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Abstract

Introduction: Pes equinus with increased ankle joint stiffness is a common im-
pairment in stroke and Cerebral Palsy (CP) patients with structural and/or neural
deficits of the ankle muscles. Equinus gait is characterized by toe-strike, abnormal
ankle plantarflexion and decreased ankle range of motion (ROM). A new ankle-foot
orthosis (AFO) with negative stiffness was previously developed to compensate for
the increased ankle joint stiffness and improve equinus gait, reducing plantarflexion
and increasing ankle ROM. The goal of this project was to predict the effects of
ankle stiffness compensation on equinus gait simulations.

Methods: Forward simulations of unimpaired and equinus gait were generated in
the sagittal plane with a musculoskeletal model implemented in OpenSim and a
neural controller implemented in SCONE. After validation of the unimpaired gait
simulation, a sensitivity analysis on ankle kinematics was performed, introducing
structural and/or neural alterations of the ankle muscles to achieve an equinus gait.
Consecutively, equinus gait simulations were validated with previously collected data
of CP patients. Finally, an AFO model was developed in OpenSim to simulate AFO-
assisted gait.

Results: The unimpaired gait simulation yielded realistic results, and was robust to
all alterations, generating stable gaits. Shorter Gastrocnemius fiber length and/or
increased plantarflexor muscles activations, with Tibialis Anterior weakness, had
the largest effect on the ankle joint kinematics and resulted in realistic CP equinus
gaits. Simulations of AFO-assisted gait resulted in reduced abnormal plantarflexion,
and increased ankle ROM in the condition with shorter Gastrocnemius.

Discussion and Conclusion: This study presented realistic simulations of equinus
gait, by modelling structural and/or neural alterations of the ankle muscles and
predicted improved ankle function when compensating ankle stiffness with an ex-
ternal force. Although higher stiffness compensation and more simulations should
be obtained, this study provides a solid ground for further investigation of the AFO
effects. These results can ultimately assist in the prescription and tuning of the new
AFO for patients with equinus.
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1
Introduction

1.1. Background
Equinus gait, or toe-walking, is observed in 10-20% of stroke patients, and most of
the patients with Cerebral Palsy (CP) [1–3]. Equinus gait is characterized by ini-
tial foot contact occurring with the toes, abnormal plantarflexion of the ankle, and
restricted ankle active range of motion (ROM) [4, 5]. Patients with equinus develop
ways to compensate for their limited ankle motion with increased hip and knee flex-
ion, or knee hyperextension, resulting in slower walking velocity, increased metabolic
cost, instability and pain [5]. Equinus deformity of the foot often occurs unilaterally
[2], and is associated with muscle weakness [6] and increased passive stiffness of the
ankle joint (i.e. increased resistance to movement in response to a passive stretch).
Increased stiffness results from a combination of neural and structural deficits of the
ankle muscles: spasticity, improper muscle activation, hyperreflexia, muscle contrac-
tures, shorter muscle fibers, fewer fibers and higher collagen concentration in the
extracellular matrix [7, 8].

Ankle-foot orthoses (AFOs) are assistive devices prescribed with the aim of improv-
ing gait function of patients with equinus [9]. The most common AFOs are passive
(non-actuated) devices, which counteract equinus by fixing the foot in a position
perpendicular to the shank [10]. However, passive AFOs increase the stiffness of the
combined Ankle+AFO system, restricting the dorsiflexion and plantarflexion move-
ments. To solve this problem, a new AFO with negative stiffness has been developed
by Rodriguez et al., 2018 [11] to compensate, instead of increase, the excessive pas-
sive ankle joint stiffness. The main target population of the AFO are chronic stroke
patients and CP patients with equinus. The new AFO does not restrict ankle move-
ments in the sagittal plane, allowing for a ROM of 20 degrees in dorsiflexion and 60
degrees in plantarflexion, wider than the ROM required for everyday activities [12].
The mechanism of the new AFO exerts a torque in function of the ankle rotation,
adjustable to compensate for the ankle joint stiffness of multiple patients. The main
function of the new AFO is to support the Tibialis Anterior (TA) muscle to clear
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10 1. Introduction

the foot during the swing phase and to control the rotation of the ankle during the
stance phase. A first wearable prototype has been developed (Fig. 1.1), however,
due to COVID-19 restrictions, it has not yet been tested on a clinical population of
stroke patients with equinus.

Figure 1.1: The new ankle-foot orthosis with negative stiffness has an L-shaped carbon frame
around the foot and ankle. The foot part can be fitted inside a shoe. The hinge is placed laterally
and close to the ankle joint.

Forward simulations with neuromusculoskeletal (NMS) models are a tool to inves-
tigate the influence on gait kinematics of perturbations, such as muscular and/or
neural deficits and AFOs for rehabilitation. NMS models simulate movements pro-
duced by the muscular and skeletal systems controlled by the nervous system [13].
Forward simulations use as input neural commands, either from experimental elec-
tromyographic (EMG) muscle activity, or from a neural model (i.e., controller), and
compute motion trajectories that perform a given task (walking, jumping, running,
etc.), optimizing objectives such as stability, energy efficiency and pain avoidance.
Forward simulations are still on the state of the art research and not broadly used,
because choice of the optimization criteria is questionable, optimizations are time
consuming, and it is difficult to reproduce previous work, due to the sensitivity of
the simulation to a software environment and limited sharing of software and mod-
els. Moreover, the prediction of the interaction between NMS and orthosis models
is not straightforward, given the limited understanding of the influence of AFO
characteristics on muscle function during gait [14].

Previous studies investigated the effects of muscular structural and/or neural deficits
and AFOs on forward simulations, however none of them considered both structural
and neural deficits commonly seen in pathological populations and their combina-
tions, and not all of them simulated gait. A study by Ong et al. 2019 [15] used a
musculoskeletal model and a reflex-based controller to generate simulations of nor-
mal gait and equinus gait in the sagittal plane, but only investigated the effects
of decreased optimal length and reduced maximum force of the plantarflexor mus-
cles independently. Higginson et al. 2006 [16] simulated equinus gait increasing
ankle plantarflexion angle at initial contact during a forward simulation of healthy
gait, without introducing any structural or neural alterations of the musculoskeletal
model. Luengas et al. 2015 [17] simulated hemiparetic gait increasing stiffness of
the modelled impaired limb, without considering other muscular structural or neural
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deficits. Spasticity has been modelled with increased feedback from muscle velocity,
length, acceleration, force and its time derivative [18–21]. The limitation of all of
these models is that they were not applied during gait, but during passive muscle
stretches, except the study of Jansen et al. 2014 [20], that however did not consider
altered muscle structural properties. AFO models have been combined with healthy
musculoskeletal models and forward simulations of healthy gait to explore the influ-
ence of AFOs on joint moments and muscle excitations [14, 22]. The limitation of
these studies is that they use healthy models, and therefore they do not assess the
effects of AFOs on pathological gait patterns. Rosenberg et al. 2017 [23] simulated
the impact of AFOs on muscle demand and recruitment in children with CP and
crouch gait, however they assumed identical kinematics between no-AFO and AFO
conditions, therefore, the effect of AFO on kinematics of crouch gait could not be
assessed.

1.2. Goal and approach
The goal of this study is to generate simulations of the equinus gait by using a NMS
model that includes both muscular and neural alterations contributing to increased
ankle joint stiffness, and predict the effects of ankle stiffness compensation on the
equinus gait with a model of the new AFO. To achieve the goal of the study, a step-
wise approach is followed (Fig. 1.2). The first step is to generate and validate a
forward simulation of unimpaired gait in the sagittal plane with a two-dimensional
musculoskeletal model implemented in OpenSim [24, 25] and a neural controller
implemented in SCONE [26]. The second step is to generate and validate forward
simulations of equinus gait by performing a sensitivity analysis of structural and
neural alterations of the muscles around the ankle joint associated with equinus.
The third step is to generate predictive simulations of AFO-assisted equinus gait,
by developing a model of the new AFO with negative stiffness.

