providing conclusive remarks on the present study, and describes 

the limitation and possible future perspectives (Figure 2).  
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Chapter 2 

2    Literature review  

2.1    Normal gait  

Normal Gait is a combination of body movements in a progressive way that demands every 

supporting member of the human body to be alone or in association with another supporting 

member [24]. Gait patterns change relative to the nature of walker’s legs and terrain. Various 

aspects of the human gait have been studied. The normal and pathological patterns of the ground 

reaction forces [25], electromyography (EMG) recording patterns and muscle forces [26], [27] 

kinematics and kinetics of lower limb [17], [28] during gait have been reported. Not all these 

findings are going to be covered in the present study. This study will look over the dynamics of 

gait and ground reaction forces during unperturbed and perturbed gait. There are limitations to the 

experimental study of human gait such as limitations to direct measurement of muscle forces and 

joint torques non-invasively. Gait can be categorized as a complex motion and finding the 

governing dynamical equations for complex human models can be a challenge itself.  

2.1.1 Elements of Gait  

“Walking can be defined as periodic movements of lower limbs which maintain the body in a 

forward progression on a leveled ground” [25]. A gait cycle consists of two steps and each step 

consists of a swing (single-support) and a double-stance (double-support) phase. Each swing phase 

starts with one foot’s toe-off instant and ending with the same foot’s heel-strike instant. During 

this time the other foot is in contact with the ground. After each swing phase, there is a double 

support phase, in which both feet are in contact with the ground surface, and during this time, the 

weight of the body is transferred from one foot to the other one. The swing phase of each foot 

takes approximately 40% of a complete gait cycle in normal gait and each of the two double-
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support phases takes approximately 10% of a complete gait cycle [29]. A complete gait cycle 

includes two swing phases and two stance phases.  

The two basic requirements of walking are 1) continuous ground reaction force and 2) periodic 

and repeatable movements [25]. During regular walking, the COM of the whole body follows an 

oscillatory trajectory in the horizontal plane with a fluctuating COM velocity profile. In the vertical 

direction, COM goes up and down periodically, but the amplitude of the COM motion fluctuations 

is smaller compared to the horizontal direction. Due to multiple degrees of freedom of the human 

body, the COM trajectory during walking is smooth.  

Walking elements are defined to be the coordination of different body parts during a natural 

walking cycle [25]. We will define these elements in this section one by one. The first element, 

pelvic rotation, is defined as the rotation of pelvis in the transverse plane which at normal speed, 

the amplitude of this rotation is 8 degrees on either side of the vertical axis of the pelvis. The 

second element, pelvis list, is the rotation of pelvis in the sagittal plane and typical amplitude of 

this rotation is known to be 5 degrees on either side of pelvis axis. The third element, knee flexion 

during stance, is the amount of knee joint’s flexion angle in sagittal plane during stance phase, 

which goes up to 15 degrees. According to Inman et al. [30], the three of these elements are 

working together to result in a smooth COM trajectory; however, the most essential walking 

elements are known to be ankle and knee flexion-extension. These two motions are combined as 

one element called the knee interaction [31].  

In addition to elements related to the lower limb motion, there is also motion in arms, shoulders, 

and torso. These motion elements are much less effective compared to lower limb related elements. 

According to Inman et al. [30], these motions are meant to have balancing effects for the opposite 

rotations of the pelvis.  

Although the predominant motion of body segments during gait are in the sagittal plane, it is 

important to include those motions in transverse and frontal planes. Most of the biomechanical 

models presented in the literature only consider lower limb walking elements in the sagittal plane, 

due to the high computational costs of expanding the degrees of freedom of the body motion to 

the transverse and frontal planes.   
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2.2    Kinematics and dynamics of walking  

Bipedal locomotion has been defined as the vaulting movement of human body over one stance 

leg in a way that the body trajectory is stabilized through the movements of the other leg at the end 

of its swing phase [32]. Dynamical phase plane movements of body segments in the sagittal plane 

during walking is a crucial element of stability analysis. Kinematic and dynamic analysis of 

walking aim to obtain the motions of the body segments and joints forces and moments along with 

the reaction forces acting on the body from external sources.  

The most common approach towards biomechanical modeling of the human body is using forward 

dynamics modeling in conjunction with optimization methods [17], [21]. The high number of 

segments and joints involved and the complexity of the dynamical system will transform the task 

of walking into a sophisticated dynamical problem. In predictive models of walking usually, an 

optimization routine is utilized to predict the movements, forces and moments acting on the system 

to the end of predicting the final movement of the system [22].  

2.3    Biomechanical modeling of walking  

Although gait analysis and the efforts taken in its regards have led to a more specific assessment 

of locomotion and its biomechanics, our ability to perfectly model walking is limited in two 

respects. First, the human body and musculoskeletal system is a redundant system in term of 

mechanical solutions because each joint is in contact with several muscles [27]. Second, the 

behavior of our motor control system and the mechanisms of its decision-making is still unknown 

to us. Besides, the difficulties of muscle force measurements adds to the issue. There is no flawless 

path to take for biomechanical modeling of human locomotion, but a sensible approach is to 

combine the power of optimization and computational modeling to obtain a logical outcome for 

parameters that are not measurable through experimental data collection.  

The accuracy and efficacy of any modeling approach depends on the number of variables and level 

of details considered in the modeling. Body segments’ anthropometry, muscle forces and 
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geometry, bone geometry, material properties of bones and soft tissues, number of segments, 

reaction forces and so many other parameters are all examples of variables that can either be 

modeled or simplified in a modeling approach [33], [34]. The complexity of each model has a 

direct impact on the computational cost and effort required to simulate the model. The trade-off 

between cost and simplifications of the model is directly affected by the use of each model.  

2.3.1 Ground reaction force 

Ground reaction force acts between the foot and ground surface. In biomechanical modeling of 

walking, this ground reaction force can be modeled based on the kinematic constraints [35] or a 

series of springs and dampers between the foot and ground [18]. The kinematic constraints are 

based on the COM state and have higher computational cost compared to the second method. Foot-

ground interaction force has been modeled using a series of micro spring-damper systems, which 

their reaction force, has an exponential relation with the distance between foot and ground 

(Appendix A).  Using an exponential function to model the spring force allows us to model a spring 

force that comes into effect smoothly. The force also diminishes when the distance between the 

foot and ground becomes sufficiently large. The equation used to model spring-damper forces can 

be written as follows [36]:  

𝐹𝑦,𝑖 = 𝐴𝑒−1150(𝑝𝑦,𝑖−𝑦0) − 100𝜈𝑦,𝑖𝑔(𝑝𝑦,𝑖)                                                                              (Eq. 2.1) 

𝑔(𝑝𝑦,𝑖) =
1

1+10𝑒
500(𝑝𝑦,𝑖−𝑔0)                                                                                                      (Eq. 2.2) 

Where 𝜈𝑦,𝑖 is the vertical velocity of the point of application; A is the constant that is dependent 

on the number of springs used; 𝑝𝑦,𝑖 is the vertical position of the point of application with respect 

to the ground surface; 𝑦0 (0.0065905 m) is the parameter that determine when the magnitude of 

the spring force becomes significant (> 0.5 n); 𝑔(𝑝𝑦,𝑖) is the element that gradually brings damping 

in to effect as the foot gets closer to the ground surface and 𝑔0 (= 0.02 m) is the parameter that 

determines at which point damping starts.  
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The number of these spring-damper microsystems under each foot is dependent on the 

computational cost that we are willing to pay and the accuracy that we demand.  

2.3.2 Joint moments and muscle excitation 

In biomechanical modeling of walking, it is usually preferred to model the effects of muscles rather 

than the muscles themselves [36]. The reason is that for gait, which is a complex motion and many 

muscles are functioning at the same time, the movements and moments acting on the joints are 

rather more informative than the forces created by each muscle separately [37]. To this extent, 

each joint in biomechanical models is actuated by an actuator that accounts for the forces and 

moments created by the muscles in contact with that specific joint [38]. The force producing 

characteristics of each actuator depends on the isometric strength of the muscle (𝐹0
𝑚), fiber length 

of the muscle (𝑙0
𝑚), its corresponding pennation angle (α),  maximum shortening velocity of the 

muscle (𝑣𝑚𝑎𝑥
𝑚 ) and the rest length of tendon (𝑙𝑠

𝑇) [37]. Muscles cannot be activated or relaxed 

instantaneously, thus, the behaviour of muscle activation is proposed to be modeled  using a first 

order differential equation [36]. 

�̇� = (
1

𝜏𝑟𝑖𝑠𝑒
) (𝑢2 − 𝑢𝑎) + (

1

𝜏𝑓𝑎𝑙𝑙
) (𝑢 − 1)                                                                                (Eq. 2.3) 

−1 < 𝑢 = 𝑢(𝑡) < 1; −1 < 𝑎 = 𝑎(𝑡) < 1                                                                             (Eq. 2.4) 

Where,  �̇� is the muscle activation and u is the muscle excitation history. Parameters 𝜏𝑟𝑖𝑠𝑒 and 𝜏𝑓𝑎𝑙𝑙 

are the rise and decay time constants of muscle activation and their values are dependent on the 

joint, muscle characteristics and the task that is being performed.  

2.3.3 Forward dynamics 

In forward dynamics solution of a biomechanical model, differential equations of motion are 

numerically integrated forward at every time instant in the simulation. It is a ‘forward dynamics’ 

in a sense that forces and moments produce motion and it is distinct from the ‘inverse dynamics’ 

where motions are translated into internal forces and moments. Forward dynamics modeling of 

human gait has been more popular in the past decades [39], [40] because of the advancement in 
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the development of novel and powerful computational methods and the enhancement of computers 

that enables consecutive numerical integration of equations of motion on numerous degrees of 

freedom and dimensions. However, in forward dynamic solutions, all the details and constraints 

on the model should be accounted for to obtain reasonable and accurate results from the 

simulations.  

2.3.4 Body segments anthropometry  

Anthropometric measurements include the body segments’ mass (M), inertia (I), length (L), the 

center of mass location (CG), the range of motion (ROM), and geometry. This information is 

required to solve the forward dynamics of the system. Anthropometric data are usually obtained 

from measurements on cadaver [41]. Another benefit of having the anthropometric data is that the 

results of simulation and modeling can be normalized to body characteristics of the model and a 

generalized result will be obtained rather than an individual-specific one. In this study, we obtained 

our anthropometric data based on a 1.8 meters long and 80 kg weighted person [29].  

2.3.5 Perturbation modeling 

Perturbations acting on the human body during daily activities can be in the form of mechanical 

perturbations or sensory (e.g. visual) perturbations [42]. The point of application of mechanical 

perturbations and their dominant frequency and amplitude are effective factors for gait stability. 

Currently, there is not enough knowledge about the effects of perturbation frequency and 

amplitude over the stability limits, but it has been proven that the perturbation type and 

characteristics have a direct impact on the balance of the gait. In this study, we are considering the 

perturbations acting solely on the BOS of the model in the sagittal plane. The reason for such 

decision is that movements in the sagittal plane are more dominant on balance control and the 

perturbations during daily life walking are mostly acting on the BOS of individuals [43].  
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2.4    Biomechanical mechanism of balanced gait and fall initiation 

There are several definitions of balance and stability in the literature. It is commonly believed that 

“balance is a generic term describing the dynamics of body posture to prevent falling” [29]. 

Stability defines the state of balance and is a critical aspect for motor control for standing and 

walking balance, and it is characterized by the motion state of the dynamical system [44]. This 

motion state can be a multi-dimensional movement trajectory at every time instant, e.g., a 

combination of COM position and COM velocity as a function of time. The body COM state is 

stable if small disturbances are attenuated by the dynamical system towards a predefined reference 

point or trajectory of the COM [45]. For standing balance, the COM state is stable if small 

disturbances are diminished towards maintaining the upright standing posture. Similar to standing 

stability, dynamic stability of walking can be achieved if the trajectory of the COM state stays 

close to the reference trajectory in every time instant of every gait cycle [46]. As such, standing or 

walking balance requires a combination of COM states, with respect to the BOS, to be within a 

feasible stability region (FSR) to prevent the loss-of-balance. Otherwise, the loss-of-balance is 

inevitable, and there is a need for an action for recovery of balance [15]. In the following, we will 

discuss various approaches to obtain the FSR. 

