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The biomechanical mechanisms of loss of balance have been studied before for slip condition but have
not been investigated for arbitrary perturbation profiles under non-slip conditions in sagittal plane.
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. Perturbations were modeled as sinusoidal BOS motions in the vertical or anterior-
posterior direction or as sagittal rotation. The human body was modeled using a seven-link 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 sim-
ulation data. Experimental data were collected from 15 able-bodied individuals and three individuals
with disability during perturbed walking. The simulation results showed similarity with the stability
region reported for slip and non-slip conditions. The feasible stability region shrank when the perturba-
tion frequency and amplitude increased, especially for larger initial COM velocities. 89.5% (70.9%) and
82.4% (68.2%) of the measured COM position and velocity combinations during low (high) perturbations
were located inside the simulated limits of the stability region, for able-bodied and disabled individuals,
respectively. The simulation results demonstrated the effects of different perturbation levels on the sta-
bility region. The obtained stability region can be used for developing rehabilitative programs in interac-
tive environments.
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Biomechanical mechanisms of walking stability can be charac-
terized by the state of center of mass (COM) motion (i.e., its posi-

1. Introduction

At least 10-20% of falls lead to injuries that require medical
attention (Stevens and Sogolow, 2005). Understanding mecha-
nisms of falling can help prevent consequences of falls by develop-
ing preventive strategies that can help individuals to maintain
balance. A majority of falls occur during locomotion, such as gait
(Robinovitch et al., 2013). Human gait stability and its correlation
with the variability of gait parameters have long been studied
using various mathematical tools (Anderson and Pandy, 2001;
Bruijn et al., 2013; Hausdorff et al., 2001; Wolf et al., 1985). How-
ever, the extent to which these mathematical measures are reliable
for perturbed walking circumstances is a matter of debate (Bruijn
et al., 2013; Madehkhaksar et al., 2018).
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tion and velocity) with respect to its base of support (BOS) (Hof
et al., 2005; Pai et al., 1998; Yang et al., 2009). Concepts such as
the extrapolated COM (Hof, 2008) and feasible stability region
(FSR) (Pai et al., 2000; Yang et al., 2009) were introduced to identify
possible combinations of COM motion states for which an individ-
ual 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 boundary of
FSR or above the higher boundary of FSR, backward or forward loss
of balance, respectively, is most probable to happen (Pai, 2003).
Previously, dynamics of gait and its stability in the sagittal
plane were studied using one-link (Kuo et al.,, 2005), two-link
(Goswami et al., 2006), five-link (Hurmuzlu, 1993), and twelve-
link models (Delp et al., 2007). Also, various models were utilized
to find the FSR for walking and standing in the sagittal plane and
their results varied as a function of the number of links
(Yang et al., 2008); nevertheless, general agreement with the
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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 that incorporated the physiological, geometri-
cal, and biomechanical limits during walking (Yang et al., 2008). Yet,
only 5% of falls among the elderly residing in long-term care facili-
ties occur due to slipping (Robinovitch et al., 2013) and the FSR
for other walking perturbation conditions is unknown.

Rehabilitative training using virtual reality interactive environ-
ments, such as Computer-Assisted Rehabilitation ENvironment
(CAREN), has shown potential in improving walking balance and
reducing the incidence of falling (McAndrew et al., 2011). Such set-
ups are able to duplicate challenging walking conditions during
daily life based on the application of oscillatory motions to a
platform-mounted treadmill on which the user walks. A prerequi-
site to the development of efficient rehabilitative training is to
characterize the FSR due to each perturbation condition and train
the users to maintain their COM motion states inside the FSR in
the presence of these walking perturbations. It is challenging to
characterize FSR for every type of walking perturbation, separately,
and tune the training program accordingly, since the types of walk-
ing perturbation that may cause falling are numerous. To obtain
FSR during a wide range of walking perturbations in an interactive
rehabilitative setup (e.g., CAREN), we propose to model the applied
perturbations using a combination of sinusoidal motions of the
BOS in the three anatomical planes. We hypothesized that obtain-
ing FSR as a function of amplitude and frequency of these sinu-
soidal motions of the BOS can characterize the FSR for complex
BOS motions. In this study, we only focused on BOS perturbations
in the sagittal plane (vertical direction, horizontal direction and the
rotation in the sagittal plane), and we suggested characterizing the
FSR for other types of BOS perturbation in the future studies. As
such, any forward or backward loss of balance due to BOS pertur-
bation in the sagittal plane can be characterized based on these
three BOS motion modalities.