Figure 1.2: Step-wise approach. Firstly, a forward simulation of unimpaired gait is generated
by using a neuromusculoskeletal (NMS) model. Secondly, structural and neural alterations of the
muscles around the ankle joint are introduced in the NMS model and simulations of the equinus gait
are generated. Thirdly, a model of the ankle foot orthosis (AFO) is developed and AFO-assisted
gait simulations are generated.





2
Methods

2.1. Neuromusculoskeletal model
To generate unimpaired and equinus gait simulations in the sagittal plane, the mus-
culoskeletal model was implemented in OpenSim 3.3 [24, 25], and the optimization
and neural gait controller was implemented in SCONE 1.5 [26]. The musculoskeletal
model included 9 degrees of freedom (DOF) and 14 muscles (Fig. 2.1).
The gait controller, based on Geyer et al. 2010 [27], computed muscle excitations
over time, based on feedback (FB) from muscle length and velocity, muscle force,
and joint angles, with the addition of a time shift to simulate neural delays (Eq.
2.1), modelling proprioceptive FB from muscle spindles (muscle length and velocity),
Golgi tendon organs (muscle force) and joint receptors (joint movement).

𝑢(𝑡) = 𝐶ኺ + 𝐾ፋ[𝑙(𝑡 − 𝑡ፃ) − 𝑙ኺ] + 𝐾ፕ[𝑣(𝑡 − 𝑡ፃ) − 𝑣ኺ]+
𝐾ፅ[𝐹(𝑡 − 𝑡ፃ) − 𝐹ኺ] + 𝐾ፏ[𝑃(𝑡 − 𝑡፝) − 𝑃ኺ]

(2.1)

𝑢(𝑡) muscle excitation 𝑣ኺ velocity FB offset
𝐶ኺ constant excitation 𝐾ፅ force FB gain
𝐾ፋ length FB gain 𝐹 muscle force
𝑙 muscle length 𝐹ኺ force FB offset
𝑡ፃ time shift 𝐾ፏ joint angle FB gain
𝑙ኺ length FB offset 𝑃 joint angle
𝐾ፕ velocity FB gain 𝑃ኺ joint angle offset
𝑣 muscle velocity

Muscle activations were computed from muscle excitations using a first-order dy-
namic model and muscle forces were computed from muscle activations using a
Hill-type muscle contraction dynamics model. Hill-type muscles produced active
force up to a maximum value depending on fiber length, velocity and activation,
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14 2. Methods

and passive force, depending on fiber length. The total force was the sum of the
active and passive forces (Fig. 2.4a).

To generate a gait simulation, a dynamic optimization problem was solved (Fig.
2.2). The goal of the optimizer was to find the controller parameters (reflex gains
and offsets, Eq. 2.1) that minimize the objective function, and it was based on a
covariance matrix adaptation evolution strategy (CMA-ES) algorithm. The objec-
tive function represented the task to be performed (walking) and was defined as
a weighted combination of measures: maximize speed, minimize energy consump-
tion, prevent knee and ankle hyperextension. Additional measures limiting vertical
ground reaction forces (GRF), ankle velocity, hip displacement, stride duration and
length were implemented in the objective function (Appendix 5) to generate more
realistic results at the ankle joint.

2.2. Unimpaired gait simulation
The simulation of the unimpaired gait was validated with a data set of 20 healthy
subjects walking overground at self-selected speed from Bovi et al., 2011 [28]. Out-
puts of the SCONE simulations and OpenSim Inverse Dynamics Tool - sagittal
plane hip, knee and ankle joints angles, ankle and knee moments normalized per
body mass, and vertical GRF - were compared with experimental data over the
gait cycle (defined from right heel strike to consecutive right heel strike, Fig. 2.3)

Figure 2.1: Planar musculoskeletal model used for gait simulations. The model included 14 muscles,
7 per leg: Gluteus Maximus (GM), Iliopsoas (ILP), Hamstrings (HAM), Vasti (VAS), Gastrocne-
mius Medialis and Lateralis (GAS), Tibialis Anterior (TA), Soleus (SOL). The model had 9 degrees
of freedom: 3 at the pelvis and one at each hip, knee and ankle. The blue spheres comprised the
compliant contact model used to generate forces between the feet and the ground.
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Figure 2.2: Shooting-based approach used for the forward simulation of motion. The simulation
was performed multiple times, and starting from an initial set of parameters for the first iteration,
the gait controller updated muscle excitations ፮(፭) at each iteration, based on sensory feedback
(from muscle length, velocity, force, joint position) and optimized reflex gains and offsets. The first-
order dynamic model computed muscle activations ፚ(፭), with activation (Ꭱᑒ) and deactivation (Ꭱᑕ)
time constants of 10 ms and 40 ms, respectively. The Hill-type muscle contraction dynamics model
computed muscle forces ፅ(፭) based on muscle activation, muscle length and velocity. Skeletal
dynamics and integration of the equations of motion transformed muscle forces to joint moments
ፌ(፭) and movements of the skeletal segments (accelerations ፚ(፭), velocities ፯(፭) and positions ፩(፭)).
The simulation time was set to 10 seconds. The objective function quantified the performance of
each simulation based on a weighted sum of measures. The goal of the optimizer was to find the
parameters for which the objective function was minimized. At each iteration, 14 new solutions
were generated by variation of the previous solutions. At each update step, 7 solutions were
selected, based on their fitness value from the objective function. The optimization ran for a
maximum number of iterations, or until the objective function stopped improving significantly
(min. progress). The optimization terminated earlier if the center of mass (COM) was below a
certain threshold, meaning that the model fell down.

in terms of root-mean-squared error (RMSE) reported in units of standard devia-
tion (SD), and normalized cross correlation (NCC). RMSE measured the difference
between simulated and experimental mean values, NCC measured shape similarity
between the simulated and experimental data sets on a scale from 0 to 1 [29]. If the
RMSE was lower than 2 SD and the NCC was higher than 0.5, it meant the model
could capture experimental trends, both in values and shapes, and therefore used in
the following steps with the equinus gait simulations. Simulated muscle activations
were compared to on-off timings of EMG reported by Perry et al., 1992 [30], to
identify when muscles were active.
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Figure 2.3: Gait cycle, defined from right heel strike to consecutive right heel strike. During the
Stance Phase, the right foot remained in contact with the ground, while during the Swing Phase,
it remained lifted.

2.3. Equinus gait simulations
2.3.1. NMS model alterations
After the validation of the unimpaired gait, alterations to be introduced in the
NMS model were identified by a literature search on neural and muscular structural
deficits reported after stroke and CP. The complete list of alterations is provided in
Appendix 5, and the final 15 selected alterations are presented in Table 2.1. Three
simulations with combinations of alterations were also performed, for a total of 18
simulations. All alterations were applied on the right side of the body and the neural
controller generated asymmetric commands for right and left muscles.

Table 2.1: Isolated alterations introduced in the Neuromusculoskeletal (NMS) model, in the muscles
around the right ankle joint - Tibialis Anterior (TA), Gastrocnemius (GAS) or Soleus (SOL) -
associated with structural and neural deficits of stroke or Cerebral Palsy patients.

