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Abstract – Functional Electrical Stimulation (FES) appears 

as the ideal tool to control muscle function by the artificial 

activation of the paretic and paralyzed muscles. The 

devices for the lower limb are based on the open-loop 

approach, this meaning that no feedback is taken into 

account. A simulation tool was developed using feedback 

approach in order to control an angle joint movement by 

providing the proper muscle activation. The physiological 

response of the muscle is guaranteed by a Hill-type muscle 

model. The system was intentionally devised for the 

biomechanical model of the lower leg and foot, in which 

the twelve muscles inherent in the referred joint movements 

were included. Of those, only four: the Tibialis Anterior, 

the Soleus, the Medial and the Lateral Gastrocnemius were 

actively controlled. 

The control system was implemented in a discrete way, in 

order to draw the control system as near to a real physical 

system as possible, by using an adapted Proportional 

Integral Derivative (PID) controller. In the test examples, 

the muscle control system proved to be effective on 

tracking the reference. In the gait trial, the results were 

satisfactory. When a more complex and realistic test was 

performed, it was proved that a single feedback system 

couldn’t follow the reference in a proper way. Aiming for 

an improvement of the controller performance, muscle 

activations provided by a feedforward methodology were 

added and the tracking was successfully corrected.  

The results were shown as well as their respective 

discussion. At the end, further improvements are suggested 

in order to make this tool a more robust and trustworthy 

simulation of the human motion physiology. 

Key-words: FES, Control, PID controller, Multibody System, Hill 

Muscle Model. 

I. INTRODUCTION 

Movements like walking are often seen as a relatively 

simple task, performed in such an automatic way that a 

person can walk while talking with a friend. However, in 

fact, they constitute a highly complex process, resulting 

from an intricate interaction between the Central Nervous 

System (CNS) and the Musculoskeletal System. In order to 

produce a certain movement, signals generated at the motor 

and premotor areas in the brain must be transmitted to the 

spinal cord to activate the motor neurons directly or 

indirectly. Afterwards, these motor neurons will control the 

muscle contractions to achieve the desired motion. 

Meanwhile, sensory information is being transmitted from 

the visual system, skin, muscles and joints into the sensory 

and motor areas of the brain, allowing, for instance, the 

limbs to modify their trajectory in order to land on a safe 

spot [1]. 

The intricate relation of the neuromuscular system can be 

compromised by to several disorders or injuries, intimately 

related to lead to muscle paresis/paralysis. This has been 

pointed out as one of the main problems in public health. 

For example, in North America and in Europe, the number 

of patients affected by muscle paresis/paralysis is around 

500-1000 persons per one hundred thousands of the 

population [2]. Muscle paralysis can occur in several parts 

of the body, affecting patients’ quality of life in many 

different ways. Paresis/Paralysis affecting the lower limbs 

muscle apparatus usually results in inability to climb stairs, 

walk or even stand, significantly reducing patients’ 

independence and, consequently, their quality of life.  

Several potential and challenging therapies  have been 

pointed out as a solution to muscle paralysis, including a 

combination of stem cells, growth factors and other 

molecules in order to create new muscles, new neurons or 

new axons that can reconnect to the appropriate targets [1]. 

In the meantime, patients lack the ability to perform many 

tasks. In order to minimize the inconvenience and give a 

life as good as possible to those patients, different 

functional rehabilitation techniques, like Functional 

Electrical Stimulation (FES), may be adopted.  

FES technology is based on the use of voltage pulses 

delivered via one or more surface or implantable 

electrodes, thus providing the electrical stimuli to induce 

muscle contraction and, therefore, the corresponding joint 

movement. The functional electrical stimulation principle 

has been successfully applied to several distinct devices, 
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like pacemakers or cochlear implants, enabling patients to 

regain important capabilities.  

As early as in 1960, the applicability of FES to lower limb 

paralyzed muscles was demonstrated by Kantrowitz, which 

applied surface stimuli to promote standing, or by Liberson 

et al, who developed the first portable neuroprosthesis to 

prevent the drop foot[3]. Despite all the new technology, 

most commercially available FES-assisted walking (and 

standing) devices still employ an open-loop operation, in 

which the desired electrical stimulation must be adjusted 

manually. Nowadays, the FES-assisted gait tends to be 

slow, awkward, unnatural looking and requires a great deal 

of energy from the user [4]. In order for a FES system to 

become a realistic clinical device, it should be portable, 

reliable for daily use, robust enough to change in the 

response of the muscle electrical stimulation and easy to 

use [5].  