2.4.1 Loss-of-balance and incidence of falling   

There is a significant difference between loss-of-balance and incidence of falling [47]. Falls 

usually occur after loss-of-balance, but not every loss-of-balance leads to an incidence of falling. 

In fact, in most cases, falls after a loss-of-balance can be prevented by performing an action for 

recovery [48]. A common action for recovery is taking a further step. In the case of forward 

locomotion, taking a step forward will help to prevent loss-of-balance. The width of the recovery 

step depends on the severity of the loss-of-balance state. It is also worth mentioning that loss-of-

balance in many cases can assist individuals in their movements. Running can be described as a 

continuous forward loss-of-balance that requires the human body to take faster steps.  
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2.4.2 COM states and loss-of-balance 

Traditionally, it was believed that for standing and walking balance, the projection of body COM 

position on the BOS should be within the BOS range at every instant [29]. It was later proved that 

a combination of position and velocity of body COM (with respect to the BOS) could be indicative 

of stability state of the body [49]. In 2005, Hof et al. showed that a combination COM position 

and weighted COM velocity (referred to as ‘extrapolated centre of mass (XCOM)’) should lie 

within the boundaries of BOS to maintain stable standing [49]. If the XCOM is outside the BOS 

range, loss-of-balance occurs. They used the inverted pendulum model as an indicator of the 

human body during dynamic stance [15]. Later in 2007, Hof et al. expanded his theory to walking 

and introduced the same biomechanical measure for walking balance [22]. In the following section, 

we will describe a more inclusive approach to characterize the loss-of-balance. 

2.5    Feasible Stability Region (FSR) 

The concept of FSR was first introduced by Pai et al. in 1997 [8] FSR is the region inside the state 

space of body COM states, in which the human body maintains a stable posture without loss-of-

balance. If the COM states goes outside the FSR, the loss-of-balance occurs, and further actions 

for recovery are required to prevent falling [50]. The concept of FSR has been utilized by 

researchers as a functional approach towards balance assessment [16], [51].  

Pai et al. initially introduced a two-segment model for prediction of balance control in the sagittal 

plane. The proposed model included the whole body pinned to the feet by a revolute joint. The 

Base of Support (BOS) was the area under the feet [9]. They used an optimization routine to find 

the maximum and minimum feasible values for the COM velocity for a series of pre-determined 

COM positions. They obtained a region in the phase diagram of COM motion states (normalized 

to physiological characteristics of the human body) in which standing balance was feasible. In 

2000, Iqbal and Pai et al. introduced a new four-segment model for prediction of standing balance 

control [14]. They determined the maximum and minimum values for the COM feasible velocities 

for each initial COM position using a dynamic optimization, for movement termination over the 
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BOS. In 2008, Yang et al. introduced a seven-segment biomechanical model of the human body 

in the sagittal plane to analyze walking balance at the toe-off instant [21]. This model was more 

complex and detailed compared to previously developed models. They utilized an optimization-

based simulation towards finding the FSR for walking balance in slip and non-slip conditions 

(Figure 1). 

Several complex, biomechanical models have been developed to simulate gait. Pandy and 

Anderson developed various three-dimensional (3D) multi-segment models to simulate the human 

body and muscle forces during the walking and jumping processes [36], [37], [52]. Notably, the 

computational cost increases with the models complexity, and thus a trade-off for simplicity of the 

modeling approach used for practical application is inevitable.  

2.6    Measurement of COM and BOS using motion capture system 

Capturing the trajectory of body COM and BOS using motion-capture cameras and reflective 

markers is one the most common approaches towards experimental data collection in both clinical 

and biomechanical research settings  [53]. 3D trajectory, rotation, and velocity of a body segment 

can be determined using a cluster of three or more markers attached to the specified segment. The 

placement of markers or clusters is specified based on the task and anatomical landmark locations. 

Marker trajectory measurements are with respect to a predefined global frame, and the recorded 

position and velocity data are in the same frame. To transform the data into an arbitrary frame, the 

rotation matrices between the global frame and the arbitrary frame should be calculated.  

2.6.1 Global and local Coordinate systems  

The global frame of a motion-capture system installed in a lab is defined through a calibration 

process. Any arbitrary (body-fixed) frame in the 3D space is a local frame with respect to the lab-

fixed global frame. Coordinates of markers are recorded in the global frame and can be expressed 

in any local frame using coordinate transformation [54], [55]. Having the transformation matrix 

between the local and global coordinate system allows us to interpret any point in 3D space in both 
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reference frames. The transformation matrix that maps the local frame on the global frame can be 

written as:  

𝑅 = [�⃗�𝑙, �⃗⃗�𝑙, �⃗�𝑙] = [

�⃗�𝑔. �⃗�𝑙 �⃗�𝑔. �⃗⃗�𝑙 �⃗�𝑔. �⃗�𝑙

�⃗⃗�𝑔. �⃗�𝑙 �⃗⃗�𝑔. �⃗⃗�𝑙 �⃗⃗�𝑔. �⃗�𝑙

�⃗�𝑔. �⃗�𝑙 �⃗�𝑔. �⃗⃗�𝑙 �⃗�𝑔. �⃗�𝑙

 ] = [

cos 𝜃�⃗⃗�𝑔�⃗⃗�𝑙
cos 𝜃�⃗⃗�𝑔�⃗⃗�𝑙

cos 𝜃�⃗⃗�𝑔�⃗�𝑙

cos 𝜃�⃗⃗�𝑔�⃗⃗�𝑙
cos 𝜃�⃗⃗�𝑔�⃗⃗�𝑙

cos 𝜃�⃗⃗�𝑔�⃗�𝑙

cos 𝜃�⃗�𝑔�⃗⃗�𝑙
cos 𝜃�⃗�𝑔�⃗⃗�𝑙

cos 𝜃�⃗�𝑔�⃗�𝑙

 ] 𝑙𝑜𝑐𝑎𝑙
𝑔𝑙𝑜𝑏𝑎𝑙

(Eq. 2.5) 

Where each column of the transformation matrix is the projection of a local frame’s axis (�⃗�𝑙, �⃗⃗�𝑙, 

or �⃗�𝑙) on the corresponding a global frame’s axis (�⃗�𝑔, �⃗⃗�𝑔, or �⃗�𝑔). Indices g and l stand for global 

and local frames, respectively. ө is the angle between each of the two axes which their dot product 

is being calculated. The relation between the coordinates of a specific point (P) in the two frames 

can be expressed as:  

�⃗⃗�𝑔 = 𝑅𝑙𝑜𝑐𝑎𝑙
𝑔𝑙𝑜𝑏𝑎𝑙

. �⃗⃗�𝑙 + �⃗⃗�𝑙                                         (Eq. 2.6) 

where �⃗⃗�𝑙 and �⃗⃗�𝑔 are the position vectors in the local and global coordinate frames, respectively, �⃗⃗�𝑙 

the position vector of the local frame’s origin with respect to the global frame, and 𝑅𝑙𝑜𝑐𝑎𝑙
𝑔𝑙𝑜𝑏𝑎𝑙

 is the 

rotation matrix that describes the segment orientation (local frame) with respect to the global frame 

(Figure 3) [56]. 

l

G

P

 

Figure 3: The position of an arbitrary point (P) in both global and local coordinate frames 

obtained with Eqs. 2.5 and 2.6.  
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It is possible to reconstruct the 3D trajectory of any virtual point on a body segment using a cluster 

of markers (at least three markers). As an example, reconstructing the position and trajectory of 

the first toe (anterior edge of foot, in Figure 4), is possible without having a marker on it and via 

having the information of at least three other optical markers on a solid plate attached to the foot.  

 

Figure 4: Illustration of the rigid plate attached to the foot along with its optical markers. The 

virtual toe marker was reconstructed using the orientation and position of the rigid plate and its 

markers (A, H, and IM).  

𝑦0 = 𝐴(𝑡) − 𝐻(𝑡), 𝑍0 = 𝐼𝑀(𝑡) − 𝐻(𝑡), 𝑋 =
(𝑦0 ×𝑍0)

|𝑦0 ×𝑍0|
, 𝑌 =  

( 𝑍0×𝑋0)

|𝑍0×𝑋0|
, 𝑍 =

( 𝑋0× 𝑌0)

|𝑋0× 𝑌0|
   

𝑅𝑙𝑜𝑐𝑎𝑙
𝑔𝑙𝑜𝑏𝑎𝑙 (𝑡) = [𝑋′ 𝑌′ 𝑍′]                                                                                                             (Eq. 2.7) 

Where A(t), H(t), and IM(t) are the positions of corresponding markers as a function of time (t) in 

the global frame for every sample in time. R(t) indicates the orientation of foot plate in the global 

frame for every sample. For the very first sample, we can reconstruct a virtual toe marker with 

respect to the markers on the plate using additional information obtained by an auxiliary motion-

capture system. This marker is defined to simulate the position and orientation of foot for other 

time samples. Assuming that the foot is rigid, we can use Eq. 2.8 and find the position of 

reconstructed toe marker for every time instant using the initial toe marker position instantaneously 

recorded 3D trajectory the markers on the plate. We can find the BOS kinematics for all time 

instants, with having the position of the virtual toe marker and heel marker (H) for all time instants.  

𝑇𝑜𝑒𝐿 (𝑡) = 𝑇𝑜𝑒𝐿 (0) = 𝑅𝑙𝑜𝑐𝑎𝑙
𝑔𝑙𝑜𝑏𝑎𝑙

(0))−1 ∗ (𝑇𝑜𝑒𝐺(0) − 𝐻𝐺(0))  (Eq. 2.8) 

𝑇𝑜𝑒 𝐺 (t) =  𝐻𝐺(t) + 𝑅𝑙𝑜𝑐𝑎𝑙
𝑔𝑙𝑜𝑏𝑎𝑙 (𝑡) ∗  𝑇𝑜𝑒𝐿(𝑡)) 
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Where indices 0, G and L indicate initial time, global and local frame, respectively. Reconstructing 

or finding the position of any other anatomical landmark (i.e. COM) is possible using the same 

approach. As an example, we found the position of body COM using four markers attached to a 

plate over the sacrum by averaging their position and translating the averaged value by a margin 

inside the body for better approximation [57].   

2.7    Stability measures 

Most of the times stability of a person or a dynamic model arises from its intrinsic properties and 

movement patterns [9]. The ability to recover from external perturbations and the profile of 

external perturbation itself are the two factors that govern the probability of falling. Stability 

measures can reflect that ability of one person to recover from external perturbations whereas these 

perturbations can be small or large. 

Stability measures can be derived from both dynamical system theory (hereafter referred to as 

mathematical measures) and biomechanical characteristics (hereafter referred to as biomechanical 

measures) of the walker. The reason to introduce measures derived from dynamical theory is that 

the system is often non-linear and complex and the explicit equation of human locomotion are 

unknown. Thus numerical methods rather than analytical methods can be useful. Measures such 

as variability measures [58], and maximum Lyapunov exponent [59], [60] are based on numerical 

methods, and dynamic theory whereas XCOM based margin of stability [49] is based on 

biomechanical modeling of the system.  

2.7.1 Variability measures  

In many dynamical systems, an increase in the variability of the system’s behaviour pattern is 

indicative of chaos in the system [58], [61]. Variability measures’ concept can be applied to gait 

stability; however, it is of paramount importance to consider that increased variability in a complex 

dynamical system is not always indicative of chaos alone but can also be indicative of deterministic 
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characteristics of the system [58]. In general, the variability of a complex dynamical system can 

thrive from two separate sources; deterministic components of the system (multiple degrees of 

freedom and complexity of motor control system) and prevailing constraints imposed by the 

surroundings (external disturbances) [62]. It is crucial to keep in mind that there exist no pragmatic 

method to distinguish between the effects if the two sources. As a result, variability measures are 

more useful for balance assessment of simple gait trials with low or no external perturbations [63].  