NMS model alterations Deficits in patients Ref.
↓ TA max isometric force Dorsiflexor muscles weakness [31–34]
↓ GAS, SOL optimal fiber length Plantarflexor muscles shortening [15, 35–38]
↑ GAS, SOL passive stiffness Plantarflexor muscle stiffness [37, 39]
↓ GAS, SOL max isometric force Plantarflexor muscles weakness [15, 36, 40, 41]
↑ GAS, SOL min activation Plantarflexor muscles overactivity [42–45]
↑ GAS, SOL velocity FB

Reflex hyper-excitability
[18, 19, 42, 46]

↑ GAS, SOL velocity and length FB [20, 21, 46]
↑ GAS, SOL force FB [21, 46, 47]

Dorsiflexor muscle weakness was simulated decreasing the maximum isometric force
that the TA muscle of the model can generate (Fig. 2.4b). Shorter GAS and SOL
fascicle length due to reduced number of sarcomeres in series and/or shorter sarcom-
eres were simulated decreasing the optimal fiber length of the GAS and SOL (Fig.
2.4c), as in Ong et al. 2019 [15]. Increased passive stiffness of the plantarflexor mus-
cles was simulated increasing the slope of the passive force-length curve of GAS and
SOL, decreasing fiber strain at which maximum force was generated (Fig. 2.4d).
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Plantarflexor muscle weakness was simulated decreasing the maximum isometric
force of the GAS and SOL muscles, as in Ong et al. 2019 [15]. Increased mus-
cle tone and overactivity of spastic plantarflexor muscles was simulated increasing
the minimum activation level of GAS and SOL. Reflex hyper-excitability of spastic
muscles was simulated increasing reflexes based on feedback from muscle velocity,
velocity and length, or muscle force, as previously developed models of spasticity
[18–21], adding velocity (𝐾ፕ), length (𝐾ፋ) or force (𝐾ፅ) feedback gains when com-
puting the excitation of the SOL and GAS muscles with Eq. 2.1. A time delay of 20
ms was added to simulate the delay between the stretch of the muscle spindle and
the generation of force in the muscle [18, 19, 21]. Combinations of dorsiflexor muscle
weakness and/or shortening and/or overactivity of the triceps surae were simulated
combining decreased TA maximum force, and/or decreased GAS and SOL optimal
fiber length and/or increased GAS and SOL activation.

(a) Force-length curves of the unimpaired muscle.

(b) Muscle paresis was simulated by a decreased
maximum isometric force (ፅᑞᑒᑩ) that the muscle
actively generated.

(c) Muscle shortening was simulated by a de-
creased optimal fiber length (፥Ꮂ) of the muscle.

(d) Increased muscle passive stiffness - decreased
passive fiber strain (፬Ꮃ) at ፅᑞᑒᑩ.

Figure 2.4: The force that a muscle generates depended on active and passive properties, according
to the Hill-type muscle model. Structural aspects of the increased ankle stiffness were simulated
by altering active or passive force-length curves of the muscles around the ankle joint.
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2.3.2. Sensitivity analysis
To provide insight into the relative contribution of different NMS alterations on
simulated gait, a sensitivity analysis was performed. Sensitivity analysis is the
study of how the uncertainty in the output (i.e. ankle angle during gait) of a model
(i.e. NMS model) can be apportioned to different sources of uncertainty in the
model inputs (i.e. alterations Table 2.1, inputs of the neural or muscle model) [48].
Selected alterations were gradually and systematically introduced in the NMS model
(Tables 2.2), using the solutions of the previous simulations as the initial guesses
for the following simulations, to speed up model convergence. Alterations were
increased until the maximum or minimum value allowed in the model or until the
model was not able to perform a 10 s simulation of gait without falling. Alterations
selected for the combinations were also gradually combined, until the model was
able to perform a 10 s simulation of gait without falling, and the maximum values
were applied (Table. 2.3). The primary outcomes of the sensitivity analysis of
equinus gait simulation were right ankle angles: trajectories were analysed during
the simulated gait cycle, with each NMS model alteration at its maximum level.
Simulations resulting in increased ankle plantarflexion and toe strike (equinus gait
simulations) and toe-strike were selected for the analysis of the secondary outcomes:
right hip and knee angles and ankle moments.

Table 2.2: Isolated alterations from the default value of the unimpaired model. Increase (↑) or
decrease (↓) by equal-sized steps. The results of the previous simulation were used as the the initial
guess for the following simulation, until the maximum alteration allowed, or until the model was
not able to perform a 10 s simulation of gait without falling. ፅᑞᑒᑩ = maximum isometric force;
፥Ꮂ = optimal fiber length; ፬Ꮃ = passive strain; ፚᑞᑚᑟ = minimum activation; ፊᑍ , ፊᑃ , ፊᐽ velocity,
length, force reflex gains (Eq. 2.1).

Default Step Max/Min
↓ TA 𝐹፦ፚ፱ 3000 N 150 N 1050 N
↓ GAS 𝑙ኺ 0.09 m 0.009 m 0.045 m
↓ SOL 𝑙ኺ 0.05 m 0.005 0.04 m
↓ SOL 𝑠ኻ 0.7 0.1 0.05
↓ GAS 𝑠ኻ 0.7 0.05 0.05
↓ GAS 𝐹፦ፚ፱ 2500 N 250 N 0 N
↓ SOL 𝐹፦ፚ፱ 5137 N 1027 N 0 N
↑ GAS 𝑎፦።፧ 0.01 0.01 0.2
↑ SOL 𝑎፦።፧ 0.01 0.01 0.6
↑ GAS 𝐾ፕ 0 0.1 1
↑ SOL 𝐾ፕ 0 0.1 1
↑ GAS 𝐾ፕ, 𝐾ፋ 0 0.1 1
↑ SOL 𝐾ፕ, 𝐾ፋ 0 0.1 1
↑ GAS 𝐾ፅ 1.1 (stance) 0.1 1
↑ SOL 𝐾ፅ 1.2 (stance) 0.1 1
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Table 2.3: Combined alterations introduced in the model: decreased maximum isometric force
(ፅᑞᑒᑩ) of the Tibialis Anterior (TA), and/or decrease optimal fiber length (፥Ꮂ) of Gastrocnemius
(GAS) and Soleus (SOL), and/or increased minimum activations (ፚᑞᑚᑟ) of GAS and SOL.

Combinations
TA weakness Plantarflexors shortening Plantarflexors overactivity
-10% TA 𝐹፦ፚ፱ -50% GAS 𝑙ኺ -20% SOL 𝑙ኺ
-60% TA 𝐹፦ፚ፱ GAS 𝑎፦።፧ = 0.2 SOL 𝑎፦።፧ = 0.1

-50% GAS 𝑙ኺ -10% SOL 𝑙ኺ GAS 𝑎፦።፧ = 0.2 SOL 𝑎፦።፧ = 0.1

2.3.3. Validation
The equinus gait simulations selected in the sensitivity analysis were validated with
a clustered data set of 56 CP patients with a wide variety of gait patterns, walking
overground at self-selected speed, from Toro et al., 2007 [3]. Only the clusters from
equinus gait types were selected for the validation. Simulated and experimental hip,
knee and ankle angles were compared over the gait cycle using the same similarity
metrics from the validation of unimpaired gait in Section 2.2: RMSE and NCC. If
the RMSE was lower than 2 SD and the NCC was higher than 0.5, it meant the
model could capture experimental trends and therefore used in the following steps
with the AFO-assisted gait simulations.

2.4. AFO model
To compensate for increased passive stiffness, the actual AFO applies an exponential
torque as a function of the ankle angle (Eq. 2.2, from Rodriguez et al., 2018 [11]),
with 𝑐ኻ, 𝑐ኼ, 𝑐ኽ constant parameters to compensate for stiffness of several patients
with equinus (Fig. 2.5, left panel).

𝑇ፀፅፎ(𝜃) = 𝑐ኻ𝑒፜Ꮄ(᎕ዅ፜Ꮅ) (2.2)

To simulate the effect of the negative stiffness in the model, the AFO was modelled
with the OpenSim Expression Based Point To Point Force Tool, that applies a force
(𝐹) between two points on the skeletal segments, with a magnitude depending on
the distance (𝑑) between these two points: 𝐹 = 𝐹(𝑑). The application points of
the AFO force were the attachment points of the right SOL, on the shank and the
foot, so that a torque was generated around the right ankle joint (Fig. 2.5, right
panel). The force increased exponentially in dorsiflexion, as the distance between
the two attachment points of the SOL increased (Eq. 2.3), with 𝑎 and 𝑏 constant
parameters to compensate for the increased stiffness in the model, resulting from
structural and/or neural alterations.