The critical step retarding the widespread clinical 

application of FES devices is the design of the control 

system [5]. The controller must determine the adequate 

stimulation pattern to fulfill the desired movement, being 

able to respond to external (for example forces or 

obstacles) and internal (such as muscle fatigue, spasticity) 

disturbances. From this point of view, the closed-loop 

system appears as the answer. The controller output is 

based on the measured signals, which are continuously 

recorded by sensors that keep on sending feedback to the 

controller, always following the actual state of the system. 

Throughout the past years, several strategies for closed-

loop control in FES system have been studied. In a 

“patient-driven” approach, stimulation for the paralyzed 

muscles is influenced and even controlled by the voluntary 

contribution of the patient, like hand reaction or posture.  

Opposed to this strategy are the so called “controller 

center” approaches, in which, for example, the system is 

controlled to track a pre-defined motion trajectory. 

Although, promising results were achieved, more 

robustness to fatigue and/or perturbations is required for 

clinical FES system to operate sucessfully [5].  

In general, for practical purposes, the FES-assisted gait 

usually stimulates mainly nerve fibers [6]. However, only 

patients with the respective lower motor neurons preserved 

are able to benefit from it. When it is not the case, nerve 

stimulation is no longer effective and cannot produce the 

desired muscle contraction. On the other hand, direct 

muscle stimulation can be a solution. After denervertaion 

(without reinnervation), atrophied muscle can survive for 

some months but do eventually die. Muscle stimulation 

might keep them alive and even strengthened. It is not a 

common clinical technique because the stimulation is less 

effective, requiring stimulation at each motor point of the 

muscle.  

The design, test and optimization of FES controllers have 

been significantly enhanced by the use of computational 

models, based on the physiological characteristics. On the 

one hand, the patient’s dynamics is obtained by multibody 

systems. On the other hand, mathematical muscle models 

provide a relevant insight into the muscle force generation 

process. This kind of methodologies stands as a trustworthy 

simulation tool of the human body, accelerating the overall 

research process, since time-consuming and perhaps 

troublesome trial and error experimentation can be avoided, 

at least shortened, as well as the number of experiments 

with humans might be reduced [7].  

The purpose of this work is to create a control architecture, 

responsible for generating the adequate muscle activations, 

enabling a biomechanical model to track a pre-defined 

reference, in an accurate and precise way. The developed 

computational system was designed thinking of direct 

muscle stimulation and concerning a future physical within 

the scope of the the FCT DACHOR project – Multibody 

Dynamics and Control of Hybrid Active Orthoses (MIT-

Pt/BS-HHMS/0042/2008). 

In the following section the adopted biomechanical model 

will be described, also regarding the underlying 

mathematical formulation. Then, the control archictecture 

will be explained, delineating its three distinct parts: 

sensors, controllers and actuators. Afterwards the obtained 

results will be shown and discussed, analysisng the 

performance of the developed system in real experimental 

scenarios.   

II. METHODS 

A. Biomechanical Model 

The multibody system used in this study was a 

representation of the anatomic segments of the lower leg, 

the ankle and the foot. The model is composed of two rigid 

bodies, the lower leg and the foot, linked to each other by a 

revolute joint, the ankle joint, this meaning that motion is 

allowed only in the sagittal plane. In order to correctly 

represent the physical characteristics of each anatomical 

segment, the correspondent principal physical properties 

(mass, principal moments of inertia, anthropometric length 

and the distance of segment center of mass from the 

proximal joint) were specified, as far as   the 50
th

-percentile 

human male is concerned. These data was obtained from 

[8].  

Besides the rigid bodies connected by the ankle joint, the 

biomechanical model is composed of the twelve muscles 

inherent in the motion of the refered joint. From all the 

muscle apparatus of the ankle-foot anatomic system, only 

four muscles were chosen to be actively controlled. Since 

the ankle motion primarily occurs in the sagittal plane, 
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extensor and flexor muscles were selected. Those were the 

Tibialis Anterior, as the prime dorsiflexor; the Soleus, the 

Medial and the Lateral Gastrocnemius, commonly grouped 

in the so-called triceps surae, as the major plantar flexors. 

The other muscles were included in the biomechanical 

model, regarding the potential passive forces they could 

produce, which could interfere during the gait. 