Despite the fact that numerous variability measures have been utilized for balance assessment, 

commonly used variability measures are based upon deviations of the collected data. Variability 

measures are mostly utilized over time series of meaningful gait parameters such as stride length, 

swing phase percentage, gait cycle time, etc. Due to the simplicity of the nature of variability 

measures and their calculation, variability measures possess noticeable popularity among 

researchers and clinicians [64]. Measures such as coefficient of variation (CV) and median 

absolute deviation (MAD) have been utilized to characterize the inter-stride variability of gait 

cycle time (GCT) and swing phase percentage (SPP) during walking trials.  

2.7.2 Biomechanical measures 

Stability can be defined straightforwardly in simplified mechanical systems. A typical example of 

such simple mechanical system is the inverted pendulum, which is commonly used as the 

simplified model of human standing [65]. For the case of simple static models, body COM has to 

be controlled to stay over the BOS, but for dynamic models where COM velocity is not zero, this 

simple model needs to be extended to account for both COM and BOS velocity as well as their 

position.  

Biomechanical measures are thus based upon biomechanical modeling of the system and 

measurement of body COM and BOS motion states, to be able to assess the stability in spite of the 

existence of large external perturbations. In the following section, we will describe one of the 

widely accepted biomechanical measures of stability, i.e., the margin of stability [66].    
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2.7.2.1 Margin of stability (b) 

The concept of XCOM,  first introduced by Hof et al. [49], was one of the first stability criterions 

that considered both position and velocity of COM at the same time. Based on this measure, COM 

is not necessarily required to be within BOS for stable walking but the XCOM must remain within 

the BOS limits [15]. The XCOM theory was based on an inverted pendulum model of the human 

body. Although, this inverted pendulum modeling assumption was descriptive but neglected the 

effect of arms and upper body movements. Hof et al. showed that for stable walking, feet should 

be positioned posterior and lateral to the XCOM trajectory. Hof et al. also showed that the 

deviation of COM states due to external disturbances (perturbations) could be compensated for 

with multiplying the value of XCOM by a constant, and calculated this constant for sagittal and 

frontal balance control strategies [15]. 

The calculation of XCOM requires the measurement of foot placement, COM position (PCOM), and 

COM velocity (VCOM) [49].  

𝑋𝐶𝑂𝑀 = 𝑃𝐶𝑂𝑀 +
𝑉𝐶𝑂𝑀

𝜔0
                                                                                                          (Eq. 2.9) 

Where 𝑉𝐶𝑂𝑀 is COM’s velocity in sagittal plane and 𝜔0 =  √
𝑔

𝑙𝑒
 . g is the gravitational acceleration 

of earth ( = 9.81 m 𝑠−2) and 𝑙𝑒 is the equivalent pendulum length of the participant. The margin 

of stability will be written as: 

𝑏 = 𝐵𝑂𝑆 − 𝑋𝐶𝑂𝑀                                                                                                                (Eq. 2.10) 

The most unstable situation within a step duration is when the value of b is minimum. We can also 

define the time interval which is needed for COM for XCOM to cross BOS boundaries by:  

𝑏𝜏 =
𝑏

𝑉𝐶𝑂𝑀
                                                                                                                              (Eq. 2.11) 
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2.7.3 Conjunction of biomechanical and variability measures 

The lack of stability measures based on both biomechanical and variability aspects of a system is 

sensible throughout the literature. Measures that are solely based on either variability or 

biomechanical aspects of the human locomotion can neglect either external or natural behaviours 

of the system [9]. In this study we will introduce series of measures built upon biomechanical 

and variability characteristics of the system. 
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Chapter 3 

3    Predicted threshold against forward and 

backward loss of balance for perturbed walking 

The material presented in this chapter has been submitted as a research paper (*) to the Journal 

of Biomechanics. The text formatting of this original paper was altered to match the formatting 

requirements of the University of Alberta.  

* Hosein Bahari, Albert H. Vette, Jacqueline S. Hebert, Hossein Rouhani, “Predicted threshold 

against forward and backward loss of balance for perturbed walking”. Submitted to Journal of 

Biomechanics  

3.1    Abstract  

The biomechanical mechanisms of loss of balance have been studied during walking with slip and 

no-slip conditions; but have not been investigated for other perturbation conditions. This study 

aimed to determine the thresholds of center of mass (COM) velocity and position relative to the 

base of support (BOS) that predict forward and backward loss of balance during walking with a 

range of BOS perturbations. BOS perturbations were modeled as sinusoidal BOS motions in the 

vertical direction or as sagittal rotation. The human body was modeled using a seven-link bipedal 

model. Forward dynamics alongside with dynamic optimization were used to find the thresholds 

of initial COM velocity for each initial COM position that would predict forward or backward loss 

of balance. The effects of perturbation frequency and amplitude on these thresholds were modeled 

based on the simulation data. Experimental data were collected from 15 able-bodied individuals 

and 3 individuals with disability during perturbed walking. The simulation results showed 

similarity with the feasible stability region reported for slip and non-slip conditions. The feasible 
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stability region shrank when the perturbation frequency and amplitude increased, especially for 

larger initial COM velocities. 89.5% (71.4%) and 83.0% (68.7%) of the measured COM position 

and velocity combinations during low (high) perturbations were located inside the simulated limits 

of the stability region, for non-disabled and disabled individuals, respectively. In summary, the 

simulation results demonstrated the effects of different perturbation levels on the stability region. 

The obtained stability region can be used for developing rehabilitative programs in interactive 

environments. 

Keywords: Dynamic optimization; Fall prevention; Forward dynamics; Musculoskeletal 

modeling; Walking stability.  

3.2    Introduction  

Falls initiated by loss of balance during gait account for a significant portion of hip fractures and 

traumatic injuries in older individuals [67], [68]. At least 10 to 20 % of falls lead to injuries that 

require medical attention [69]. Falls also contribute to self-imposed restrictions of daily activities 

among the elderly [70] due to subsequent fear of falling. Understanding mechanisms of falling and 

reasons behind fall initiation can help prevent consequences of falls by developing preventive 

strategies that can help individuals to maintain balance. 

A majority of falls occur during locomotion, such as gait [6]. Human gait stability and its 

correlation with the variability of gait parameters have long been studied [9][17]. Mathematical 

tools such as the maximum Lyapunov exponent [11], maximum Floquet multiplier [10], Poincare 

mapping [12], and standard deviation of step length [13] have been employed to determine the 

variability in gait parameters and correlate this variability with fall risk. These approaches 

generally assume that increased variability in walking patterns indicates impaired stability [9]. 

However, the extent to which these mathematical measures are reliable for perturbed walking 

circumstances is a matter of debate [9], [20].  

Biomechanical mechanisms of walking stability can also be characterized by the state of center of 

mass (COM) motion (i.e., its position and velocity) with respect to its base of support (BOS) [49]. 
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Various efforts have been taken to develop biomechanical models to quantify dynamic stability 

during walking [16], [17], [71]. Concepts such as the extrapolated COM [15] and feasible stability 

region (FSR) [16], [50] were introduced to identify possible combinations of COM motion states 

for which an individual can maintain balance during a gait cycle. In general, if the COM motion 

states during walking are within the FSR, loss of balance is not likely to occur. If these states lie 

below the lower limit of FSR or above the higher limit of FSR, backward loss of balance or forward 

loss of balance, respectively, is most probable to happen [72].  

Previously, the FSR for assessing the dynamic stability of standing and walking in the anterior-

posterior direction has been defined using one-link [73], two-link [7], five-link [74], and twelve-

link models [75]. While all these models were utilized to find the same FSR in the sagittal plane, 

the results varied as a function of the number of links [21]; nevertheless, general agreement with 

the experimental data was found. In addition, FSR during gait followed by a slip was studied using 

a seven-segment model and a complex optimization routine (Figure 5) that incorporated the 

physiological, geometrical, and biomechanical limits during walking [21]. However, since only 

5% of real-world falls of the elderly occur due to slipping [6], it is valuable to identify the FSR for 

other walking perturbation conditions.  

The modalities of walking perturbation that may cause falling are numerous. Therefore, it is 

challenging to characterize FSR for every modality of walking perturbation, separately. To 

develop a model for walking stability and FSR during a wide range of walking perturbations, we 

propose to model walking perturbations using a combination of sinusoidal motions of the BOS in 

the three anatomical planes. We hypothesized that obtaining FSR as a function of amplitude and 

frequency of these sinusoidal motions of the BOS can characterize the FSR for any complex BOS 

motion. In this study, we only focused on BOS perturbations in the vertical direction and on its 

rotation in the sagittal plane, and we suggest characterizing the FSR for other modalities of BOS 

perturbation in the future studies. Our primary objective was to find the effect of external 

perturbations, modeled using sinusoidal BOS motion, on FSR and, thus, to offer a framework to 

evaluate the dynamic stability of perturbed walking in the sagittal plane due to complex BOS 

motions. Our secondary objective was to validate the obtained FSR using experimental data from 

perturbed walking in a Computer-Assisted Rehabilitation ENvironment (CAREN). 
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3.3    Methods  

3.3.1 Modeling of loss of balance during perturbed walking  

A seven-segment bipedal model of the human body in the sagittal plane, based on a previously 

developed model by Yang et al. [21], was built in Simulink (Mathworks, USA). The model aimed 

to reconstruct a swing phase of gait, with the right foot acting as the stationary foot. This model 

consisted of right and left feet, shanks and thighs, along with a head-arms-trunk (HAT) segment 

(Figure 6.a). Human body was modeled as a seven-segment biomechanical model to account for 

the movements of lower limbs (feet, shanks, and thighs) in particular. Motion of upper limbs in 

sagittal plane was less important for us, thus the upper limbs were modeled as one segment (Head-

Arm-Trunk segment) leading to a seven-segment model overall. Inputs to the model included 

initial angle and angular velocity of each joint (𝛳, �̇�), along with their muscle excitation history 

in sagittal plane (Eqs. 3.1 and 3.2). The foot-ground reaction force was calculated based on the 

contact force model presented by previous studies [76]. Inertial characteristics of each body 

segment were derived based on the literature [29], [41]. In Figure 6, the planar motion of the right 

foot was reduced to a revolute motion around the anterior edge of foot (right toe) to reconstruct a 

non-slip situation. The physiological range of motion was used as a constraint for each joint’s 

motion. The model was built based on an 80 kg weighted and 1.8 m tall person’s anthropometric 

data adapted from literature [29]. Similar to [21], [76], physiologically-relevant time-series of joint 

moments were based on maximum flexion and extension moments and respective equations 

presented in the literature [17], [77]: 

𝜏 = {
𝑎(𝑡)𝑇𝐸          𝑎(𝑡) ≥ 0

𝑎(𝑡)𝑇𝐼         𝑎(𝑡) < 0
                  (Eq. 3.1) 

�̇� =
𝑢−𝑎

𝑡𝑎𝑐𝑡𝑖𝑣𝑎𝑡𝑖𝑜𝑛
 ,   −1 ≤ 𝑢(𝑡), 𝑎(𝑡) ≤ 1               (Eq. 3.2) 
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Figure 5: Flowchart of simulation and optimization process: An initial model was used to 

determine the initial joint moments at the instance of foot toe-off. Inputs to this model were each 

joint’s initial angle obtained from experimental data. Then, a forward dynamics model was used 

to perform movement simulation. Inputs to this model were each joint’s initial angle, angular 

velocity, torque, and muscle excitation history.  
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Figure 6: (a) schematic of the bipedal human model in the sagittal plane. The model parameters 

were defined by a group of joint angles (Ө1, Ө2, … , Ө7). (b) and (c) show the base of support (BOS) 

perturbation as a rotation in the sagittal plane and as a vertical displacement, respectively.  