𝐹(𝑑) = 𝑎𝑒፛፝ (2.3)

To simulate the weight of the AFO, an extra weight of 700 g was added, distributed
on the right shank and the foot (500 g on the tibia, 100 g on the talus, 100 g on the
calcaneus), and the center of mass of the right tibia was moved distally, because the
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Figure 2.5: Left: Passive ankle joint stiffness is not constant but increases with the angle of rotation
in the sagittal plane: from plantarflexion (PF) to dorsiflexion (DF). To compensate for the increased
passive ankle joint stiffness of the patient with equinus (red) towards healthy values (black), the
ankle-foot orthosis (AFO) applies an external torque (blue) with an exponential function that
approximates patient ankle stiffness. The combined stiffness (patient + AFO, green) is reduced
towards healthy values. Adapted from Rodriguez et al. 2018 [11]. Right: in the model, stiffness
compensation is introduced with a force acting between two points on the shank (top), resulting
in a torque around the ankle joint (bottom).

mechanism, heaviest part of the AFO, was placed near the ankle. To simulate the
ROM of the AFO, ankle angle limits were set to 60 degrees in plantarflexion and 20
degrees in dorsiflexion.

2.4.1. AFO-assisted gait simulations
The AFO model was tested on two gait simulations that resulted in joint kinemat-
ics similar to CP patients with equinus (validation 2.3.3). Resulting ankle angles
were compared over time between the equinus gait simulations (without AFO) and
equinus gait simulations with AFO (AFO-assisted gait simulations). AFO-assisted
gait simulation were expected to result in lower maximum plantarflexion angle and
increased ankle ROM.
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Results

3.1. Unimpaired gait simulation
Results of the validation of kinematic and kinetic trajectories (joint angles, joint
moments and GRFs) and muscle activations (GAS, TA, SOL) with experimental
data of healthy gait reported by Bovi et al. 2011 [28] and Perry et al., 1992 [30] are
shown in Fig. 3.1 and Table 3.1.

For the majority of the gait cycle, all simulated kinematic and kinetic trajectories
were within 2 SDs of experimental data [28], except for the knee extension moment.
For every trajectory except the knee moment, RMSE between the simulated and
experimental data was no more than 1.23 SD, and NCC was at least 0.96 for each
trajectory except the ankle dorsiflexion angle and the knee extension moment, (Table
3.1). The low NCC for the ankle joint angle was due to insufficient plantarflexion at
toe off, resulting from the restriction of angular velocity. The high RMSE and low
NCC for the knee joint moment were due to a high knee flexion moment during the
second half of stance, resulting from the force applied to keep the knee DOF from
getting out of range, i.e. prevent knee hyperextension.

Similarly to experimental EMG [30], TA activity was higher at loading response (to
control foot landing) and in swing (to control foot clearance), while GAS and SOL
were most active during the second half of the stance phase (to propel the body
forward towards toe-off), but later in the simulation than observed in experiments.

3.2. Equinus gait simulations
3.2.1. Sensitivity analysis
The results on the ankle kinematics due to the alterations (Tables 2.2 and 2.3) on
the NMS model are shown in Fig. 3.2. Equinus gait, with toe-strike and abnormal
ankle plantarflexion during swing, was obtained in eight simulations (5 with isolated
alterations, and the 3 combinations). The 5 isolated alterations were: decreased
GAS optimal fiber length, increased GAS minimum activation (Fig. 3.3), GAS
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Figure 3.1: Simulated kinematics (hip, knee, ankle angles) and kinetics (knee, ankle moments
and vertical ground reaction forces) compared to experimental data of healthy subjects walking
at self selected speed, collected by Bovi et al. 2011 [28]. Gastrocnemius (GAS), Tibialis Anterior
(TA), Soleus (SOL) muscle activations compared to on-off timings estimated from experimental
electromyograms (EMG) reported by Perry et al., 1992 [30]. Toe-off on the vertical line. All
simulated kinematics and kinetics were with 2SDs of experimental data for the majority of the gait
cycle, except the knee moments. Simulated and experimental TA was active at loading response to
control foot landing, and in swing, to control foot clearance. Simulated GAS and SOL were most
active during the second half of stance, to propel the body forward towards toe-off, but later than
observed in experiments.

Table 3.1: Similarity metrics between simulated and experimental kinematics and kinetics [28] for
unimpaired gait: root-mean-squared errors (RMSE), reported in units of standard deviation (SD),
and normalized cross correlations (NCC). Low NCC for the ankle angles was due to insufficient
plantarflexion at push off. Knee moments deviate the most from experimental data, with the
highest RMSE and lowest NCC, due to excessive flexion moment in stance.

Angles Moments Vertical
Hip Knee Ankle Knee Ankle GRF

RMSE [SD] 0.02 0.72 1.23 2.17 1.15 0.19
NCC 0.99 0.95 0.33 -0.07 0.96 0.98
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Figure 3.2: Effect of isolated (first 5 rows) and combined (last row) structural and neural alterations
of Tibialis Anterior (TA), Gastrocnemius (GAS) and Soleus (SOL), on the ankle angles (black line:
unimpaired simulation, red line: altered simulation at highest level) during the gait cycle (toe-off
on the vertical line), positive angles, in degrees, are defined in dorsiflexion direction. The eight
simulations that resulted in abnormal plantarflexion in swing and toe-strike (equinus gait) are
highlighted with red. Abbreviations in the titles: ↓ ፅᑞᑒᑩ = decreased maximum isometric force;
↓ ፥Ꮂ = decreased optimal fiber length; ↓ ፬Ꮃ = decreased passive strain; ↑ ፚᑞᑚᑟ = increased minimum
activation; ↑ ፊᑍ , ፊᑃ , ፊᑍ = increased velocity, length, force feedback.

velocity feedback, velocity and length feedback (Fig. 3.4), increased SOL minimum
activation (Fig. 3.5). The 3 combinations were decreased TA maximum isometric
force, and/or decreased GAS and SOL optimal fiber lengths and/or increased GAS
and SOL minimum activations (Fig. 3.6). In general, the equinus was usually
shown together with an increase of hip and knee flexion, or knee hyperextension,
and increased ankle plantarflexion moments in stance. The simulations with the
addition of GAS velocity feedback also resulted in rapid oscillations of the ankle
(clonus) during swing (Fig. 3.4).