Like each anatomic segment, the muscles also require an 

accurate description, regarding their physiological 

properties. These data were obtained from [9]. 

The final biomechanical model with all the muscle 

apparatus is schematically drawn in Figure 1. 

 

 

Figure 1 The biomechanical model together with the muscle 
apparatus under analysis, depicting three different views of 

all the  muscle apparatus. In light blue, the muscle actively 

controlled.  

The mathematical formulation underlying the 

biomechanical model will be now presented, both the 

multibody system and the mathematical muscle model. 

A.1 Computational Formulation 

The multibody formulation allows for a mechanical system 

to be modulated and the respective equations of motion to 

be assembled and solved in a systematic way. In a forward 

dynamic analysis, the dynamic response of a constrained 

multibody system due to the effect of external applied 

forces (joint torques or muscle forces, for example) is 

analyzed. One of the main objectives is the analysis of the 

motion, which allows the determination of the position, the 

velocity and the acceleration of every element of the 

system. The forward dynamics also provides a way to 

estimate external forces that are generated as a 

consequence of the system’s interaction with the 

surroundings, like contact forces [9]. 

A multibody system is defined by its rigid elements (or 

rigid bodies) interconnected by means of kinematic pairs 

(or joints) and acted upon by external applied forces. These 

kinematic restrictions are translated into algebraic 

equations [9]. Those indicate how the coordinates 

describing the multibody system (represented by vector 𝐪) 

can vary according to the system’s disposition. These 

equations are put together into a global kinematic 

constraint vector represented by 𝚽 𝐪, t . The coordinates 

must be consistent with the constraint equations all the 

time: 

 The equations of motion of constrained system due to the 

effect of external forces, are commonly described by the 

system of second-order differential equations given by 

in which 𝐌 is the system global mass matrix, containing 

the mass and inertial characteristics of each element; 𝐪  is 

the generalized acceleration vector; 𝚽𝒒 is the Jacobian 

matrix of the constraints; 𝛌 is the vector of Lagrange 

multipliers that holds information related to the magnitude 

of the internal forces, and g is the generalized external 

forces vector that holds all the forces applied to the system. 

The full description of the equations of the motion of the 

system is, therefore, given by 

 However, the solution of this type of equations presents 

inherent difficulties. Therefore, the second equations are 

often differentiated twice with respect to time, resulting 

system, rearranged in the matrix form, is: 

in which 𝛄 is referred to as the right-hand side of the 

acceleration constraint equations. The ODEs system is 

solved in forward dynamics analysis as an initial-value 

problem (IVP). The resulting system is expressed in terms 

of the generalized acceleration vector. Therefore, the 

position and velocity vector can be obtained using the 

direct integration if the system’s initial state (𝐪0,𝐪 0) is 

correctly prescribed [9] , [10].  

A.2 Driving the model 

When no external forces are taken into account, the 

multibody system requires driving constraints to be 

completely defined. These algebraic equations are used to 

specify the motion of all the system, prescribing the 

position, velocity and acceleration of its driving elements. 

In this work, only the motion of the knee, since the anke 

joint will be controlled, will be prescribed, using two types 

of drivers: the trajectory and the rotational one. The former 

is defined by the following set of constraint equations: 

in which, 𝐫𝐢
∗(t) is the reference trajectory given to 

prescribed the motion of  i point, which in this case is point 

number 1, referred to the knee. On the other hand, the 

rotational driver has the following generic contribution to 

the global kinematic constraint vector:  

 𝚽 𝐪, t = 𝟎 (1) 

 𝐌𝐪 + 𝚽𝐪
T𝛌 = 𝐠 (2) 

  
𝐌𝐪 + 𝚽𝐪

T𝛌 = 𝐠

𝚽 𝐪, t = 𝟎
  (3) 

  
𝐌 𝚽𝐪

T

𝚽𝐪 𝟎
   

𝐪 
𝛌
 =  

𝐠
𝛄  (4) 

𝚽 𝐪, t = 𝐫𝐢 − 𝐫𝐢
∗(t) = 𝟎 (5) 
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in which, 𝐫𝐢𝐣 and 𝐫𝐤𝐥 are two generic vectors, obtained from 

the points i,j,k and l; Lij and Lkl are the respective lengths 

of those vectors and θ(t) is the angle defined between the 

two. This will be used to guide the angular degree-of-

freedom of the knee joint. Therefore, in the present model i 

and j are respectively points 1 and 2, and k and l represent 

the inertial horizontal direction vector.   