A Genetic Algorithm (GA) optimization method was used to find the thresholds against backward 

and forward loss of balance (Figure 5). The input to the optimization routine included 76 control 

node values, seven initial angular velocities, and seven initial angles corresponding to the body 

joints. The optimization routine was solved for six cases of vertical perturbation, six cases of 

sagittal rotation perturbation, and one case of unperturbed walking (Figure 6.b and 6.c). Two 

separate optimization cost functions (CF) were used to find the maximum and minimum feasible 

initial velocities to prevent forward and backward loss of balance. The cost function to find the 

minimum initial velocity of the COM was chosen based on previous studies [21], including a few 
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enhancements to model a smooth and more natural progression of swing phase, necessary for 

analyzing the stability of perturbed walking:  

𝐶𝐹𝑏𝑎𝑐𝑘𝑤𝑎𝑟𝑑 =  𝑤1 �̇�𝐶𝑂𝑀
𝑖𝑛𝑖𝑡𝑖𝑎𝑙 + 𝑤2|�̇�𝐶𝑂𝑀

𝑓𝑖𝑛𝑎𝑙
| + 𝑤3 ∫ 𝑒(𝐹𝑦(𝑡))𝑑𝑡

𝑡𝑓

𝑡𝑖
+ 𝑤4 ∫ 𝑒(Ө(𝑡))𝑑𝑡

𝑡𝑓

𝑡𝑖
+

                            𝑤5 ∫ 𝑒(Ө̇(𝑡))𝑑𝑡
𝑡𝑓

𝑡𝑖
+  𝑤6 ∫ ⌊min(𝑦𝑙,𝑡𝑜𝑒(𝑡), 𝑦𝑙,ℎ𝑒𝑒𝑙(𝑡))⌋𝑑𝑡

𝑡𝑓

𝑡𝑖
+

                            𝑤7𝑒(𝑥𝐶𝑂𝑀
𝑓𝑖𝑛𝑎𝑙

− 𝑥𝑟,ℎ𝑒𝑒𝑙
𝑓𝑖𝑛𝑎𝑙

) + 𝑤8 ∫ 𝜏(𝑡)2𝑑𝑡
𝑡𝑓

𝑡𝑖
+ 𝑤9⌊𝑥𝑙,ℎ𝑒𝑒𝑙

𝑓𝑖𝑛𝑎𝑙
− 𝑥𝑟,𝑡𝑜𝑒

𝑓𝑖𝑛𝑎𝑙
⌋ +

                            𝑤10|𝑦𝐻𝐴𝑇 𝐶𝑂𝑀
𝑖𝑛𝑖𝑡𝑖𝑎𝑙 − 𝑦𝐻𝐴𝑇 𝐶𝑂𝑀

𝑓𝑖𝑛𝑎𝑙
| +  𝑤11 ∫ 𝑒(𝑦𝑙,ℎ𝑒𝑒𝑙 − 𝑦𝑟,ℎ𝑒𝑒𝑙)

𝑡𝑓

𝑡𝑖
𝑑𝑡 +

                            𝑤12 ∑ ∫ 𝑆𝐷(Ө𝑖)
𝑡𝑓

𝑡𝑖

6
𝑖=1 𝑑𝑡                                      (Eq. 3.3) 

In Eq. (3.3), integrals were taken over the simulation time to ensure that no physiological constraint 

is violated during the simulation. Subscripts r and l indicate right and left foot, and 𝑡𝑖 , 𝑡𝑓 indicate 

the initial and final time instance of the simulation, respectively. The 𝑒(𝑥(𝑡)) and ⌊𝑥(𝑡)⌋ functions 

are defined in [21]. The rationale for including the first to eighth terms in the cost function has 

been discussed in [21]. However, we added terms 9, 10, 11, and 12 to the previously developed 

cost function. The ninth term ensures the left foot is placed in front of the right foot at the end of 

simulation and a complete swing phase is performed. The tenth term ensures the HAT segment 

remains upright and almost at constant height with physiologically meaningful motions. The 

eleventh term guarantees the left heel is in contact with the ground at the end of simulation. Finally, 

the twelfth term ensures each segment’s angle changes smoothly and does not illustrate rapid 

movements (SD: standard deviation). Adding these terms is important for perturbation analyses 

where relative motion of body segments is important compared to the unperturbed case where the 

support surface is motionless. These terms particularly, assured an almost upright posture of the 

trunk segment and a smooth leg swing during perturbed gait.  

A similar cost function was used to find the maximum initial velocity: 

𝐶𝐹𝑓𝑜𝑟𝑤𝑎𝑟𝑑 =  𝑤1 /�̇�𝐶𝑂𝑀
𝑖𝑛𝑖𝑡𝑖𝑎𝑙 + 𝑤2|�̇�𝐶𝑂𝑀

𝑓𝑖𝑛𝑎𝑙
| + 𝑤3 ∫ 𝑒(𝐹𝑦(𝑡))𝑑𝑡

𝑡𝑓

𝑡𝑖
+ 𝑤4 ∫ 𝑒(Ө(𝑡))𝑑𝑡

𝑡𝑓

𝑡𝑖
+

                          𝑤5 ∫ 𝑒(Ө̇(𝑡))𝑑𝑡
𝑡𝑓

𝑡𝑖
+ 𝑤6 ∫ ⌊min(𝑦𝑙,𝑡𝑜𝑒(𝑡), 𝑦𝑙,ℎ𝑒𝑒𝑙(𝑡))⌋𝑑𝑡

𝑡𝑓

𝑡𝑖
+

                          𝑤7𝑒(𝑥𝐶𝑂𝑀
𝑓𝑖𝑛𝑎𝑙

− 𝑥𝑟,𝑡𝑜𝑒
𝑓𝑖𝑛𝑎𝑙

) +  𝑤8 ∫ 𝜏(𝑡)2𝑑𝑡
𝑡𝑓

𝑡𝑖
+ 𝑤9⌊𝑥𝑙,ℎ𝑒𝑒𝑙

𝑓𝑖𝑛𝑎𝑙
− 𝑥𝑟,𝑡𝑜𝑒

𝑓𝑖𝑛𝑎𝑙
⌋ +
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                          𝑤10|𝑦𝐻𝐴𝑇 𝐶𝑂𝑀
𝑖𝑛𝑖𝑡𝑖𝑎𝑙 − 𝑦𝐻𝐴𝑇 𝐶𝑂𝑀

𝑓𝑖𝑛𝑎𝑙
| +  𝑤11 ∫ 𝑒(𝑦𝑙,ℎ𝑒𝑒𝑙 − 𝑦𝑟,ℎ𝑒𝑒𝑙)

𝑡𝑓

𝑡𝑖
𝑑𝑡 +

                          𝑤12 ∑ ∫ 𝑆𝐷(Ө𝑖)
𝑡𝑓

𝑡𝑖

6
𝑖=1 𝑑𝑡                (Eq. 3.4) 

The change in the first and seventh term was made to obtain the maximum initial velocity and to 

end the swing phase with a COM position behind the front end of BOS (right toe), respectively. A 

trial and error approach was used to determine the optimal weight of each term in both cost 

functions (𝑤𝑖). In all simulations, the right foot was assumed to be fxed to the BOS, and the COM 

motion states were calculated with respect to the BOS. The BOS motion was assumed to be 

sinusoidal: translational in the vertical direction and, in separate simulations, rotational in the 

sagittal plane. The amplitude of these sinusoidals was assumed to be ±5 cm, ±10 cm, and ±15 cm 

for vertical displacemets and ±1.5°, ±5°, and ±10° for sagittal rotations. Their frequency was 

assumed to be 1 Hz and 3 Hz. These values were chosen based on the perturbation profiles 

implemented in the experiments conducted in the CAREN (see Section 3.3.2). We then obtained 

the FSR limits for each amplitude and frequency and for each perturbation modality, as well as for 

the unperturbed condition. We modeled the FSR limits for backward and forward loss of balance 

as second-order polynomials:  

�̇�𝑛 =  𝑎1. 𝑥𝑛
2 + 𝑎2. 𝑥𝑛 + 𝑎3                   (Eq. 3.5) 

where �̇�𝑛 and 𝑥𝑛 are the normalized relative velocity and position of the COM, respectively. 

Subsequently, we modeled the parameters of these polynomials (𝑎𝑖) as a function of perturbation 

amplitude (𝐴) and frequency (𝑓) using a least-square error minimization approach: 

𝑎𝑖 =  𝑏1. 𝑓 + 𝑏2. 𝐴 + 𝑏3. 𝑓. 𝐴 +  𝑏4                  (Eq. 3.6) 

 

 

3.3.2 Experimental validation 
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To evaluate the obtained FSR limits through simulations in Section 3.3.1, we compared them with 

those previously presented in the literature. In addition, experimental data for the cases of 

perturbed and unperturbed walking were collected. Experiments were conducted using a CAREN. 

Fifteen non-disabled individuals having average body height and body weight of 1.79±0.09 m and 

78.7±5.8 kg, respectively, and three individuals with amputation (one with unilateral trans-

femoral, one with unilateral trans-tibial, and one with unilateral upper limb amputation and 

sustained traumatic brain injury) (body height: 1.78±0.1 cm; body weight: 75.7±3.8 kg) 

participated in this study. The experimental protocol was approved by the local research ethics 

board (protocol number: Pro00066076), and all participants gave informed consent. Each 

participant performed a walking trial including four sessions: One session of 30 meters of 

unperturbed walking, followed by three sessions of 60 meters of perturbed walking. Walking trials 

were performed on a treadmill, which adapted to the speed of walking of each individual to model 

their natural walking situation. Perturbations were delivered in the form of random vertical 

displacements or random sagittal plane rotations of the platform. Perturbations increased in 

amplitude (ranging from ±0.01 meters to ±0.08 meters in the vertical direction and 0 to ±3 degrees 

in rotation). The COM position and velocity as well as the BOS position and velocity were 

calculated using data from optical motion capture (Vicon Inc., Oxford, United Kingdom). The 

BOS motion was tracked using four markers placed on a rigid plate attached to each foot, whereas 

COM motion was tracked using four markers placed on a rigid plate attached to a belt around the 

sacrum. Four additional markers were used to track the motion of the platform. We obtained the 

COM motion states (with respect to the BOS) and investigated if they were within the FSR 

obtained through simulations. 

3.4    Result  

The FSR limit for backward loss of balance obtained in the present study for non-slip, unperturbed 

walking was more conservative than that reported by Pai et al. [8]who used a two-segment model. 

Our obtained limit for forward loss of balance was close to that reported by Pai et al.[8]. Our 

obtained limit for backward loss of balance was, however, less conservative than that obtained by 
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Yang et al. Note that Yang et al. [78] used the same body model, but implemented a different 

optimization cost function and also simulated a slip condition  (Figure 7). 

 

Figure 7: Limits of the feasible stability range (FSR), obtained for backward and forward loss of 

balance, in the center of mass (COM) motion state space. COM position and velocity (relative to 

the base of support; BOS) were normalized to foot length (Fl) and √𝑔 × 𝑏ℎ (g: gravitational 

acceleration; bh: body height), respectively. Values of 0 and –1 on the horizontal axis indicate the 

location of the right toe and heel, respectively. These limits (shown as red lines) are compared to 

those obtained by Pai et al. [8] and Yang et al. [78] for non-slip conditions that used a different 

number of segments and/or optimization cost function.  

According to Figure 8, an increase in both the amplitude and frequency of the vertical displacement 

and sagittal rotation resulted in a reduced range of FSR for both backward and forward loss of 

balance. Table 1 presents the limits of backward and forward loss of balance, modeled as second-

order polynomials for different amplitudes and frequencies of the vertical displacement and 
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sagittal rotation of the BOS. The limit of forward loss of balance could be modeled as a line, since 

the coefficients of the second-order term were close to zero. Using the results presented in Table 

1, each of the second-order polynomial parameters (𝑎𝑖) was modeled as a function of perturbation 

frequency and amplitude, as illustrated in Table 2.  

Table 1: Limits of backward and forward loss of balance during walking with vertical displacement 

and sagittal rotation perturbations of the base of support (BOS). Each type of perturbation is 

modeled as a sinusoidal motion with different levels of frequency (f) and amplitude (A). For each 

perturbation condition, the first and second rows indicate a polynomial equation that models the 

limits of backward and forward loss of balance, respectively. These equations are expressed in the 

form of �̇�𝑛 =  𝑎1. 𝑥𝑛
2 + 𝑎2. 𝑥𝑛 + 𝑎3 , �̇�𝑛. 𝑥𝑛 stand for COM velocity and position, with respect to 

the BOS, and normalized to √𝑔 × 𝑏ℎ (g: gravitational acceleration; bh: body height) and foot 

length, respectively.  