Our primary objective was to find the effect of external pertur-
bations, 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 sec-
ondary objective was to validate the obtained FSR using experi-
mental data from perturbed walking in an interactive setup, i.e.,
CAREN.

2. Methods
2.1. Modeling of loss of balance during perturbed walking

A seven-segment bipedal model of the human body in the sagit-
tal plane was used based on a previously developed model by Yang
et al. (2008) (Fig. 1.a). The details of this model are presented in the
Supplementary material. We implemented this model in Simulink
(Mathworks, USA). The initial COM positions were systematically
chosen to be [-2,-1.75,-1.5,-1.25,-1,-0.75,-0.5,—0.25,0]x
foot length, with respect to the toes (posterior edge of the foot),
where 0 and —1 indicate the COM being positioned right above
the toe and heel, respectively. Body segments’ configurations for
each chosen initial COM position were adopted from our experi-
mental data.

At each initial COM position, we used a Genetic Algorithm (GA)
optimization to obtain the feasible maximum and minimum COM
velocities that would result in COM motion ending within the
BOS. These maximum and minimum COM velocities determined
the thresholds against backward and forward loss of balance. Inputs
to the model included the initial angle and angular velocity of each
joint (60, §), along with their muscle excitation history, modeled
using 76 control nodes (Fig. 2). Two separate optimization cost func-

tions (CF) were used to find the maximum and minimum feasible
initial velocities to prevent forward and backward loss of balance.
In order to enable characterizing the stability of perturbed walking
and modeling a smooth and natural progression of swing phase of
gait, we revised the cost function introduced by Yang et al. (2008):
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In Eq. (1), integrals were taken over the simulation time to
ensure that no physiological constraint is violated during the sim-
ulation. Subscripts r and I indicate right and left foot, and t;, t; indi-
cate the initial and final time instance of the simulation,
respectively. The e(x(t)) and [x(t)| functions and the rationale for
including the first to eighth terms in the cost function has been dis-
cussed in (Yang et al., 2008). 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 has 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 illus-
trate 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 physiologically meaningful sway of the HAT segment and a
smooth leg swing during perturbed gait.

A similar cost function was used to find the maximum initial
velocity:
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Fig. 1. (a) Schematic of the bipedal human model in the sagittal plane. The model parameters were defined by a group of joint angles (64, 65, ..., 67). The planar motion of the
right foot was reduced to a revolute motion around the anterior edge of the 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 (Winter, 2005). (b),
(c), and (d) show the base of support (BOS) perturbation as a rotation in the sagittal plane, a vertical displacement, and a horizontal displacement, respectively.

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 (w;). In all simulations, the right
foot was assumed to be fixed to the BOS, and the COM motion
states were calculated with respect to the BOS.

Notably, the obtained FSRs were pertaining to the toe-off
instance of the left foot. As such, the backward loss of balance
was defined as a necessity to take a step backward to maintain bal-
ance. Also, the forward loss of balance was defined as the inability
to maintain balance by terminating gait where the right foot is
located and a necessity to take at least one step forward by the left
foot. Forward loss of balance continuously occurs during walking

and its limit is relevant only to characterize the stability of gait
termination.

2.2. FSR limits as a function of BOS perturbation in the sagittal plane

The three BOS motion modalities were modelded as sinu-
soidals: translational in the vertical direction and in the horizontal
(anterior-posterior) direction, and rotational in the sagittal plane
(Fig. 1.b to 1.d). The amplitude of these sinusoidals was assumed
to be 5 cm, 10 cm, and 15 cm for vertical and horizontal displace-
ments 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 con-
ducted in the CAREN (see Section 2.3). We then performed the
optimization routine in Section 2.1 and obtained the FSR limits
for each amplitude and frequency and for each perturbation
modality (six cases for each modality), as well as for the unper-
turbed walking condition. We modeled the FSR limits for backward
and forward loss of balance as second-order polynomials:

Xn = 01X 4+ Gy X, + 03 3)
where X, and x, are the normalized relative velocity and position of
the COM, respectively. A second order polynomial was used to
model the FSR limits due to our observations from the FSR curva-
tures and curve fitting errors. Subsequently, we modeled the
parameters of these polynomials (g;) as a function of perturbation

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

ai:blif+b2i.A+b3i.f.A+b4,- (i:1,273) (4)

2.3. Experimental validation

To evaluate the obtained FSR limits through simulations in Sec-
tions 2.1 and 2.2, we compared them with those previously pre-
sented in the literature. In addition, experimental data for the
cases of perturbed and unperturbed walking were collected. Exper-
iments were conducted using a CAREN (Fig. 3). Fifteen non-
disabled individuals having average body height and body mass
of 1.79 £ 0.09 m and 78.7 + 5.8 kg, respectively, and three individu-
als with amputation (one with unilateral trans-femoral, one with
unilateral trans-tibial, and one with unilateral upper limb amputa-
tion and sustained traumatic brain injury) (body height:
1.78 £ 0.1 m; body mass: 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 m of unperturbed walk-
ing, followed by three sessions of 60 m of perturbed walking.
Walking trials were performed on a platform-mounted treadmill,
which adapted to the speed of walking of each individual to model
their natural walking situation. Platform perturbations were in the
form of vertical or horizontal displacement, sagittal rotation, or a
combination of them, and were initiated after the toe-off instances.
Perturbations reached to a maximum amplitude during each trial

which increased from low-perturbation trials to high-
perturbation ones (amplitude ranging from 1cm to 6 cm in the
vertical and horizontal directions and 0.6° to 3° in rotation) and
had a dominant frequency of 1 Hz or 3 Hz. The COM position and
velocity, as well as the BOS position and velocity, were calculated
using data from the motion capture system (Vicon, UK). The BOS
motion was tracked using four markers placed on a rigid plate
attached to each foot, and the heel’s and toes’ position was
obtained as a function of these markers’ trajectory and based on
a calibration procedure before motion recording. The COM motion
was tracked using four markers placed on a rigid plate over the
sacrum, and based on the location of the COM relative to the
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Fig. 2. 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.

sacrum reported in the literature (Yang and Pai, 2015). Four addi-
tional 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. Result

The FSR limit for backward loss of balance obtained in the pre-
sent study for non-slip, unperturbed walking was more conserva-
tive than that reported by Pai and Patton (1997) who used a
two-segment model. Our obtained limit for forward loss of balance
was close to what they reported. Our obtained limit for backward
loss of balance was, however, less conservative than that obtained
by Yang et al. (2007). They used the same body model, but imple-
mented a different optimization cost function and also simulated a
slip condition (Fig. 4).

An increase in both the amplitude and frequency of the vertical
and horizontal displacements and sagittal rotation resulted in a

reduced range of FSR for both backward and forward loss of bal-
ance (Fig. 5). 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 and horizontal displace-
ments and 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.

For each walking perturbation condition, a majority of the
experimentally obtained COM motion states of non-disabled indi-
viduals and individuals with amputation were within the FSR
obtained through simulation (Fig. 6). In trials with the higher per-
turbation level, we observed more scattered COM motion states at
the toe-off instance.

For non-disabled participants, an average of 89.5% of experi-
mentally recorded COM motion states at the toe-off instance were
inside the FSR limits for both vertical and horizontal displacement
and sagittal rotation conditions (120 to 200 steps) under the low
perturbation condition (frequency of 1Hz and amplitudes of
1 cm and 0.6°). For the high perturbation condition (frequency of
3 Hz and amplitudes of 6 cm and 3°), the mentioned ratio was
70.9%. For participants with amputation, these ratios were 82.4%
and 68.2% for low perturbation and high perturbation conditions,
respectively. The FSR limits for high and low perturbation condi-
tions 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 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
recordings for a number of gait cycles.