Both the knee trajectory and angle, which will be given as 

input data to the analysis were obtained during an 

experimental gait trial of a male subject. These data must 

be correctly processed in order to be suitable for the 

computational program, which includes filtering the lab 

results by using a second order, low-pass Butterworth 

filter, to reduce the noise inherent to the experimental data. 

The data was recorded with a sampling rate of 60 Hz. 

However, in order to be suitable for the APOLLO software, 

in a forward dynamic analysis perspective, the sampled 

data, after being filtered, were interpolated using cubic 

splines. This process enables a continuous evaluation of the 

data at any instant of time and allows the calculation of the 

velocity and acceleration using standard and computational 

efficient spline differentiation techniques [9]. 

A.3 Hill-Type Muscle Model 

The study and analysis of human motion can be even more 

accurate if mathematical models of the muscle are 

integrated with multibody systems. Physiologically based 

mathematical models provide a relevant insight into the 

muscle the force generation process. 

The mathematical muscle models describe the dynamics of 

the muscle tissue, dividing it into activation dynamics and 

muscle contraction dynamics (Zajac, 1989). The activation 

dynamics corresponds to the transformation of the neural 

excitation produced by the CNS into the activation of the 

contractile apparatus [9] and won’t be included in the 

following muscle model. The muscle contraction dynamics 

corresponds to the transformations of muscle activation 

into muscle force. One of the most commonly used muscle 

models is Hill’s muscle model and its variations. This type 

of models is able to simulate the behaviour of soft tissue 

under both compressive and tensile loads, as well as active 

muscle action, once it includes a contractile element [9].  

In this work, the muscle model, more precisely, the muscle 

contraction dynamics, used was earlier implemented by 

(Pereira, 2009) and is schematically presented in the Figure 

2. 

 

Figure 2 The Hill-type muscle model used to stimulate muscle 

contraction. The physical characteristics of the DE are 

included in the CE and the action of is neglected (Silva, 
2003). 

The model is composed of an active Hill contractive 

element (CE) and a passive element (PE). The muscle is 

defined by specifying its geometry and force-generating 

properties. These properties are controlled by its current 

length Lm (t), rate of length change L m (t) and activation 

am (t) (which is a number  between 0, no activation, and 1, 

when muscle is fully activated), in such a way that the 

force produced by the active Hill contractile element for 

muscle m is:  

in which F0
m  is the maximum isometric force and 

FL
m Lm (t)  and  FL

m L m (t)  are the two functions 

representing, respectively, the muscle force-length and the 

force-velocity relationships. Those relationships show the 

dependent behaviour of the generation of muscular 

contraction forces on the muscle and on the muscle rate of 

length change. The former states that the total tension 

present in a stretched muscle is the sum of the active 

tension provided by the contractile element (the muscle 

fibers) and the passive tension provided by the connective 

tissue (tendons and muscle membranes).  It must be born in 

mind that no passive tension is produced until the resting 

length. However, as the muscle lengthens, tension begins to 

build up, slowly at first and then more rapidly [11]. In the 

force-velocity relationship during a concentric contraction 

(i.e. producing force while shortening) the force generated 

by the contractile element is supposed to be smaller than 

the force it produces during an isometric contraction, while 

in the case of an eccentric contraction (i.e. producing force 

while lengthening) the opposite occurs and the muscle 

forces produced are greater than the muscle’s maximum 

isometric force [9].     

These relations, based on experimental data, were 

converted into analytical expressions by Kaplan (2000) [9]. 

Those functions are respectively: 

The force produced by the passive element is independent 

of the muscle activation and it is produced only when the 

muscle is stretched beyond its resting length (as it was said 

before). Once again, based on approximation to 

experimental information, the force generated by the 

passive element can be described by the following 

analytical expression (Kaplan, 2000, cited in [9]): 

𝚽 𝐪, t = 𝐫𝐢𝐣
𝐓𝐫𝐤𝐥 − Lij Lkl cos θ (t)  = 0 (6) 

FCE
m  am t , Lm (t), L m (t) =

FL
m Lm (t)  FL

m L m (t) 

F0
m  am (t) (7) 

FL
m Lm (t) = F0

m e
−  −

9
4
 

Lm (t)

L0
m −

19
20

  

4

−
1
4
 −

9
4
 

Lm (t)

L0
m −

19
20

  

2

 

 
(8) 

  

 FL
m L m (t) =

 
 
 

 
 

0 −L 0
m > L m (t)

−
F0

m

arctan(5)
 arctan −5

L m (t)

L0
m  + F0

m 2L 0
m ≥ L m t ≥ −L 0

m

πF0
m

4 arctan(5)
+F0

m L m (t) > L 0
m

   

 

(9) 
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In Figure 3, the total force is plotted when the muscle is 

fully activated and when muscle activation is only 50 %. 