Vertical 

displacement 
Polynomial  Sagittal 

rotation 

Polynomial 

f= 1 Hz  

A= ±5 cm  

�̇�𝑛 =  − 0.026 𝑥𝑛
2 − 0.274 𝑥𝑛 − 0.244 

 �̇�𝑛 =  − 0.036 𝑥𝑛
2 − 0.243 𝑥𝑛  

 f= 1 Hz  

A= ±1.5º  

�̇�𝑛 =  − 0.129 𝑥𝑛
2 − 0.621𝑥𝑛 − 0.491  

�̇�𝑛 =  − 0.041 𝑥𝑛
2 − 0.263𝑥𝑛  

f= 1 Hz  

A= ±10 cm  

�̇�𝑛 =  − 0.041 𝑥𝑛
2 − 0.324 𝑥𝑛 − 0.283 

 �̇�𝑛 =  − 0.009 𝑥𝑛
2 − 0.194 𝑥𝑛  

 f= 1 Hz  

A = ±5º 

�̇�𝑛 =  − 0.098 𝑥𝑛
2 − 0.558𝑥𝑛 − 0.460  

�̇�𝑛 =  − 0.042 𝑥𝑛
2 − 0.254𝑥𝑛  

f= 1 Hz  

A= ±15 cm  

�̇�𝑛 =  − 0.122 𝑥𝑛
2 − 0.582 𝑥𝑛 − 0.459 

 �̇�𝑛 =   0.001 𝑥𝑛
2 − 0.172 𝑥𝑛  

 f= 1 Hz  

A= ±10º  

�̇�𝑛 =  − 0.114 𝑥𝑛
2 − 0.610𝑥𝑛 − 0.496  

�̇�𝑛 =  − 0.047 𝑥𝑛
2 − 0.253𝑥𝑛  

f= 3 Hz  

A= ±5cm  

�̇�𝑛 =  − 0.082 𝑥𝑛
2 − 0.443 𝑥𝑛 − 0.361 

 �̇�𝑛 =  − 0.041 𝑥𝑛
2 − 0.243 𝑥𝑛  

 f= 3 Hz  

A= ±1.5º  

�̇�𝑛 =  − 0.152 𝑥𝑛
2 − 0.670𝑥𝑛 − 0.548  

�̇�𝑛 =  − 0.050 𝑥𝑛
2 − 0.266𝑥𝑛  

f= 3 Hz  

A= ±10 cm  

�̇�𝑛 =  − 0.080 𝑥𝑛
2 − 0.457 𝑥𝑛 − 0.376 

 �̇�𝑛 =  − 0.026 𝑥𝑛
2 − 0.210 𝑥𝑛  

 f= 3 Hz  

A= ±5º  

�̇�𝑛 =  − 0.101 𝑥𝑛
2 − 0.574𝑥𝑛 − 0.473  

�̇�𝑛 =  − 0.045 𝑥𝑛
2 − 0.247𝑥𝑛  

f= 3 Hz  

A= ±15 cm  

�̇�𝑛 =  − 0.101 𝑥𝑛
2 − 0.536 𝑥𝑛 − 0.436 

 �̇�𝑛 =  − 0.009 𝑥𝑛
2 − 0.179 𝑥𝑛  

 f= 3 Hz  

A= ±10º  

�̇�𝑛 =  − 0.104 𝑥𝑛
2 − 0.591𝑥𝑛 − 0.487  

�̇�𝑛 =  − 0.053 𝑥𝑛
2 − 0.251𝑥𝑛  
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Figure 8: Effects of frequency and amplitude of the perturbations on the limits of the feasible 

stability range (FSR). Plots (a) to (e) show the FSR limits when base of support (BOS) 

perturbations are modeled as sinusoidal movements in the vertical direction, and plots (f) to (j) 

show the FSR limits when BOS perturbations are modeled as a sinusoidal rotation between right 

foot and the horizontal plane.  The center of mass (COM) position and velocity are normalized as 

in Figure 7.  
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Table 2:  The parameters of the polynomial equations that modeled the limits of backward and 

forward loss of balance in Table 1, modeled as a function of frequency and amplitude of 

perturbation. This equation is expressed as �̇�𝑛 =  𝑎1. 𝑥𝑛
2 + 𝑎2. 𝑥𝑛 + 𝑎3 for each perturbation 

condition. Each parameter (𝑎𝑖: 𝑎1, 𝑎2, or 𝑎3) is modeled as  𝑎𝑖 =  𝑏1. 𝑓 + 𝑏2. 𝐴 + 𝑏3𝑓. 𝐴 +  𝑏4, 

where 𝑓 stands for frequency in Hz and A stands for amplitude in meters (vertical displacement 

perturbation) and radians (sagittal rotation perturbation).  

 Vertical displacement Sagittal rotation 

𝒂𝟏 𝐟𝐨𝐫 𝐮𝐩𝐩𝐞𝐫 𝐥𝐢𝐦𝐢𝐭 −0.012𝑓 + 0.210𝐴 + 0.050𝑓. 𝐴 − 0.027 −0.007𝑓 − 0.116𝐴 + 0.035𝑓. 𝐴 − 0.027 

𝒂𝟐 𝐟𝐨𝐫 𝐮𝐩𝐩𝐞𝐫 𝐥𝐢𝐦𝐢𝐭 −0.017𝑓 + 0.388𝐴 + 0.108𝑓. 𝐴 − 0.232 −0.012𝑓 − 0.158𝐴 + 0.097𝑓. 𝐴 − 0.235 

𝒂𝟑 𝐟𝐨𝐫 𝐮𝐩𝐩𝐞𝐫 𝐥𝐢𝐦𝐢𝐭 0 0 

𝒂𝟏 𝐟𝐨𝐫 𝐥𝐨𝐰𝐞𝐫 𝐥𝐢𝐦𝐢𝐭 −0.0011𝑓 − 0.285𝐴 − 0.039𝑓. 𝐴 − 0.040 −0.027𝑓 − 0.289𝐴 + 0.213𝑓. 𝐴 − 0.073 

𝒂𝟐 𝐟𝐨𝐫 𝐥𝐨𝐰𝐞𝐫 𝐥𝐢𝐦𝐢𝐭 −0.003𝑓 − 0.998𝐴 − 0.188𝑓. 𝐴 − 0.304 −0.090𝑓 − 1.320𝐴 + 0.676𝑓. 𝐴 − 0.419 

𝒂𝟑 𝐟𝐨𝐫 𝐥𝐨𝐰𝐞𝐫 𝐥𝐢𝐦𝐢𝐭 −0.001𝑓 − 0.705𝐴 − 0.158𝑓. 𝐴 − 0263 −0.073𝑓 − 1.050𝐴 + 0.526𝑓. 𝐴 − 0.342 
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Figure 9: COM position and velocity obtained experimentally for two walking trials of one 

representative non-disabled participant (+ points) and one case of participant (Δ points) with 

amputation (feasible stability limits, FSR, obtained through simulation results). + and Δ Points 

illustrate right foot lift-off instances. The top graph is representative of the walking trial with low 

perturbation intensity (vertical displacements and sagittal rotations with frequency of 1 Hz and 

amplitudes of ±1cm and ±0.6º, respectively), and the bottom graph is representative of the walking 

trial with high perturbation intensity (vertical displacements and sagittal rotations with frequency 

of 3 Hz and amplitudes of ±6 cm and ±3º, respectively).  

For each walking perturbation condition, a majority of the experimentally obtained COM motion 

states of non-disabled individuals and individuals with amputation were within the FSR obtained 

through simulation (Figure 9). In trials with the higher perturbation level, we observed more 

scattered COM motion states for both initiation and termination of a swing phase.  

For non-disabled participants, an average of 89.5% of experimentally recorded COM motion states 

at the toe-off instance were initiated inside the FSR limits for both vertical displacement and 
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sagittal rotation conditions (120 to 200 steps) under the low perturbation condition (frequency of 

1 Hz and amplitudes of ±1 cm and ±0.6º). For the high perturbation condition (frequency of 3 Hz 

and amplitudes of ±6 cm and ±3º), the mentioned ratio was 71.4%. For participants with 

amputation, these ratios were 83.0% and 68.7% for low perturbation and high perturbation 

conditions, respectively. The FSR limits for high and low perturbation conditions were obtained 

using the coefficients presented in Table 2. Reported values contain both right and left toe-off 

instances of each participant during perturbed treadmill walking trials. The number of steps and 

toe-off instances varied among participants due to the fact that the walking trials were designed 

for a fixed walking distance, rather than a fixed number of steps as well the loss of camera 

recording for a number of gait cycles.  

3.5    Discussion  

The human body faces a variety of walking perturbation modalities during daily life. To reduce 

the risk of falling due to real-world perturbations, rehabilitation programs in virtual reality 

environments such as the CAREN have been developed. Similar to real-world perturbations, these 

environments can apply walking perturbations using complex motions of a moving platform. A 

prerequisite for developing individual-specific, efficient rehabilitation programs is to quantify the 

dynamic stability and risk of loss of balance during perturbed walking, as a function of the 

perturbation profile. Although the FSR for unperturbed walking and a few perturbation conditions 

(e.g., slip) have been reported in the literature [21], [79], there is currently no model for the FSR 

during complex walking perturbations similar to those applied by the CAREN platform. We 

assumed that the complex translational and rotational motions of the CAREN platform can be 

molded as a series of sinusoidal motions in each direction. The original contribution of this study 

was to determine the FSR limits as a function of the amplitude and frequency of the sinusoidal 

movements of BOS in the vertical direction and as sagittal rotation. We used a seven-link model 

of the body previously developed in the literature [21]. However, we modified the previously 

suggested dynamic optimization and added additional terms to its cost function to ensure smooth 

and realistic motion of the body during the swing phase, improve the accuracy of the estimated 

FSR, and enable modeling of loss of balance during perturbed walking. The FSR from our 
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simulation process for unperturbed walking derived from our proposed optimization cost function 

and seven-link model was similar to those previously reported by Pai et al. [8] and Yang et al. [21]. 

Particularly, our study presents a more conservative FSR limit for backward loss of balance 

compared to the previously reported ones [21], with the same seven-segment model and a similar 

optimization cost function. Comparing the experimentally recorded COM motion states with the 

modeled limits of FSR can provide mechanistic insights into the human motor control system 

under perturbed conditions for individuals with different neuromuscular impairments.  

We modeled the upper and lower limits of the FSR as second-order polynomials and obtained the 

polynomial parameters as a function of the perturbation amplitude and frequency for vertical 

displacements and sagittal rotations of the BOS. Our results show that an increase in both 

amplitude and frequency shrinks the FSR boundaries. This suggests that more conservative 

strategies are required for balance control of COM motion states in the case of perturbed walking.  

The collected COM motion sates were experimentally collected for non-disabled individuals as 

well as for individuals with trans-femoral or trans-tibial amputation or brain injury during walking, 

with high and low levels of perturbation. A majority of the COM motion states at the beginning of 

the swing phase (toe-off event) were located within the FSR limits. A number of these COM 

motion states at the beginning of the swing phase were outside of the FSR range, with no fall 

occurring. The portion of the COM motion states lying outside the FSR limits increased from 10.5 

to 28.6% (for non-disabled individuals) when increasing the perturbation intensity, which is 

consistent with the increased variability of gait [80] expected with higher levels of perturbation.  

Note that the presented FSR limits for backward and forward loss of balance are relative 

measures and do not deterministically predict the loss of balance and falling. Therefore, similar to 

previous studies, we expect to observe a number of COM motion states outside the estimated FSR, 

without an incidence of falling [21] for the following reasons: First, our proposed model predicted 

only biomechanical mechanisms of loss of balance. The thresholds for loss of balance and falling 

may change due to psychological or cognitive reasons. Second, our estimation of the physiological 

ranges of joint moments and the ability of an individual to control them was based on models 

reported in the literature (Eqs. (3.1) and (3.2)) [27], [31]. The model parameters and the maximum 

joint moments are expected to change as a function of an individual’s neuromuscular condition, 
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and not considering such variability in our study is a limitation. Third, loss of balance does not 

usually result in falling, but requires an action for recovery. An individual who is at high risk of 

loss of balance usually adopts a modified control strategy to maintain their balance in the presence 

of a perturbation, such as taking recovery steps or changing the step length and width during 

walking. Fourth, assuming the HAT as a rigid segment neglects the motion of the upper limbs and 

their potential contribution to walking stability. Although this contribution is reported to not be 

significant for slip condition [81], it is possible that during applied perturbation in our experiments, 

the COM motion states moved out of the FSR, but that the upper limbs and trunk motion brought 

the COM motion states back to the FSR. Fifth, we modeled body movements only in the sagittal 

plane, whereas perturbations and movements in the frontal plane can alter the limits of FSR. These 

two latter topics along with the effect of BOS perturbation in anterior-posterior direction on the 

FSR should be investigated in the future. Despite these limitations and the influence of these 

balance mechanisms that must be studied in the future, the present study accomplishes the first 

step for such future studies. Our study also quantified the challenges that individuals with 

neuromuscular impairment would face in a specific perturbation condition and, thus, contributes 

to the development of rehabilitative programs.  