4. Discussion

The human body faces a variety of walking perturbation modal-
ities during daily life. To reduce the risk of falling due to real-world
perturbations, rehabilitation training programs in virtual reality
interactive 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 plat-
form. The development of individual-specific, efficient rehabilita-
tion programs requires to quantify the dynamic stability during
perturbed walking, as a function of the perturbation profile.
Although the FSR for unperturbed walking and slip condition have
been reported in the literature (Yang et al., 2008; Yang et al., 2011),
there is currently no model for the FSR during complex walking
perturbations similar to those applied by the CAREN platform.
We hypothesized that the complex translational and rotational
motions of the CAREN platform can be molded as a series of sinu-
soidal motions in each direction. The original contribution of this
study was to determine the FSR limits as a function of the ampli-
tude and frequency of the sinusoidal movements of BOS in the ver-
tical and horizontal directions and as sagittal rotation. We used a
seven-link model of the body previously developed in the litera-
ture (Yang et al., 2008). However, we modified the previously sug-
gested dynamic optimization and added additional terms to its
cost function to ensure smooth and realistic motion of the body
during the swing phase, improved the accuracy of the estimated
FSR, and enabled modeling of loss of balance during perturbed
walking. The FSR from our simulation process for unperturbed
walking derived from our proposed optimization cost function
and seven-link model was similar to those previously reported
by Pai and Patton (1997) and Yang et al. (2008). Particularly, our
study presents a more conservative FSR limit for backward loss
of balance compared to (Yang et al., 2008), with the same seven-
segment model and a similar optimization cost function. Compar-
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Fig. 3. Illustration of the experimental setup and the CAREN platform. A force plate-embedded split treadmill is installed on a Stewart platform that can apply 3D
translational perturbation and rotation perturbation in the sagittal and frontal plane. Perturbations were imposed right after each toe-off and only on the foot in contact with
the platform. The toe-off instances were detected in real-time using a motion capture system. The order of perturbation profiles was randomized but the dominant
frequencies and amplitudes remained the same across different participants. Platform motions were induced using a series of hydraulic actuators and the axes of rotation of
the platform passed through its centre as shown on the figure. A sample perturbation profile for vertical displacement during low perturbation trials is shown on the top-
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Fig. 4. 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 (FI) and /g x bh (g: gravitational acceleration; bh: body height), respec-
tively. Values of 0 and —1 on the horizontal axis indicate the COM being located
perfectly above the right toe and heel, respectively. These limits (shown as red
lines) are compared to those obtained by Pai and Patton (1997) and Yang et al.
(2007) for non-slip conditions that used a different number of segments and/or
optimization cost function. (For interpretation of the references to colour in this
figure legend, the reader is referred to the web version of this article.)

ing the experimentally recorded COM motion states with the mod-
eled 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 amplitude and frequency of for the three BOS
motion modalities in the sagittal plane. Our results show that an

increase in both amplitude and frequency shrinks the FSR bound-
aries. This suggests that more conservative strategies are required
for balance control of COM motion states in the case of perturbed
walking. The practical impact of this study is that our obtained FSR
limits (Tables 1 and 2) can be used to calculate FSR limits for other
complex BOS perturbations in the sagittal plane with no more need
of running the simulations.

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
instance) were located within the FSR limits. A number of the
COM motion states at this instance 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
(Dingwell et al., 1999) 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 previ-
ous studies, we expect to observe a number of COM motion states
outside the estimated FSR, without an incidence of falling (Yang
et al., 2008) 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 psy-
chological or cognitive reasons. Second, our estimation of the phys-
iological ranges of joint moments and the ability of an individual to
control them was based on models reported in the literature (See
Supplementary material) (Pandy and Andriacchi, 2010; Zajac,
1989). The model parameters are expected to change as a function
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Fig. 5. Effects of frequency and amplitude of the perturbations on the limits of the feasible stability range (FSR). Plots (a-b), (c-d), and (e-f) show the FSR limits when base of
support (BOS) perturbations are modeled as sinusoidal movements in the vertical direction, a sinusoidal rotation between foot and the horizontal plane, and sinusoidal
movements in the horizontal (anterior-posterior) direction, respectively. The center of mass (COM) position and velocity are normalized as in Fig. 4.

Table 1

Limits of backward and forward loss of balance during walking with vertical and horizontal (anterior-posterior) 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

Xn = 1.X2 + Gy X, + 03 , Xp. X, Stand for COM velocity and position, with respect to the BOS, and normalized to /g x bh (g: gravitational acceleration; bh: body height) and foot

length, respectively. The number in brackets next to each equation indicates the residual value (\/ >~ (Rn,approximation — X,,,SImu,.,t,-D,,)Z/N) corresponding to each polynomial’s equation.