From the figure it is clear to conclude that the force 

produced by the contractile element is dependent on the 

muscle length, the muscle rate of length change and 

activation, whereas the force generated by the passive 

element is only related to the muscle length, being 

independent of the activation and the muscle rate of length 

change.  

a) 

b) 

Figure 3 The total muscle force, including the force produced by the 

contractile element and the force generated by the passive 
element. a) the muscle is fully activated and b) 50 % of 

activation [9]. 

B. Controller Design 

The control architecture is a module created to be used by 

APOLLO software (a multibody analysis system) 

previously developed. It was implemented in FORTRAN, 

by using the commercial software Compaq Visual Fortran 

6.  

The control system processes the information provided by 

the multibody system: the angle between the two anatomic 

segments and the respective angular velocity; comparing it 

with the prescribed reference and, generates the proper 

muscle activations that, afterwards, must be supplied to 

hill-type muscle models, in order to reproduce the desired 

movement. The control is a closed-loop system, which 

provides a constant feedback of the actual state of the 

biomechanical system and, based on the measured signals, 

the controller determines the adequate activation pattern to 

fulfill the desired movement and reject disturbances. 

Besides the biomechanical system (commonly named by 

plant, process or system to be controlled), the developed 

system is composed of sensors, responsible for evaluating 

the system state, actuators, responsible for the translation of 

the controller output into meaningful information to the 

system, muscle activation, for instance and, the controller 

itself. 

In order to draw the control system as near a real physical 

system as possible, it was implemented in discrete time 

form (like most of the control systems developed today, 

once digital computers are used). This means that the 

controller operates only on samples of the sensed plant 

output rather than on the continuous signal and that the 

dynamics of the controller (defined by differential 

equations) needs to be implemented by algebraic recursive 

equations. 

The control unit was designed to work in two distinct ways. 

In the first one, the multibody system is regulated by the 

control system, acting as a motor. In the second case, the 

controller output is the appropriate muscle activation that 

leads the biomechanical system to follow the desired 

motion.  

The reference represents the track that the plant output 

must follow. For the designed control unit, the reference is 

the angle between two adjacent rigid bodies. In the 

application, the reference is the angle referent to the ankle 

joint (angle formed between the lower leg and the foot).  

B.1 Sensors 

The sensor unit is responsible for providing the useful 

information about the state of the system under analysis. In 

this case, for a correct performance of the overall system, it 

must provide the joint angle, the angle formed between two 

rigid bodies and also the value of the respective angular 

velocity. However, the sensors were implemented in a 

modulated function that can easily be modified in order to 

provide more information relative to the biomechanical 

system.  

B.2 Actuators 

The actuator acts as a converter of the controller output into 

multibody system input. Like the sensor unit, a modulate 

function was implemented, providing once again different 

types of actuators depending on the plant input desired, 

either joint torque or muscle force. In the first case, the 

actuator system acts as a motor, receiving from the 

controller the joint torque (in arbitrary units) necessary to 

counteract the angular deviation of the control variable. 

The second actuator is responsible for the activation of the 

targeted muscle. It receives the controller output as muscle 

activation (number between 0, no activation, and 1, when 

muscle is be fully activated) and produces the desired 

muscle force, needed to correct and follow the prescribed 

reference. The actuator type three is similar to the previous 

one but, in addition to the controller output, there is an 

external activation, prescribed by the user, that also 

contributes to the total muscle force. This is an attempt to 

FPE
m  Lm (t) =

 
 

 
0 L0

m > Lm (t)

8
F0

m

L0
m (Lm (t) − L0

m )3 1.63L0
m ≥ Lm t ≥ L0

m

2F0
m Lm t > 1.63L0

m

  (10) 
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simulate the muscle tone, where the muscle is already 

producing muscle force.  