The other 10 alterations did not result in equinus gait, with similar or increased
dorsiflexion during swing: decreased TA maximum isometric force, decreased SOL
optimal fiber length, SOL increased passive stiffness, GAS increased passive stiffness,
decreased GAS maximum isometric force, decreased SOL maximum isometric force,
SOL velocity feedback, SOL velocity and length feedback, GAS force feedback, SOL
force feedback.
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Figure 3.3: Joint kinematics of the right leg and right ankle moments of the simulations that
resulted in equinus gait with decreased Gastrocnemius (GAS) optimal fiber length (፥Ꮂ) or increased
GAS minimum activation (ፚᑞᑚᑟ). With the maximum decrease of GAS optimal fiber length (red
line) and minimum activation of 0.2 (green line), the model landed on the forefoot, and showed
increased plantarflexion during swing (top right graph). Ankle moments increased at early stance
(bottom right graph), and with a "double-bump" pattern in the simulation with the shortest GAS.
The knee was flexed during stance (bottom left graph). Hip kinematics (top left graph) remained
close to normal, except with the maximum decrease of GAS optimal fiber length.
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Figure 3.4: Joint kinematics of the right leg and right ankle moments of the simulations that
resulted in equinus gait with the addition of only velocity (ፊᑍ) and both velocity and length
(ፊᑍ , ፊᑃ) feedback (spastic) reflexes on the right Gastrocnemius. The model showed increased
plantarflexion of the ankle joint during the whole gait cycle (top right graph), with the forefoot
making contact with the ground at initial contact and rapid oscillations during swing (light blue
circle). Ankle moment increased during the first half of stance, with a "double-bump" pattern for
the simulation with both velocity and length feedback (bottom right graph). At the knee joint
(bottom left graph), the model showed increased flexion in early stance and in late swing, increased
flexion or knee hyperextension in the second half of stance (blue circles). At the hip joint (top left
graph), the model showed increased flexion in early stance and late swing.
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Figure 3.5: Joint kinematics of the right leg and right ankle moments of the simulations that
resulted in abnormal plantarflexion with increased minimum activation of the right Soleus. With
the maximum increase (red line), the model showed a consistent plantarflexion of the ankle joint
during the whole gait cycle (top right graph, light blue circles). The model took long steps, landing
with the foot flat, and just after initial contact the hip and knee flexed (blue and lilac circles).
Peak ankle moments (bottom right graph) remained similar to normal values. At the knee joint,
the model showed high hyperextension throughout stance (bottom left graph, blue circles).
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Figure 3.6: Joint kinematics of the right leg and right ankle moments of the simulations that
resulted in equinus gait with combinations of decreased maximum isometric force (ፅᑞᑒᑩ) of Tib-
ialis Anterior (TA) and/or decreased optimal fiber length (፥Ꮂ) of Gastrocnemius (GAS) and Soleus
(SOL), and/or increased minimum activation of GAS and SOL. Hip flexion (top left graph) in-
creased in swing and early stance in all combinations. The knee (bottom left graph) remained
flexed during the whole gait cycle (screenshot black panel), except for hyperextension in the simu-
lation with decreased maximum isometric force of TA and increased minimum activation of GAS
and SOL (screenshot blue panel). Ankle plantarflexion (top right graph) increased in all combi-
nations, with the forefoot making initial contact with the ground. The ankle moment (bottom
right graph) increased in stance in all the combinations, but the peak at push off decreased in the
simulation with decreased maximum isometric force of TA and increased minimum activation of
GAS and SOL.
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3.2.2. Validation
The results of the validation of hip, knee and ankle kinematics of the equinus gait
simulations with experimental data from CP patients with equinus reported by
Toro et al., 2007 [3] are presented in Figures 3.7 and 3.8. Within the 15 altered
simulations, only the 8 simulations that actually resulted in equinus gait features
(increased plantarflexion and toe-strike) were validated. Ankle kinematics of all the
simulations fell within the experimental range for the majority of the gait cycle
(RMSE lower than 2 SD, except for the simulation with increased GAS minimum
activation, that resulted in higher dorsiflexion). Ankle kinematics of 4 simulations
were not similar in shape to experimental trajectories (NCC lower than 0.5), lack-
ing plantarflexion at push off: increased GAS minimum activation, increased GAS
velocity feedback, combinations of decreased TA maximum isometric force and de-
creased GAS and SOL optimal fiber length; decreased TA maximum isometric force
and increased minimum activation of GAS and SOL. Experimental and simulated
knee angles were the most similar, with RMSE lower than 2 SD and NCC higher
than 0.5 for all trajectories, except for the excessive knee hyper-extension resulted
from the increase of the SOL minimum activation. Two simulations showed higher
knee flexion than experimental at initial contact: the one with decreased TA max-
imum isometric force and decreased GAS and SOL optimal fiber length, and the
one with decreased optimal fiber length and increased minimum activation of GAS
and SOL. Experimental and simulated hip kinematics were similar in shape (NCC
higher than 0.5 for all trajectories), however 6 simulations showed higher hip flexion
than experimental (with RMSE higher than 2 SDs): decreased GAS optimal fiber
length, GAS velocity, velocity and length feedback, and the three combinations.
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Figure 3.7: Validation of the simulated joint kinematics with isolated alterations of Gastrocnemius
(GAS) optimal fiber length (፥Ꮂ), GAS minimum activation (ፚᑞᑚᑟ), Soleus (SOL) minimum activa-
tion, GAS velocity feedback (ፊᑍ) or velocity and length feedback (ፊᑍ , ፊᑃ), with joint kinematics
of Cerebral Palsy (CP) patients with equinus reported by Toro et al. 2007 [3]. Root-mean-squared
errors (RMSE) in units of standard deviation (SD) and normalized cross correlations (NCC) are
reported in the table. RMSE higher than 2 SD and NCC lower than 0.5 are highlighted with
red. Similar to CP patients, ankle angles in the simulations showed high plantarflexion, falling
within the experimental range for the majority of the gait cycle, except from the simulations
with increased GAS activation or velocity feedback. Both experimental and simulated knee angles
showed high flexion, except for the simulation with increased SOL activation, with excessive knee
hyper-extension. Simulated hip kinematics reproduced experimental trends (NCC higher than 0.5),
but the simulations with altered GAS length or feedbacks showed higher hip flexion (RMSE higher
than or equal to 2).
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Figure 3.8: Validation of the simulated joint kinematics with combined alterations - decreased
Tibialis Anterior (TA) maximum isometric force (ፅᑞᑒᑩ), and/or shorter Gastrocnemius (GAS)
and Soleus (SOL) optimal fiber length (፥Ꮂ), and/or increased minimum activation (ፚᑞᑚᑟ) of GAS
and SOL- with joint kinematics of Cerebral Palsy (CP) patients with equinus reported by Toro et
al. 2007 [3]. Root-mean-squared errors (RMSE) in units of standard deviation (SD) and normalized
cross correlations (NCC) are reported in the table. RMSE higher than 2 SD and NCC lower than
0.5 are highlighted with red. Similar to CP patients, simulated knee and ankle angles showed
high flexion and plantarflexion, respectively. Ankle NCC was lower than 0.5 for the simulations
with decreased TA force, due to lack of plantarflexion at push off. Simulated hip angles followed
experimental trends (NCC higher than 0.83), but with higher hip flexion values (RMSE higher
than 2 SD).

3.3. AFO-assisted gait simulations
The AFO model was applied on two simulations, one from the isolated structural
alterations and one from the combinations of structural and neural alterations, that
resulted in joint kinematics similar to CP patients with equinus (validation 3.2.2):
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• Case 1: 50% decrease of right GAS optimal fiber length.

• Case 2: 60% decrease of maximum isometric force of right TA and increased
minimum activation of right GAS and SOL (0.2 and 0.1 respectively).

The following AFO parameters were used to decrease ankle stiffness: 𝑎 = 6.131 ∗
10ዅ኿, 𝑏 = 197.3 (Eq. 2.3, Fig. 2.5). To determine the parameters repeated varied
attempts were performed (Appendix 5).
Both AFO-assisted gait simulations ran for less than 5 seconds, meaning that more
iterations in the optimization, and/or adjustments of the AFO model, are needed.
Both AFO-assisted gait simulations resulted in reduced equinus, decreasing the max-
imum ankle plantarflexion angle by 3.2 degrees in Case 1 and 19.2 degrees in Case
2. In Case 1, the maximum dorsiflexion angle also increased by 5.4 degrees, thus the
total ankle ROM increased slightly, by 2.2 degrees. In Case 2, on the contrary, the
maximum dorsiflexion angle decreased by 15.6 degrees, reducing total ankle ROM
by 34.8 degrees.

Figure 3.9: Simulated effect of the AFO (red line) on ankle range of motion (ROM) during two
gait simulations that resulted in equinus gait (blue line): Case 1 gait simulation with shorter Gas-
trocnemius, Case 2 gait simulation with weaker Tibialis Anterior and hyperactive plantarflexors.
The AFO decreased the maximum plantarflexion angle in both cases, reducing equinus. In Case
1, the AFO increased ankle ROM by 2.2 degrees, while in Case 2 ankle ROM decreased by 34.8
degrees.