Xnapproximation 15 the approximated value of X, obtained through the polynomial equations, X, simuaion iS the value of x,obtained from simulation results and N is the number of
samples.

Limit of backward loss of balance Limit of forward loss of balance
Vertical displacement
f=1Hz&A=5cm Xn = —0.026x% — 0.274x, — 0.244(0.0037) Xn = —0.036x2 — 0.243x,(0.0042)
f=1Hz&A=10cm Xn = —0.041x% — 0.324x, — 0.283(0.0070) Xn = —0.009x2 — 0.194x,,(0.0012)
f=1Hz&A=15cm Xn = —0.122x2 — 0.582x, — 0.459(0.0024) Xn = —0.001x2 — 0.172x,(0.0045)
f=3Hz&A=5cm Xn = —0.082x% — 0.443x, — 0.361(0.0060) Xn = —0.041x2 — 0.243x,(0.0028)
f=3Hz&A=10cm Xn = —0.080x2 — 0.457x, — 0.376(0.0037) Xn = —0.026x2 — 0.210x,(0.0036)
f=3Hz&A=15cm xn = —0.101x2 — 0.536x, — 0.436(0.0012) Xn = —0.009x2 — 0.179x,(0.0043)
Sagittal rotation
f=1Hz&A=1.5° Xn = —0.129x2 — 0.621x, — 0.491(0.0055) Xn = —0.041x2 — 0.263x,(0.0045)
f=1Hz&A=5° Xn = —0.098x2 — 0.558x, — 0.460(0.0047) Xn = —0.042x2 — 0.254x,(0.0032)
f=1Hz&A=10° Xn = —0.114x2 — 0.610x, — 0.496(0.0050) Xn = —0.047x2 — 0.253x,(0.0036)
f=3Hz&A=15° Xn = —0.152x2 — 0.670x, — 0.548(0.0212) Xn = —0.050x2 — 0.266x,(0.0043)
f=3Hz&A=5° Xp = —0.101x2 — 0.574x, — 0.473(0.0044) Xn = —0.045x2 — 0.247x,(0.0051)
f=3Hz&A=10° Xp = —0.104x2 — 0.591x, — 0.487(0.0049) X = —0.053x2 — 0.251x,(0.0038)
Horizontal displacement
f=1Hz&A=5cm xn = —0.116x2 — 0.584x, — 0.468(0.0014) Xn = —0.035x2 — 0.251x,(0.0019)
f=1Hz&A=10cm Xn = —0.140x2 — 0.688x, — 0.548(0.0038) Xn = —0.040x2 — 0.251x,(0.0029)
f=1Hz&A=15cm Xn = —0.141x2 — 0.707x, — 0.567(0.0038) X = —0.033x2 — 0.230x,(0.0032)
f=3Hz&A=5cm Xn = —0.166x2 — 0.760x, — 0.594(0.0208) Xn = —0.050x2 — 0.266x,(0.0018)
f=3Hz&A=10cm Xn = —0.164x2 — 0.777x, — 0.613(0.0033) Xn = —0.043x% — 0.248x,(0.0028)
f=3Hz&A=15cm Xn = —0.104x% — 0.620x, — 0.516(0.0060) Xn = —0.041x2 — 0.234x,(0.0031)

of an individual’s neuromuscular condition, and not considering adopts a modified control strategy to maintain their balance, such
such variability in our study is a limitation. Third, loss of balance as taking recovery steps or changing the step length during
does not usually result in falling but requires an action for recov- walking. Fourth, assuming the HAT as a rigid segment neglects
ery. An individual who is at high risk of loss of balance usually the motion of the upper limbs and their potential contribution to
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FSR for Sagittal rotation
perturbation (F=1 Hz, A=0.6°)
—— FSR for Vertical perturbation
(F=1Hz, A=1cm)
----- FSR for unperturbed condition

FSR for Horizontal perturbation
(F=1 Hz, A=1 cm)

-2 -1.5 -1 -0.5 0
0.4 FSR for Sagittal rotation
perturbation (F=3 Hz, A=3°)
— FSR for Vertical perturbation
(F=3 Hz, A=6 cm)
---- FSR for unperturbed condition