3.6    Conclusions  

This study quantified the effect of walking perturbations in the forms of vertical displacements of 

the base of support (ground) and its rotation in the sagittal plane on the FSR against backward and 

forward loss of balance. Considering the limitations of this study, we can support the integrity of 

our results by relying on the comparison with FSR limits presented in the literature and on our 

experimental results from non-disabled individuals and individuals with amputation during 

walking. The FSR limits provided in this study can be used as a basis for developing rehabilitative 

programs conducted in virtual reality environments such as the CAREN and for providing training 

guidelines for participants with walking disabilities. The findings of this study can also enhance 

our mechanistic understanding of human motor control under different walking perturbation 

conditions.
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Chapter 4 

4    Extended feasible stability region: An approach 

      to assess stability of perturbed walking 

The material presented in this chapter has been submitted as a research paper (*) to the Journal 

of Biomechanics. The text formatting of this original paper was altered to match the formatting 

requirements of the University of Alberta.  

(*) Hosein Bahari, Juan Forero, Jeremy C. Hall, Jacqueline S. Hebert, Albert H Vette, Hossein 

Rouhani. “Extended feasible stability region: An approach to assess stability of perturbed 

walking”. Submitted to Journal of Biomechanics 

4.1    Abstract 

Walking stability has been assessed through gait variability or biomechanical measures that are 

usually unable to characterize the instantaneous risk of loss-of-balance as a function of gait 

parameters, body sway, and physiological and perturbation conditions. This study aimed to 

introduce and validate biomechanical measures for walking stability as a function of these 

parameters under various perturbed walking conditions.  

We extended the use of the concept of feasible stability region (FSR) and introduced an ‘extended 

FSR (ExFSR)’ that characterizes walking stability for a full step, and proposed novel stability 

measures based on the proximity of the body center of mass (COM) position and velocity to the 

ExFSR limits . We quantified perturbed walking of fifteen non-disabled individuals and three 

individuals with disability, and calculated inter-stride variability of gait parameters, the 

extrapolated-COM-based margin of stability, and our proposed ExFSR-based measures.   
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11.1% (30.8%) and 25.4% (33.3%) of the measured trajectories of the COM position and velocity 

during low (high) perturbations went outside the calculated extended FSR limits, for non-disabled 

and disabled individuals, respectively. These measures significantly correlated with the 

extrapolated-COM-based margin of stability in both perturbation conditions, and with inter-stride 

variability of swing phase percentage in the high-perturbation condition.  

The credibility of the ExFSR-based measures was supported by their experimentally-observed 

correlation with existing measures. The ExFSR-based measures facilitate our understanding on the 

biomechanical mechanisms of loss-of-balance as a function of gait parameters, body sway, and 

physiological and perturbation conditions. As such, these measures can contribute to the 

development of rehabilitative programs.  

Keywords: balance assessment; computational biomechanics; fall prevention; forward dynamics; 

gait stability.   

4.2    Introduction 

It has been observed that the risk of falling during daily life increases with aging [82] and chronic 

neuromuscular disorders [80]. Falls pose a noticeable threat to the growing population of elderly 

people [68] as they can result in serious physical injuries [69] or psychosocial complications due 

to self-imposed restrictions caused by fear of falling [70]. Quantifying the risk of falling 

contributes to designing prevention strategies and, thus, reducing the incidence of falling.  

A considerable portion of falls occurs during walking [6]. Stable walking can be defined as “gait 

that does not lead to falls despite perturbations” [9]. On the one hand, walking stability has been 

characterized using measures based on dynamic system stability [9], such as maximum Lyapunov 

exponent [83], long-range correlation [62] and variability measures [58]. They assess the ability 

of the system to nullify the effects of small external perturbations, but cannot quantitatively 

separate the effects of walking pattern and external perturbation conditions on the risk of loss-of-

balance. On the other hand, walking stability can be characterized using measures derived from 

biomechanical models. Such measures account for circumstances and conditions governing the 
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real-world environments. Consequently, the effects of the external perturbations and of 

physiological and environmental conditions on these biomechanical measures can be characterized 

[84]. These measures obtain the limits of  a feasible stability region (FSR) in which the COM states 

should lie to maintain dynamic balance during walking [8], [15]. Complex biomechanical models 

in combination with optimization processes have been proposed to obtain the FSR limits for 

standing and walking [21], [85].  

A common example of human body modeling is the inverted pendulum modeling of standing [8]. 

Other biomechanical models with more segments and higher complexity have also been developed 

to account for the effects of several body segments [19], [86]. Despite the potential for modeling 

the effects of complex perturbation conditions on loss-of-balance, biomechanical stability 

measures have not been widely employed to investigate loss-of-balance in daily conditions and 

were not implemented in clinical research, mainly due to their computational and mathematical 

complexity.  

We recently developed a seven-segment bipedal model of human walking (similar to [21]) and 

developed a methodology to obtain the FSR limits as a function of the amplitude and frequency of 

complex BOS perturbations in the sagittal plane, and validated it for balance at toe-off [85]. The 

primary objective of the present study is to define biomechanical stability  measures in the sagittal 

plane based on an extension of the FSR concept for full steps during unperturbed and perturbed 

walking based on this previously developed model. The secondary objective is to support the 

credibility of our proposed measures by showing their correlations with other previously reported 

stability measures using experimental data gathered during perturbed walking in a Computer-

Assisted Rehabilitation ENviroment (CAREN). These proposed stability measures will 

characterize loss-of-balance as a function of the COM motion during walking, gait parameters, 

and physiological and perturbation conditions.  
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4.3    Methods  

4.3.1 Modeling Loss-of-Balance 

To find the FSR in the sagittal plane during an entire step for the cases of unperturbed and 

perturbed walking, we used a seven-segment bipedal model of a walking human similar to the one 

in [21] (Figure 10). The model was capable of obtaining the FSR at the toe-off instant of the swing 

(following) foot where the BOS was the standing (leading) foot in contact with the ground. 

Although our previously obtained FSR in chapter 3 [85] was introduced and tested for the toe-off 

instant, experimental data gathered during various walking trials showed that body COM states 

eventually leave the FSR during the swing phase period. This would not necessarily result in loss-

of-balance because the BOS expands to the area under and between both feet as soon as the swing 

foot touches the ground in front of the standing foot at the beginning of the double-support phase 

(i.e., heel-strike instant). Then, the COM states would be once again located in the succeeding FSR 

based on the succeeding BOS location and, thus, both COM and BOS progress during walking.  

 

 

Figure 10: Illustration of optimization and simulation process used to obtain the Feasible Stability 

Region (FSR) limits for perturbed walking conditions. The output of the optimization process is 

the maximum and minimum feasible normalized COM velocity for every initial COM position.  

Given that each step is composed of a swing phase and a succeeding double-support phase, we 

assume in the present study that:  
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i) balance at the beginning of the step (i.e., the toe-off instant of the swinging foot) will 

not be lost as long as the COM state stays within the FSR pertaining to the standing 

foot (posterior foot in Figure. 11); 

ii) balance at the end of the step (i.e., the toe-off instant of the ex-standing foot) will not 

be lost as long as the COM state stays within the FSR pertaining to the ex-swinging 

foot (anterior foot in Figure 11); and 

iii) balance during the swing phase and its succeeding double-support phase will not be 

lost as long as the COM state stays in front of the lower limit of the FSR pertaining to 

case (i) and behind the upper limit of the FSR pertaining to case (ii).  

Therefore, to expand the definition of FSR to assess the stability of consecutive steps, we defined 

the ‘Extended Feasible Stability Region (ExFSR)’ for the duration of one step; accordingly, 

ExFSR consisted of the FSR pertaining to both feet, and the state space between them. Note that 

these two FSRs are separated by the distance between the posterior foot’s anterior edge (toe) and 

the anterior foot’s posterior edge (heel) for the duration of the double-support phase (Figure 11). 

The distance between the two feet (D) at the heel strike instant was measured using the reflective 

markers attached to each foot.
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Figure 11: Extended Feasible Stability Region (ExFSR), along with the body’s COM motion 

trajectory for the duration of one foot’s toe-off instant to the next foot’s toe-off instant (one 

complete swing phase and the following double-support phase). ExFSR region has been marked 

with transparent dashed lines. The shortest distance between the COM motion trajectory and the 

lower and upper limits of ExFSR (𝑀𝐿(n) and 𝑀𝑈(n)) was measured as the stability measure. LF, 

SF and SL stand for standing foot, swinging foot, and step length, respectively. 

Then, we introduced the shortest distance from the trajectory of the COM state to the lower and 

upper boundary (limit) of the ExFSR as the ‘measure of stability (i.e., ML(n) and MU(n), 

respectively)’ that characterized the risk of backward and forward loss-of-balance, respectively, 

during one isolated step during human gait (n is the step index). M(n) (i.e., ML(n) or MU(n)) depend 

on both the COM position and velocity, and illustrates how close the individual can be to loss-of-

balance for the duration of a step. The smaller M(n) is the more probable loss-of-balance will be. 

A positive value is assigned to M(n) if the closest COM state to the ExFSR limits lies within 

ExFSR, and a negative value if the mentioned state lies outside the ExFSR (Figure 11). A negative 

M(n) is indicative of temporary loss-of-balance that needs to be recovered during the next step to 

prevent the incidence of falling. Based on the physiological condition of the walker and value of 
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negative M(n), the temporary loss-of-balance can either be recovered or lead to an incidence of 

falling.  

4.3.2 Experimental Protocol 

To validate our proposed measures of stability against existing stability measures, we conducted a 

set of experiments using a CAREN [87]. 16 reflective markers were used to track the motions of 

the platform, body BOS, and body COM. We tracked the BOS motion using four makers mounted 

on a rigid plate attached to each foot. The body COM motion was tracked using four markers 

mounted on another plate attached over the sacrum. All the participants gave informed consent to 

perform the experiments approved by the local research ethics board (protocol number: 

Pro00066076). The same experimental data were used in [85]. 15 non-disabled individuals (body 

height: 179±9 cm and body weight of 78.7±5.8 kg; mean±standard deviation) and three individuals 

with amputation – one with unilateral trans-femoral, one with unilateral trans-tibial, and one with 

unilateral upper limb amputation and sustaining traumatic brain injury (body height: 179, 187, 168 

cm, and body weight: 75.8, 79.7, 72 kg) – participated in this study. We recorded two 60-meter 

perturbed walking trials for each participant, a “low-perturbation” and a “high-perturbation” 

walking trial. During the low-perturbation (high-perturbation) trials, perturbations occurred in the 

form of vertical displacement and sagittal and lateral rotations of the BOS, with dominant 

frequencies and amplitudes of 1 Hz (3 Hz) and 1 cm (8 cm) in the vertical direction and of 1 Hz 

(3 Hz) and 0.06 deg (3 deg) in the rotational directions. Walking trials were performed on a 

treadmill, which adapted to the speed of walking of each individual to mimic natural walking. 

Normalized COM position and velocity with respect to the BOS at each instant were used to 

calculate the COM state trajectory. The ExFSRs for the duration of consecutive steps were 

obtained using the corresponding FSRs for each perturbation profile computed similar to [85] and 

the distance between the anterior edge of the posterior foot and posterior edge of anterior foot 

during the double-support phase.  

 

4.3.3 Data Analysis 
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ML(n) and MU(n) was calculated for both lower and upper limits of the ExFSR and presented as an 

average among all steps in a walking trial (ML,avg and MU,avg). In addition, for each step in each gait 

trials, we calculated other stability measures listed below to investigate potential correlations 

between them. The definition and symbol used for each stability measure are given in Table 3. 