4
Discussion

The goal of this study was to generate forward simulations of equinus gait with a
NMS model, that included both muscular and neural alterations that contribute to
increased ankle joint stiffness, and predict the effects of ankle stiffness compensation
with an AFO model. Firstly, a simulation of unimpaired gait was generated and
validated, in order to start with a reliable model. Secondly, it was found that several
isolated and combined structural and neural alterations of the muscles around the
ankle joint caused the model to adopt an equinus gait, similar to that of CP patients
with equinus, e.g., toe-strike, abnormal plantarflexion during swing, increased knee
and hip flexion or knee hyperextension on the affected side. Finally, the AFO, mod-
elled as an external torque around the ankle, compensated the ankle joint stiffness,
caused by the neural and structural alterations introduced in the NMS model, by
decreasing ankle plantarflexion, and increasing ankle ROM in the condition with
shorter GAS.

4.1. Unimpaired gait simulation
The unimpaired gait simulation built upon previous simulations of gait with ad-
ditional measures generated realistic results that could be validated. Quantitative
validation of hip, knee, ankle angles, knee and ankle moments, and vertical GRFs
with data from literature showed that the simulation was able to capture the exper-
imental trends. Only the knee joint moments did not follow experimental trends,
with excessive flexion moments in stance, when the GRF passed in front of the
knee, generating an external extension moment, and requiring the generation of
an opposing internal muscle moment to control knee motion and prevent knee hy-
perextension. The simulated ankle angles did not reach the same plantarflexion
peak at toe-off as the experimental values, most likely because the measures that
restricted ankle velocity, to prevent abnormal rapid plantarflexion at initial contact,
also prevented normal plantarflexion at push off. Qualitative validation of TA, GAS
and SOL muscle activations with experimental EMG on-off timings showed that the
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simulated muscle activities captured many salient features observed in experiments,
such as TA activation throughout swing, to control foot clearance, and at loading
response, to control foot landing, and plantarflexors activation in stance, to propel
the body forward towards toe-off. However, there were some differences between
simulations and experimental EMG, such as later onset times for the plantarflexors,
activation of the TA during the whole gait phase and only GAS activation reaching
100% activation, likely due to the choice of the energy model to compute effort.
The objective function contained terms that are thought to capture the general goals
of human walking, such as maximize walking speed, minimize energy consumption,
and avoid injury, however a trade-off between the competing objectives likely varies
between individuals. The objective function may not totally represent the goals of
individuals with gait pathologies and/or walking with the AFO. It is unclear what is
optimized in pathological walking [49], for example, impaired individuals may choose
a trade-off between metabolic efficiency, stability and pain avoidance. Additional
measures (limiting vertical GRF, ankle velocity, hip displacement, stride duration
and length) did not capture goals of walking, and were rather included to remove
abnormal dynamics likely caused by the contact model and generate more realistic
results. The contact model applied contact forces between two elements, the feet
and the ground, taking deformations of both elements into account, based on linear
elasticity theory [50] and probably generated too stiff contacts, resulting in abnormal
peaks of vertical GRF and rapid abnormal plantarflexion at initial contact. GRF
and plantarflexion angles improved with the introduction of the additional measures.
The model used in the simulations included a limited number of muscles. Although
inclusion of many muscles is more realistic from a physiological perspective, it is not
necessary in order to simulate gait in the sagittal plane. Moreover, a higher number
of muscles requires a higher number of model parameters to be optimized, therefore
longer computational time to find the optimal solution.

4.2. Equinus gait simulations
The simulations of equinus gait of the present study was unprecedented for two
reasons. First, because the simulations included both altered muscular structural
properties and neural alterations that contribute to increased ankle joint stiffness of
patients with equinus, overcoming the limitations of previous forward simulations
[15–17, 20]. Second, because both alterations were applied during gait, instead of
passive muscle stretches like in previous studies [18, 19, 21]. These advantages derive
from the use of a NMS model that includes both a neural model (gait controller)
and musculoskeletal model.

Sensitivity analysis
The model was robust to all alterations, finding a stable gait in all cases. Sensitivity
analysis showed that shortening or spasticity of the GAS, or SOL hyperactivity,
or combinations of plantarflexor muscles shortening and/or hyperactivity with TA
weakness influenced the most ankle kinematics, and caused equinus gait, with exces-
sive ankle plantarflexion, toe-strike at first contact, and abnormal ankle moments.
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Alterations of the muscles around the ankle joint did not only have a local effect
on the ankle kinematics, but also resulted in altered hip and knee kinematics, with
increased hip and knee flexion in late swing and early stance, or knee hyperextension
in mid stance. The simulation with GAS velocity feedback also resulted in unex-
pected ankle clonus, with rhytmic muscle contractions of the GAS and oscillatory
movements of the ankle during swing. Ten alterations (of TA, GAS or SOL force,
SOL length, SOL or GAS passive stiffness, 3 SOL feedback gains, GAS force feed-
back gain) did not result in equinus gait, with same or higher dorsiflexion angles
and heel strike at initial contact, and therefore were not validated.

Validation
Quantitative validation of the equinus gait simulations was a crucial step to prove
that the present model was a starting point for the AFO-assisted gait simulations.
However, it was impractical to validate each simulation with isolated neuromuscular
alterations with experimental data of patients with the same deficits (e.g. simulation
with decreased GAS optimal fiber length with patients with shorter GAS muscles)
because patients usually show a combination of neuromuscular deficits, and also
because many the studies did not provide their collected data sets. Therefore, all the
simulations that resulted in abnormal plantarflexion were validated with kinematic
data from patients with equinus, target population of the new AFO. A previously
collected data set of CP patients with a wide range of gait patterns was selected
for validation. The data set was divided into clusters, and only the clusters with
equinus were selected.
Overall, the simulations well captured the pathological toe-walking pattern, com-
monly seen in CP patients, characterized by abnormal plantarflexion and increased
knee flexion throughout stance. Experimental and simulated knee angles were the
most similar in shapes and values, with low RMSE and high NCC, with the only ex-
ception of the simulation with increased SOL activation, that showed excessive knee
hyperextension. Experimental and simulated ankle angles were similar in values,
with low RMSE (except for the simulation with increased GAS activation), but not
always in shape, with low NCC for simulations with increased GAS activation or
velocity feedback, or combinations with decreased TA force. Hip angles trajectories
had low NCC, but high RMSE, meaning they reproduced well experimental trends,
but with values deviating from the experimental mean. In fact, the model took long
steps, with high hip flexion at terminal stance and initial contact. The model taking
longer steps could be a secondary effect of trying to clear the foot off the ground,
being the movement restricted to the sagittal plane.
Unfortunately, quantitative validation with CP showed that none of the simulations
totally fit with experimental data with respect to all joints, with RMSE higher than
2 SD and/or NCC lower than 0.5 for at least one joint (hip, knee, ankle). However,
similarities with gait patterns commonly seen in other patient populations suffering
from neuromuscular disorders were recognized, even though they were not used for
quantitative validation, due to lack of data. For example, although the model showed
higher hip flexion angles than CP children, angles were in the range of healthy adults
walking with equinus constraint [4]. Loss of heel strike at initial contact, and re-



36 4. Discussion

duced dorsiflexion was also reported in patients with plantarflexor contractures [51]
and hemiparetic stroke patients [52]. Increased knee flexion at initial contact and
throughout stance was observed in people with plantarflexor contractures [51, 53],
after stroke [1, 52], and CP patients with crouch gait [54]. Knee hyperextension dur-
ing stance, or knee recurvatum, was often reported in stroke, traumatic brain injury,
CP, poliomelitis and multiple sclerosis patients [55]. Decreased ankle moments, re-
sulting from the simulation with TA weakness and plantarflexor hyperactivity, were
also reported after stroke [40, 52, 56] and in Charcot-Marie-Tooth-Disease patients
with muscle weakness [57]. Increased ankle moment during the first part of stance
phase and the "double-bump" ankle moment pattern, with a plantar flexion mo-
ment peak during the loading response (resulting from the simulations with GAS
shortening or spasticity) was measured in patients with plantarflexor contractures
[51, 53], spasticity in the calf muscles [56] and healthy subjects walking on their
toes [4, 58]. Clonus at the ankle is closely linked to spasticity and the results of this
study support the hypothesis that it is caused by self-excitation mechanisms [59]:
in the spasticity model, in fact, GAS excitation is computed using a feedback term
based on GAS velocity.
The ten alterations introduced that did not result in increased ankle plantarflexion,
i.e., equinus gait, were excluded from the validation. When TA, GAS or SOL
muscle weakness was introduced, the model achieved similar ankle kinematics due
to compensation with increased activations of the weakened muscles, in line with
previous studies of NMS modelling of muscle weakness [60, 61]. This compensation
allowed for a decrease of GAS maximum isometric force until zero, with increased
SOL activation, and viceversa. Similar compensations happened with the increase of
SOL or GAS passive stiffness, consistently with experimental observations of stroke
patients with high plantarflexion stiffness, who achieved normal dorsiflexion angles
during swing due to increased TA activation [62]. Simulated spasticity of the SOL
muscle, with additional reflexes based on muscle length, velocity, or force, did not
result in equinus gait, supporting previous hypotheses that SOL muscle spasticity
is unlikely to contribute to equinus gait in CP children [63].