— - FSR for Horizontal perturbation
w_ T (F=3 Hz, A=6 cm)

0.3 | S I

Fig. 6. COM position and velocity obtained experimentally for two walking trials of
one representative non-disabled participant (+points) and one case of participant
(A points) with amputation (feasible stability limits, FSR, obtained through
simulation results). + and A points illustrate right foot toe-off instances. The top
graph is representative of the walking trial with low perturbation intensity (vertical
and horizontal displacements, and sagittal rotations with frequency of 1 Hz and
amplitudes of 1 cm and 0.6°, respectively). The bottom graph is representative of
the walking trial with high perturbation intensity (vertical and horizontal
displacements, and sagittal rotations with frequency of 3 Hz and amplitudes of
6 cm and 3°, respectively).

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 X, = a;.x2 +da.x, +as for each
perturbation condition. Each parameter (a;: a;, a;, or as) is modeled as
a; = byi.f + bai.A + b3if A+ by, where f stands for frequency in Hz and A stands for
amplitude in meters (vertical and horizontal displacement perturbation) and radians
(sagittal rotation perturbation). The number in brackets next to each equation

indicates the residual value (\/ > (@i approximation — a,-,,»,m,,pu,m,-m)2 /N) corresponding to
each coefficient’s equation. a;gpproximation (=1, 2, 3) is the approximated value of
a;obtained using a least-square error minimization procedure, d; ierpolation 1S the value
of a;reported in the equations in Table 1, and N is the number of samples.

Vertical displacement

a; for upper limit —0.012f + 0.210A + 0.050f.A — 0.027(0.0019)
a, for upper limit —0.017f + 0.388A + 0.108f.A — 0.232(0.0034)
a; for upper limit 0

a; for lower limit —0.001f — 0.285A — 0.039f.A — 0.040(0.0098)
a, for lower limit —0.003f — 0.998A — 0.188f.A — 0.304(0.0295)
a; for lower limit —0.001f — 0.705A — 0.158f.A — 0.263(0.0199)

Sagittal rotation

a; for upper limit —0.007f — 0.116A + 0.035f.A — 0.027(0.0012)
a, for upper limit —0.012f — 0.158A + 0.097f.A — 0.235(0.0033)
a3 for upper limit 0

a; for lower limit —0.027f — 0.289A + 0.213f.A — 0.073(0.0064)
a, for lower limit —0.090f — 1.320A + 0.676f.A — 0.419(0.0188)
a; for lower limit —0.073f — 1.050A + 0.526f A — 0.342(0.0130)

Horizontal displacement

a, for upper limit —0.010f — 0.064A + 0.055f.A — 0.025(0.0010)
a, for upper limit —0.019f — 0.079A + 0.150f.A — 0.230(0.0024)
a3 for upper limit 0

a; for lower limit —0.049f — 0.660A + 0.430f.A — 0.061(0.0043)
a, for lower limit —0.164f — 2.610A + 1.341f.A — 0.368(0.0132)
a; for lower limit —0.116f — 1.957A + 0.918f.A — 0.307(0.0089)

walking stability. Although this contribution is reported to be non-
significant for slip condition (Marigold, 2002), 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 per-
turbations and movements in the frontal plane can alter the limits
of FSR. These two latter topics should be investigated in the future.
Despite these limitations and the influence of these balance mech-
anisms 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 the presence of BOS perturbation in
the sagittal plane and, thus, could provide an assessment to con-
tribute to the development of rehabilitative programs in the future.

5. Conclusions

This study quantified the effect of walking perturbations in the
forms of vertical and horizontal displacements of the base of sup-
port (ground) and its rotation in the sagittal plane on the FSR
against backward and forward loss of balance. Considering the lim-
itations of this study, we can support the integrity of our results by
relying on the comparison with FSR limits presented in the litera-
ture and on our experimental results from non-disabled individu-
als 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
patients with walking disabilities. The findings of this study can
also enhance our mechanistic understanding of human motor con-
trol under different walking perturbation conditions.
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Human body model during dynamic walking. Supplementary
data to this article can be found online at https://doi.org/10.
1016/j.jbiomech.2019.109315.
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