Table 3: List of our proposed measures of stability along with previously introduced measures of stability. 

Each measure’s symbol, definition, and type (biomechanical or variability) have been presented.   

Symbol Definition Type  

 
𝑴𝑳,𝒂𝒗𝒈 

Average of minimum distances1 between the lower limit of ExFSR and 

COM state trajectory (ML(n))2 among all steps during one walking trial  

Biomechanical  

 
𝑴𝑼,𝒂𝒗𝒈 

Average of minimum distances between the higher limit of ExFSR and 

COM state trajectory (MU(n)) among all steps during one walking trial 

Biomechanical  

𝑴𝑳,𝒏𝒆𝒈
 

 Portion of steps in which ML(n) is a negative value  Biomechanical  

𝑴𝑼,𝒏𝒆𝒈
 

 Portion of steps in which MU(n) is a negative value Biomechanical  

𝑴 𝒏𝒆𝒈
 

 Portion of steps in which ML(n) or MU(n) is a negative value Biomechanical  

𝒃𝒎𝒊𝒏,𝒂𝒗𝒈 Average of all 𝑏𝑚𝑖𝑛 values during one walking trial  Biomechanical  

𝑮𝑪𝑻𝑴𝑨𝑫 MAD3 among all GCT4 values during one walking trial Variability 

𝑮𝑪𝑻𝒏𝑴𝑨𝑫 nMAD%5 among all GCT values during one walking trial Variability 

𝑺𝑷𝑷𝑴𝑨𝑫 MAD among all SPP6 values during one walking trial Variability 

𝑺𝑷𝑷𝒏𝑴𝑨𝑫 nMAD% among all SPP values during one walking trial Variability 

Footnotes:  

1 A negative value if the COM state is outside of the ExFSR and otherwise a positive value 

2 n is the step number index 

3 MAD indicates the Median Absolute Deviation of parameter X among all steps of a walking trial: 

𝑀𝐴𝐷(𝑋) = 𝑚𝑒𝑑(|𝑋 − 𝑚𝑒𝑑(𝑋)|) (see [88] ) 

4 GCT indicates the gait cycle time  

5 nMAD% indicated the MAD normalized to the median value as a robust alternative to the coefficient of 

variation: 𝑛𝑀𝐴𝐷% = 100 × 𝑀𝐴𝐷 𝑚𝑒𝑑⁄  

6 SPP indicates the swing phase percentage 

 

 Margin of stability based on the extrapolated centre of mass (XCOM): Hof et al. [15], 

[49] used an inverted pendulum model of the human body and suggested that, for dynamic 

stability of walking and standing, the body XCOM should remain within the BOS limits: 
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    𝑋𝐶𝑂𝑀 = 𝑃𝐶𝑂𝑀 +
𝑉𝐶𝑂𝑀

𝜔0
     ,     𝜔0 =  √

𝑔

𝑙
                                                                          (Eq. 4.1) 

where 𝑃𝐶𝑂𝑀 and 𝑉𝐶𝑂𝑀 are the body’s COM position and velocity, g is the gravitational acceleration 

and l is the equivalent trochanteric length of each participant. They defined margin of stability (b) 

as the shortest distance between the XCOM and the BOS boundaries, and calculated it for every 

instant. The most unstable moment is when the value of b is minimum (bmin) within a step. We 

chose bmin because it is the most widely used biomechanical stability measure in the literature [9], 

[49], [89]. We calculated bmin for each step and considered the average of bmin among all steps 

(bmin,avg) as a measure of stability during a walking trial.  

Variability measures: The variability of gait parameters such as Gait Cycle Time (GCT) 

and Swing Phase Percentage (SPP) has been introduced as an indicator of gait stability and risk of 

falling [90], [91]. To characterize the inter-stride variability of GCT and SPP, we calculated a 

robust measures, i.e., Median Absolute Deviation (MAD) [88] and normalized MAD (nMAD%), 

among all gait cycles of each walking trial (Table 3). 

Correlation analysis: To investigate the relationship between variability measures, margin 

of stability based on XCOM, and our proposed margin of stability, we calculated (i) all above 

measures for the two perturbed walking trials of each participant; and (ii) the correlation coefficient 

between these measures among participants. We utilized Spearman’s correlation coefficient 

because a monotonic relationship among the measures was expected.  

4.4    Results  

Since only three individuals with disability participated in this study, we did not perform statistical 

analyses between the groups. Nevertheless, the variability measures of stability (GCTcv, GCTMAD, 

SPPcv, and SPPMAD) tended to be larger, and the XCOM-based measure of stability (bmin,avg) tended 

to be smaller for participants with disability compared to the non-disabled individuals for both 

low-perturbation and high-perturbation walking conditions (Figure 12) MU,avg tended to be smaller 
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for participants with disability compared to non-disabled individuals, in both conditions. However, 

ML,avg tended to be smaller for participants with disability only in the low-perturbation condition. 

 

 

Figure 12: Stability measures obtained using experimental data. Our proposed measures (ML,avg, 

MU,avg, ML,neg, M,U,neg, Mneg), XCOM-based biomechanical measure (bmin,avg), and variability 

measures (GCTnMAD, GCTMAD, SPPnMAD, and SPPMAD) are presented for non-disabled participants 

(circle) and participants with disability (triangle), for low-perturbation (Lp, red) and high-

perturbation (Hp, dark blue) walking trials.  

The portion of steps in which the COM states were outside of the ExFSR limits, i.e., ML,neg, MU,neg, 

and Mneg (see Table 3), were 9.1% (4.6%), 7.2% (24.9%), and 11.1% (30.8%), respectively, in the 

low-perturbation (high-perturbation) condition for non-disabled participants. For the three 
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participants with disability, they were 12.2% (20.7%), 21.1% (29.3%), and 25.4% (33.3%). ML,neg, 

MU,neg, and Mneg tended to be larger for participants with disability. 

For both perturbation conditions, ML,avg and MU,avg significantly correlated with bmin,avg. Unlike 

MU,avg, the correlation coefficient between ML,avg and bmin,avg was negative. Both MU,neg and Mneg 

significantly correlated with bmin,avg in both perturbation conditions while ML,neg significantly 

correlated with bmin,avg in only the low-perturbation condition. SPPMAD significantly correlated with 

all ML,avg, MU,avg, ML,neg, MU,neg, and Mneg in the high-perturbation condition only. Also, SPPnMAD 

significantly correlated with ML,avg, MU,avg, MU,neg, and Mneg in the high-perturbation condition.  

4.5    Discussion  

In this study, we extended the use of FSR to an entire step composed of a swing phase and the 

following double-support phase during continuous walking, by defining the ExFSR. ExFSR 

consists of the FSR pertaining to both feet and space between them due to the distance between 

the heel of the swing foot and the toe of the standing foot. For a COM state trajectory starting from 

the toe-off instant of one foot and ending with the toe-off of the next foot (one swing phase and its 

succeeding double-support phase), if the trajectory lies within the ExFSR limits, no further balance 

recovery actions are required, whereas, if the trajectory passes these limits, a temporary loss-of-

balance will occur. We defined measures of stability (ML(n) and MU(n)) as the shortest distance 

between the lower and upper limits of ExFSR and the COM state trajectory, and their average 

among steps (ML,avg and MU,avg). We also used the portion of steps in which the COM states went 

outside of the ExFSR limits, i.e., ML,neg, MU,neg, and Mneg (Table 4), as a means to validate our 

obtained ExFSR limits and stability measures.
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Table 4: The correlation coefficients between our proposed measures of stability and previously introduced 

biomechanical and variability measures. In each cell, the correlation coefficient and the p-value for testing 

the hypothesis of no correlation (in parentheses) are presented. Significant correlations (p-value < 0.05) are 

bolded and shaded in grey. Lp and Hp stand for low-perturbation and high-perturbation walking conditions. 

                                 𝒃𝒎𝒊𝒏,𝒂𝒗𝒈 𝑮𝑪𝑻𝒏𝑴𝒂𝒅 𝑮𝑪𝑻𝑴𝑨𝑫 𝑺𝑷𝑷𝒏𝑴𝒂𝒅 𝑺𝑷𝑷𝑴𝑨𝑫 

 
𝑴𝑳,𝒂𝒗𝒈 

𝑳𝒑 -0.41(0.02) -0.15(0.61) -0.16(0.58) -0.27(0.4) -0.39(0.18) 

𝑯𝒑 -0.30(0.02) -0.04(0.90) 0.01(0.95) 0.78(0.00) 0.72(0.01) 

 

𝑴𝑼,𝒂𝒗𝒈 

𝑳𝒑 0.60(0.02) -0.14(0.65 -0.11(0.73) 0.35(0.24) 0.35(0.24) 

𝑯𝒑 0.51(0.05) 0.45(0.11) 0.37(0.22) 0.62(0.02) -0.65(0.02) 

 

𝑴𝑳,𝒏𝒆𝒈
 

 

𝑳𝒑 0.70(0.01) 0.31(0.31) 0.25(0.42) 0.23(0.45) 0.45(0.12) 

𝑯𝒑 0.17(0.56) -0.16(0.60) -0.12(0.71) 0.26(0.37) -0.65(0.01) 

 

𝑴𝑼,𝒏𝒆𝒈
 

 

𝑳𝒑 -0.59(0.03) 0.11(0.71) 0.11(0.71) -0.30(0.31) -0.03,(0.91) 

𝑯𝒑 -0.54(0.05) -0.19(0.54) -0.19(0.53) 0.77(0.00) 0.65(0.01) 

 
𝑴𝒏𝒆𝒈 

𝑳𝒑 -0.59(0.03) 0.14(0.64) 0.11(0.71) -0.30(0.32) -0.12,(0.69) 

𝑯𝒑 -0.60(0.03) -0.32(0.29) -0.22(0.47) 0.83(0.00) 0.64(0.05) 

4.5.1 Validity and Relevance of Proposed Measures 

Unlike bmin,avg, the ExFSR limits and consequently our proposed measures are a function of the 

perturbations or environmental conditions (such as slippage). Nevertheless, all stability measures 

defined based on M(n) significantly correlated with bmin,avg. These observations indicated the 

reliability of our proposed stability measures against the XCOM-based margin of stability. Note 

that bmin,avg was considered as a reference since it is an established measure of dynamic stability in 

the literature [92], [93]. 

Our proposed stability measures enable us to characterize the biomechanical mechanisms of 

walking stability. We observed that ML,avg (MU,avg) tended to increase (decrease) in high-

perturbation walking trials compared to low-perturbation walking trials, especially for individuals 

with disability. In addition, unlike MU,avg, the correlation coefficient between ML,avg and bmin,avg 
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was negative. This may indicate that, when the risk of loss-of-balance increases due to large 

external perturbations, the individual pushes the COM state away from the lower limit of ExFSR 

towards the more interior parts of ExFSR and closer to its upper limit to avoid a backward loss-

of-balance. This can be justified since, unlike the backward loss-of-balance, the forward loss-of-

balance can be recovered with taking extra steps forward. In other words, the neuromuscular 

control system tends to show more flexibility towards a forward loss-of-balance and chooses a 

larger distance to the lower limit of EXFSR. This effect was more dominant in impaired individuals 

because they tended to have a larger ML,avg and a smaller MU,avg compared to non-disabled 

individuals in high-perturbation conditions. Therefore, we recommend the use of both ML,avg and 

MU,avg for dynamic balance assessment. Nevertheless, the average of minimum distances between 

‘both’ limits of ExFSR and COM state trajectory among all steps can also be a useful measure of 

stability when only one measure of stability is preferred. Although not presented, this measure 

significantly correlated with bmin,avg. 

The portion of steps in which the COM states were outside of the lower and upper limits of ExFSR 

(ML,neg and MU,neg) was 9.1% (4.6%) and 7.2% (24.9%) for  non-disabled participants during low-

perturbation (high-perturbation) conditions, and 12.2% (20.7%) and 21.1% (29.3%) for  

participants with disability during low-perturbation (high-perturbation) conditions. These 

measures tended to increase for participants with disability. Also, Mneg increases with perturbation 

level. Notably, observing a portion of COM states outside of the ExFSR limits cannot necessarily 

question the validity of our proposed stability measures. COM states outside of the FSR limits 

without an incidence of falling were also observed in previous works [85]. Indeed, a temporary 

loss-of-balance is usually recovered with various strategies, but their frequency could increase the 

risk of falling and, thus, we used ML,neg, MU,neg and Mneg as measures of stability. In this line, we 

observed a correlation between ML,neg, MU,neg and Mneg, and several other stability measures.  