Limitations
Lack of DOF and muscles did not allow for all commonly observed compensations
in patients that are out of the sagittal plane, such as hip abduction and/or circum-
duction and pelvic tilt. Stiff knee gait, usually observed in patients after stroke or
CP, with insufficient or delayed knee flexion during swing [52, 64], did not result
from any of the simulations, but it could result from other NMS alterations, such as
spasticity of the knee extensors or decreased plantarflexors and hip flexors strength.
Outputs of the gait simulations with neural and structural alterations were joint an-
gles and ankle moments, because in clinical practice the observation of impaired gait
most commonly focuses on kinematics, and kinetic measures are also evaluated to
connect abnormal movement to underlying muscle malfunction [56]. Knee moments
were not included in the outcomes of the sensitivity analysis and validation because
the results of the unimpaired gait simulation were not validated with experimental
data (Tab. 3.1). Muscle activations were affected by the alterations, because the
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approach to evaluate sensitivity involved re-optimization of the neural controller, in
which muscle activations were re-calculated after each muscle parameter was per-
turbed. However, muscle activations were not included in the outputs of the equinus
gait simulations because of lack of available data for validation.

4.3. AFO-assisted gait simulations
The AFO model applied an external torque on the ankle joint that increased expo-
nentially with the dorsiflexion angle, resembling the action of the real AFO. Despite
the short simulation time, resulting ankle angles during the first 4 or 5 steps could
be analyzed. Stiffness compensation by an external dorsiflexion torque provided a
beneficial effect by reducing the maximum plantarflexion angle of the two selected
simulations of equinus gait. The simulation with shorter GAS length resulted in a
beneficial increase of total ankle ROM, while the simulation with weaker TA and
hyperactivity of GAS and SOL resulted in a detrimental restricted ankle ROM, with
the ankle maintaining a position close to neutral throughout the whole gait cycle,
similar to the effect of a passive rigid AFO. The results of the AFO-assisted gait
simulations did not totally support the hypothesis of increased active ankle ROM,
benefit that the negative stiffness AFO theoretically provides [11]. The reason could
be that the AFO does not provide enough stiffness compensation, due to the low
torque, and/or the optimization did not find the optimal solution. From clinical
experience, however, the effects of the AFOs vary from patient to patient, and some
patients will not walk with an increased ankle ROM even if the AFO allows it,
because they adopt different gait compensations at the knee and hip.

Limitations and future recommendations
The AFO model applied a force between the two attachment points of the SOL,
however, due small moment arms, between 4 and 5 cm, the resulting torques were
lower than the torques applied by the actual AFO, resulting in under compensation
of the ankle stiffness. The present AFO model should be improved, by directly
applying a torque as a function of the ankle angle, and achieve higher compensation.
The AFO-assisted gait simulations run for less than 10 seconds, meaning that the
solutions provided here are unlikely to be the global minima. Using different CMA-
ES parameters, such as larger population size, higher number of iterations and
smaller minimum progress, may result in stable gait simulations and different ankle
angles than those found in this study. Selecting simulations of equinus resulting from
other neural and/or structural alterations may lead to different gait compensations,
and future work to test them would be valuable. Suggestions for a more realistic
AFO model can be made: the present AFO model added weight on the shank and
the foot body segments, but it would be more realistic to model an external body
that replicates the shape and material properties of the AFO, and also add a model
of the shoe. Despite these limitations, two-dimensional modelling represents a useful
initial approach to isolate AFO effects during gait and investigate the effects of ankle
stiffness compensation.
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The new AFO has not yet been tested on a clinical population of patients with
equinus, therefore predicting its effect on equinus gait simulations is important at
this stage of the device development. However, future research should focus on the
validation of the AFO-assisted gait simulations with gait data from patients with
equinus walking with the AFO. Moreover, collected data will be used to define a
patient specific NMS model, with specific alterations in muscle and neural properties.
Results can ultimately assist in the prescription of the AFO with the optimal settings
for the specific patient. All the gait simulations with neuromuscular alterations can
also be collected in a database to help clinicians recognize impaired gait patterns
of new patients, trace the underlying neuromuscular deficits and prescribe the AFO
with the optimal settings for each new patient.



5
Conclusion

The goal of this study was to generate forward simulations of equinus gait with a
NMS model, that included both muscular and neural alterations that contribute to
increased ankle joint stiffness, and predict the effects of ankle stiffness compensation
with an AFO model.

To begin with, a two-dimensional simulation of unimpaired gait was successfully
validated, reproducing well experimental kinematics, kinetics and muscle activations
observed in healthy subjects.

Next, simulations with shorter or spastic GAS, spastic SOL or combinations of
weak TA, and shorter or hyperactive plantarflexors resulted in equinus gait, with
toe-strike, abnormal plantarflexion during swing, increased knee and hip flexion
or knee hyperextension on the affected side. The simulations were quantitatively
validated with CP equinus gait and also reproduced gait features observed in other
patient populations with ankle impairments.

Finally, AFO-assisted gait simulations predicted that compensating ankle joint stiff-
ness decreased abnormal ankle plantarflexion, and increased ankle ROM in case of
GAS shortening.

Further work is recommended to achieve higher stiffness compensation, as the torque
applied by the AFO model was too small, generate more AFO-assisted gait simu-
lations and collect new data to validate them. This study provides a solid base
for further investigation of the effects of ankle stiffness compensation on equinus
gait, and the results can ultimately assist in the prescription of the new AFO with
adjustable stiffness, specific for each patient with equinus.
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Appendix A - Objective
In SCONE, the Objective describes the goal task for which you wish to optimize,
through a weighted combination of Measures. The first unimpaired gait simulation,
generated with the SCONE Tutorial [26], took long steps, showed abnormal ankle
joint angles, with high and rapid plantarflexion and two double bumps in dorsiflex-
ion, and an initial peak of vertical GRF (Fig. 1). To solve these issues and reduce
the dynamics towards normal experimental values, 4 additional measures (Fig. 2)
were introduced in the objective function:

• To prevent the abnormal initial high peak in the vertical GRF, a maximum
value was set to 1.5 times body weight.

• To prevent abnormal high-speed plantarflexion at loading response and the
two double bumps in dorsiflexion, the ankle angular velocity was restricted
between -458 degrees/s (plantarflexion) and +401 degrees/s (dorsiflexion).

• To prevent abnormal long steps, the ROM of the hip was restricted between
-15 degrees and 40 degrees, the stride duration between 0.2 s and 0.5 seconds
and the stride length between 0.8 and 1.3 meters.

Figure 1: Hip, knee and ankle angles, in degree, and vertical ground reaction force (normalized per
body weight) over the gait cycle during the gait simulation from the SCONE Tutorial, without our
additional measures. Grey areas are experimental values from healthy subjects. The model took
long steps, with high leg speed during swing (first graph on the left) and high knee flexion (second
graph). The ankle trajectory was characterized by rapid plantarfexion at loading response and two
double bumps in dorsiflexion in stance and swing (third graph) and there was a high GRF peak
at loading response (fourth graph).