The calculation of our proposed measures only required measurements of the body COM trajectory 

and BOS motions, since the FSR limits are already formulated as a function of BOS perturbation 

in our previous work [85]. Reducing the number of variables required for balance assessment in 

clinical settings facilitates user-friendly methods of clinical balance assessment. Our experimental 

results included both non-disabled participants and participants with disability to show the 
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potential of our proposed stability measures to be utilized for both groups under various 

perturbation conditions.   

4.5.2 Relationship with the Variability of Gait 

In dynamical systems, increase in variability of the system’s behavior can be associated with the 

instability and chaos in the system [58]. Variability measures have noticeable popularity among 

researchers in walking stability assessment, due to their simple calculation and understandable 

concept [13], [94]. Nevertheless, an increased variability in complex dynamical systems is not 

always indicative of chaos, but can also arise from the system characteristics and existence of 

multiple degrees of freedom in the system [58]. In low-perturbation walking trials, inter-stride 

variability of gait parameters can be due to a combination of both the system’s internal dynamics 

and the external perturbation. Since these two effects could hardly be separated from each other, 

variability measures would be less meaningful [64]. In high-perturbation walking trials, the effect 

of the external perturbation on the dynamical system is amplified and, thus, variability measures 

are more susceptible to change. In this line, we observed correlations between the SPP variability 

and our proposed measures in the high-perturbation conditions only. The use of nMAD as a robust 

normalized variability index revealed correlation of SPPnMAD with all our proposed measures, 

except for ML,neg. This could be in line with our hypothesis that the participants leaned their COM 

forward in high-perturbation conditions and, thus, despite the larger SPP visibility, the COM state 

trajectories do not more frequently go beyond the lower limit of ExFSR. In contrast to the SPP 

variability, the GCT variability did not correlate with our proposed measures. This could be due 

to the effects of the varying speed of treadmill on the inter-stride variability of GCT. In general, 

variability measures might not be reliable for stability assessment of perturbed walking conditions 

as it is not possible to separate the effects of external perturbation from the internal dynamics of 

the system. In addition, the non-stationary nature of gait parameter sequences due to external 

perturbation may cause overestimations of the variability measure. 
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4.5.3 Limitations  

First, our proposed measures of stability are limited to sagittal plane movements of the body and 

BOS. However, the ExFSR limits are specific to the type of BOS perturbations. Similar to our 

previous study [85], to obtain the ExFSR limits, we only considered dominant BOS perturbations 

in the form of vertical displacement and sagittal rotation. Yet, the BOS perturbations in 

experimental data included lateral components that would affect the stability measures, which may 

explain a portion of the observed COM states outside of the ExFSR limits. A future prospective of 

our study is to determine the ExFSR limits for other types of BOS perturbation.  

Second, our biomechanical model did not consider the effect of upper limb motion on balance 

recovery. Although the contribution of upper limb motion was neglected in several previous 

studies, it can modify the limits of loss-of-balance and the risk of falling, which should be studied 

in the future. 

Third, in addition to biomechanical mechanisms discussed here, individual-specific physiological 

(e.g., muscle conditions) and cognitive conditions would affect the risk of loss-of-balance and 

falling [95]. Although our obtained ExFSR limits would contribute to developing strategies for 

prediction and prevention of falling, future work should characterize the individual-specific 

thresholds of our proposed measures for which loss-of-balance transitions to falling occur based 

on individual-specific measurements.  

4.6    Conclusion  

This study introduced a set of stability measures based on a previously developed seven-segment 

biomechanical model of the human body in the sagittal plane. These measures were able to 

characterize biomechanical mechanisms of loss-of-balance during perturbed and unperturbed 

continuous walking, as a function of BOS perturbation, and gait parameters (e.g., step length), and 

body motion pattern (e.g., COM states). The concept of ExFSR that was introduced for the first 

time in this study provides insight to margins of forward and backward loss-of-balance during 
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daily walking circumstances. Our proposed stability measures can contribute to our understanding 

on human balance control for biped walking, and the development of rehabilitative programs in 

interactive training environments such as the CAREN.
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Chapter 5  

5     Conclusions and future prospective 

5.1   Main contribution and general results  

We developed a biomechanical model of the human body in the sagittal plane that allowed us to 

determine the feasible stability region (FSR) during perturbed and unperturbed walking. This 

model consisted of seven segments including the feet, shanks, thighs, and head-arm-trunk (HAT) 

segments. We first used this model to obtain the FSR for the toe-off instant for unperturbed 

walking and showed that its result match those reported in the literature. We further subjected the 

base of support (BOS) of the model to external perturbations in the form of sinusoidal and obtained 

the FSRs for several perturbed walking circumstances with predetermined perturbation type, 

dominant frequency, and amplitude. We characterized the effects of perturbations frequency and 

amplitude over the limits of FSR and estimated these limits as a polynomial function of the 

frequency and amplitude of perturbations. Based on the shortest distance of the COM state and the 

limits of the obtained ExFSR for perturbed walking conditions, we introduced novel stability 

measures. Our proposed stability measures were capable of assessing the risk of loss-of-balance 

in perturbed and unperturbed walking conditions during an entire gait cycle and only required the 

measurement of COM and BOS motion. We collected experimental data from two groups of 

individuals; able-bodied participants and individuals with disability during unperturbed and 

perturbed walking trials with various levels and types of perturbation in the CAREN. We used the 

collected experimental data to investigate the validity of the obtained FSRs and ExFSR, and 

investigate the correlation between our proposed measure with other existing biomechanical and 

variability-based measures. We observed that specificity of our obtained FSRs and ExFSR for 

perturbed walking conditions was similar to those previously obtained for unperturbed walking. 

In addition, our proposed stability measures correlated with other existing biomechanical and 

variability-based measures in the literature. Therefore, they may contribute to our mechanistic 
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understanding on human balance control for walking affected by external perturbations, and to the 

development of rehabilitative programs in interactive training environments. 

The original contributions of our study are summarized as follows:  

1- Revised optimization cost function for biomechanical modeling of walking: The cost 

function that we utilized to conduct dynamic optimization in the simulations was adopted 

from a previous study by Yang et al [21]. However, we revised the previous cost function 

in order to make it suitable for simulating perturbed walking while maintaining realistic 

body postures throughout the simulated walking.   

2- Modeled BOS perturbation using a new approach: Walking stability has already been 

analyzed in the literature only for a few perturbation conditions, such as slipping. However, 

walking during daily activities can be affected with various types of perturbations from 

various external sources. We modeled complex perturbation in the sagittal plane as a 

number of sinusoidal motions with different amplitudes and frequencies, and our model is 

capable of modeling other perturbations in the sagittal plane.  

3- Characterized FSR limits: We estimated FSR limits as polynomial functions with 

coefficients depending on the type, frequency, and amplitude of the perturbations. Having 

these equations, one can obtain the FSR limits for an arbitrary set of frequency and 

amplitude of perturbation.  

4- Introduced the concept of Extended Feasible Stability Region (ExFSR): We introduced 

a new stability region based on the obtained FSRs for perturbed walking trials. ExFSR is 

valid for the whole duration of one complete step (toe-off to toe-off) and can be used for 

balance assessment of continuous walking.   

5- Introduced novel stability measures based on ExFSR: We proposed a set of new 

stability measures based on ExFSR during perturbed walking. These measures can be 

obtained based on only COM motion states and BOS motion. The proposed measures have 

biomechanical signification, and the experimental data showed that they are correlated with 

the XCOM-based margin of stability and inter-stride variability of gait parameters.   
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5.2   Future prospective  

5.2.1   Walking simulation in lateral and frontal planes  

In the present study, we only considered body movements in the sagittal plane, and we neglected 

the movements in two other planes. Walking is a 3D motion, but literature has shown that the 

movements in the sagittal plane have more dominant effects on balance control. From our 

experimental observations, we found that even during forward walking, one can take a lateral step 

to recover his/her balance in the case of temporary loss-of-balance. The fact that we neglected 

movements in other planes is a limitation to our study, and future research can be conducted on 

developing a human body model to simulate gait motions in other planes and fusing the results 

with the results of the current study.  

5.2.2     Investigating the effects of upper limbs  

In the current study, we modeled the entire upper body as a rigid segment (HAT segment). 

Neglecting the upper limb segmentation equals to neglecting the motions of arms and head. 

Literature indicates that the effects and role of upper limbs motion in balance control during 

locomotion is not as dominant as the effects of lower limbs, but the fact that we neglected those 

motions is still a limitation to our study. Our rationale was to avoid adding extra joints and to 

reduce the computation cost to our model. Modeling the arms will add to the degrees of freedom 

and thus complexity of the model. A future study can be conducted to investigate the effects of 

upper limbs motions on FSR limits. 

5.2.3     Simulate new perturbation profiles    

Our developed biomechanical model has the capability of being subjected to any perturbation type 

in the sagittal plane. We are aiming to expand our horizon to other arbitrary perturbation profiles 

especially in the form of a combination of various perturbation types. Investigating multiple 

perturbation types and their effects on FSR limits will provide us with better insight into random 
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daily life perturbations. Developing a method to fuse the FSRs obtained from various perturbation 

profiles can be another future research topic.  

5.2.4     Assessing the ability of an individual in balance recovery in the event of 

loss-of-balance  

Knowing the limits of loss-of-balance allows us to monitor daily locomotion of individuals with 

walking disabilities and detect the instances where they lose their balance during their daily gait 

activity. Being able to quantitatively measure an individual’s gait balance enables us to detect the 

thresholds of the quantitative measure where loss-of-balance transitions into incident of falling. 

Finding the threshold of the mentioned measure that separates falling from loss-of-balance also 

describes the ability of an individual in balance recovery at the event of loss-of-balance.   

5.2.5   Developing training programs and guidelines for individuals with walking 

disabilities  

Our obtained FSRs and stability measures can be utilized towards helping individuals with walking 

disabilities to identify their balance limitations and to hopefully overcome those limitations. 

Knowing the stability boundaries will allow us to provide individuals with guidelines and 

rehabilitation programs to reduce the risk of falling and injuries. Training programs can include 

exercises to help individuals learn their stability limitations and choose their walking patterns more 

efficiently. Our results can also be used towards designing walking models and step-placement 

predictions. 
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Appendix A 

Ground reaction force underneath each foot was modeled using a series of spring-damper elements 

to model the distributed force. The distributed force was considered (rather than the resultant force) 

to precisely calculate the moments acting at the ankle joint due to the effect of ground reaction 

force. The vertical force of each element was modeled using the equations below:  

 

 

 

 

 

Where 𝜈𝑦,𝑖 is the vertical velocity of the point of application; A is a constant that is dependent on 

the number of springs used; 𝑝𝑦,𝑖 is the vertical position of the point of application with respect to 

the ground surface; 𝑦0 (= 0.0065905 m) is a parameter that determines when the magnitude of the 

spring force becomes significant (> 0.5 N); 𝑔(𝑝𝑦,𝑖) is an element that gradually brings damping in 

to effect as the foot gets closer to the ground surface; and 𝑔0 (= 0.02 m) is a parameter that 

determines at which point damping starts.  

 

 

 

 

 

 

 

 

Figure A1: Schematic of ground reaction force modeling approach. Vertical arrows are indicative 

of spring-damper elements and their corresponding vertical force. Elements were spaced equally 

throughout the length of foot.   

𝑝𝑦,𝑖  

Foot 

𝐹𝑦,𝑖 = 𝐴𝑒−1150(𝑝𝑦,𝑖−𝑦0) − 100𝜈𝑦,𝑖𝑔(𝑝𝑦,𝑖)                     Eq. A1                                            

𝑔(𝑝𝑦,𝑖) =
1

1+10𝑒
500(𝑝𝑦,𝑖−𝑔0)   Eq. A2 