Other adjustments that improved or could have improved the simulation:

• Improvement of the muscle model, with Millard force-length curves, more
realistic than previously used in the Thelen muscle model, remove unused
parameters, used a set of initial parameters provided by Thomas Geijtenbeek.

• Add two more muscles in the model (Rectus Femoris and Biceps Femoris Short
Head), however this solution required extra controllers, higher model complex-
ity, and additional computational time and therefore was not implemented.
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• Add a constant activation to all leg muscles, to increase stiffness around all the
joints and prevent rapid joint displacements. However, the model kinematics
did not reduce towards normal values (Fig. 3), therefore this solution was not
implemented.

Figure 2: Script of the SCONE Objective, with our additional measures in blue: restriction of
ankle angular velocity (line 22), restriction of hip position (lines 30-35), stride duration and length
(lines 36-41), penalty on the maximum value of the vertical ground reaction force (lines 42-48).
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(a) Minimum activation = 0.05. The model shows knee hyperextension and insufficient ankle
dorsiflexion in stance.

(b) Minimum activation = 0.01. The model shows insufficient hip flexion at landing and foot
strike, high knee flexion in stance and ankle kinematics are completely off.

Figure 3: Hip, knee and ankle angles in degree over the gait cycle during the gait simulation with
increased minimum activation, of all leg muscles, compared with experimental values from healthy
subjects (grey areas).
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Appendix C - AFO model
To determine the parameters of the AFO model we performed repeated varied at-
tempts. Here we provide our successes and failures to assist other researchers in
future studies focusing on the development of the AFO model. First, we looked at
different functions available in OpenSim:

• Coordinate Limit Force at the ankle joint: applies a force to limit the range
of motion of the ankle. Once you set (multiple) upper and lower limits of the
coordinate value, it applies linear stiffness, from 𝐾፮፩፩፞፫ to 𝐾፥፨፰፞፫. The AFO
should not apply a linear, but an exponential force. One way to solve this
problem is to define multiple ranges, each with a linear stiffness depending on
the steepness of the exponential curve (Fig. 4). However, discontinuities in the
derivative at the connections of the linear domains may affect the optimization.

Figure 4: The Coordinate Limit Force applies linear stiffness when the ankle angle is between an
upper and lower limit. The exponential torque is approximated with linear torque, setting multiple
limits, but discontinuities may affect the optimization.

• Prescribed Force Class: applies a force and/or torque to a body, as a function
of time. We need to apply torque as a function of the ankle angle. Ankle angle
is a function of time but will be also affected by the torque. Therefore, the
torque can not be expressed as a function of time.

• Expression Based Point to Point Force: applies a force between two points, as
a function of the distance between the two points. The resultant torque will
depend on both the force and the moment arm.

We used the last approach and chose the two attachment points of the SOL
muscle (Fig. 5) to simplify the calculation of the distance between the points and
the moment arm. The distance between the two points is the SOL fiber length,
and the moment arm is the SOL ankle moment arm, both calculated with OpenSim
(Fig. 6).
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Figure 5: Force between the two attachment points of the SOL muscle generates a torque around
the ankle joint. As the distance between the two points increases (dorsiflexion direction), the force
increases exponentially.

Figure 6: Left: distance between the two application points of the force, or SOL muscle length, vs
the ankle angle. Right: moment arm of the AFO force, or SOL-ankle moment arm, vs the ankle
angle.

We first tried parameters used for the first prototype (Eq. 1, Table 2, Fig. 7).

𝑇ፏፅ(𝜃) = 𝑐ኻ𝑒፜Ꮄ(᎕ዅ፜Ꮅ) → 𝐹(𝑑) = 𝑎𝑒፛፝ (1)

However, the simulation did not even initiate (’waiting for first evaluation’) because
the force was too high due to the small moment arm.

Table 2: Parameters of the exponential functions of the modelled AFO and Point to Point Force
based on the first prototype.

𝑐ኻ 𝑐ኼ 𝑐ኽ 𝑎 𝑏
AFO1 2.465 0.079 -14.045 0.2703 139.9
AFO2 3.429 0.094 -5.626 0.06054 166.5
AFO3 7.351 0.089 6.617 0.06443 157.6
AFO4 0.267 0.119 -18.183 0.002948 211.3
AFO5 5.566 0.113 11.237 0.003291 200.5
AFO6 3.953 0.089 10.910 0.002365 157.6
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(a) Torque applied by the AFO around the an-
kle joint as a function of the ankle angle.

(b) Force applied by the AFO model, between
the two attachment point of the SOL, as a func-
tion of the distance between the two points.

Figure 7: Characteristics of the AFO model based on the first prototype.

Next, we used a step wise approach: first retrieve ankle joint passive stiffness of
the model, then choose a level of compensation, then apply the torque to compen-
sate, and repeat for each alteration of passive muscle parameters.

• To retrieve passive stiffness of the modelled ankle joint, we multiplied the
passive force of GAS and SOL muscles with their ankle moment arm: 𝑇ፚ፧፤፥፞ =
𝐹፩,ፆፀፒ ∗ 𝑎𝑟𝑚ፆፀፒ + 𝐹፩,ፒፎፋ ∗ 𝑎𝑟𝑚ፒፎፋ.

• Theoretically, an external torque can fully compensate (100% compensation)
the passive ankle joint stiffness. (In practice, this is limited by the construc-
tion of the mechanism, which needs to exert a high torque with a small mo-
ment arm.) We fitted an exponential function (fit(x,y,’exp1’) in MATLAB) to
−𝑇ፚ፧፤፥፞ to obtain 𝑇ፀፅፎ(𝜃) = 𝑎ፓ𝑒፛ᑋ᎕ and 𝐹ፀፅፎ(𝑑) = 𝑎ፅ𝑒፛ᐽ፝ (Table 3).

Table 3: Parameters of the exponential functions of the modelled AFO angle-dependent torque
and corresponding distance-dependent force.

𝑎ፓ 𝑏ፓ 𝑎ፅ 𝑏ፅ
-10% GAS 𝑙ኺ -1.853 0.1081 0.007625 187.2
-30% GAS 𝑙ኺ -17.13 0.06018 3.299 104.4
-50% GAS 𝑙ኺ -79.79 0.03721 81.45 67.6

• The new passive stiffness is equal to 𝑇ፚ፧፤፥፞ + 𝑇ፀፅፎ. This is closer to 𝑇ፚ፧፤፥፞
of the unimpaired model (Fig. 8a), except with higher passive stiffness, as it
also happens experimentally.

• Each change in passive muscle parameter results in a new ankle stiffness.
Theoretically, when combining parameters, we would need more compensation
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than with isolated changes. When we reduce muscle force, increase minimum
activation of the muscles or add a reflex, however, there is no way to directly
calculate the increased stiffness of the ankle. In these conditions, the AFO
would compensate a normal ankle stiffness and not an increased stiffness.

However, the force was still too high due to the small moment arm (Fig. 8b).
At the end, we applied lower forces, trying out several parameters: to quickly

rule out those AFO configurations that did not give plausible results (the model
fell immediately or made absurd movements, or the force was too high and the the
simulation did not initiate) we first used SCONE ’evaluate scenario’ It means that
the same neural controls are used, without optimization. In this way, the solution
was obtained immediately, without waiting for the computational time, but the
solution was not optimal. Then, we optimized the scenario, using optimized neural
controls based on the objective function performance.
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(a) Passive stiffness of the modelled ankle joint increases when changing the passive muscle parameters,
i.e. Gastrocnemius optimal fiber length (yellow, orange, red thick lines). The AFO compensates for the
increased stiffness by applying a torque around the ankle joint (yellow, orange, red thin lines). Stiffness
of the total system, AFO+ankle, (green) is closer to the passive stiffness of the unimpaired model (black).

(b) Forces applied between the two attachment points of
the SOL, that generate the above AFO torques around
the ankle joint.

Figure 8: Characteristics of the AFO model based on passive stiffness compensation.
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