B.3 Control Strategies 

Several types of controllers are available for inclusion in a 

feedback loop. Proportional-Integral-Derivative controllers 

(PIDs) are widely recognized as being one of the most 

versatile and efficient family of controllers.  

The PID controller algorithm, involves three separate 

contribuitions: the proportional, the integral and the 

derivative terms. The proportional term Kp, also called 

proportional gain, determines the reaction to the current 

error; the integral constant Ti determines the reaction based 

on the sum of recent errors, and the derivative gain Td 

determines the response based on the rate at which the error 

has been changing. The sum of these three contributions 

with the correct gains or tuning of the controller is used to 

achieve the desired control response [12].  

Some Proportional-Integral-Derivative (PID) family 

controllers were tested and the adapted PI-D, schematically 

represented in Figure 4, proved to be the most precise and 

least sensitive to the noise of the measured signal. As 

Matjačić et al, (2003) [5] reported, the derivative action of 

PID controllers had to be minimized in order to ensure 

stability, so this type of controller could be clinically 

useful. The adapted PI-D (Figure 4) is given this name 

because its development was based on normal PI-D. In this 

one, the derivative action is directly connected to the 

feedback loop, which means that the controller measures 

the derivative of the process output rather than the 

derivative of the error [12]. However, in the adapted PI-D, 

the angular velocity was directly read from the forward 

dynamics simulation rather than being obtained by 

differentiating the output. 

 

Figure 4 The block diagram for the used PI-D controller (continuous 

representation) 

This approach has the added advantage of not exciting the 

constraint dynamics of the multibody formulation due to 

noise (numerical) amplification in the differentiation. 

Thus, the recursive algorithm for the implementation of the 

discretised PI-D controller is: 

u k = u k − 1 + Kp  1 +
T0

2Ti

  e k − Kp  1 −
T0

2Ti

 e k − 1 

 −Kd y  k − y (k − 1) 
 (11) 

As far as the control of the muscle activation is concerned, 

the controller structure responsible for leading the 

multibody system to track the prescribed reference is 

constructed based on the amount of the muscles that 

actively contribute to the movement. Like in the human 

motion organization, the movement of a joint has at least 

one muscle responsible for its flexion and another for its 

extension, thus composing the agonist/antagonist pair. In 

the case under study, four muscles were chosen, the 

Tibialis Anterior as a dorsiflexor, responsible for the 

flexion and the plantar flexors: the Soleus, the Medial and 

the Lateral Gastrocnemius responsible for the extension. 

Each muscle has a controller and the respective actuator 

associated. As it was said before, the controllers were 

based on the adapted PI-D, but they differ in the way they 

sense the information about the state of the system, 

depending on the respective muscle function. So, the 

Tibialis anterior which acts as a flexor is ruled by a 

controller type PI-D agonist, whereas the plantar flexors 

are commanded by the PI-D antagonist controller type. In 

addition, independent controllers make respective different 

control parameters possible, not including the sampling 

time, which was set at the same value for every controller. 

The control architecture with two muscles being under 

control, one acting as a flexor and the other functioning as 

an extensor, is schematically represented in the following 

Figure 5. 
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Figure 5 The block diagram of the control unit, with two muscles being under control. The PI-D agonist is responsible for flexors muscle, whereas 

PI-D antagonist for extensors.  Note that only for convenience and clearness of the drawing are there only two sensors represented in the 
figure. In the implemented system the sensor is the same. The Zero-Order-Hold (ZOH) converts the discrete signal into a continuous one, 

by holding each sample value (FCE) for one sample time, T0 

 

III. RESULTS AND DISCUSSION 

The control architecture was successfully integrated in the 

APOLLO software. This was corroborated by the test 

results perfomed by the control system, both functioning as 

a motor and generating the muscle activations, using a step 

response as a reference. In the last case, the cooperation 

between the muscles, composing the agonist/antagonist 

pair, was confirmed. 

The overall system, the control of the ankle angle of the 

biomechanical model by controlling the activation of the 

Tibialis Anterior, the Soleus, the Medial and the Lateral 

Gastrocnemius was tested for a gait trial, in which the knee 

trajectory and its respective angle (with the horizontal 

direction) were given by the drivers, while the ankle angle 

was actively controlled.  

In a gait trial, after the experimental three-dimensional 

motion being recorded, it must be correctly processed in 

order to transform it into suitable kinematic data for the 

computer program under analysis. This particular gait trial 

was performed by a 25-year-old male, 1.7m high and with 

a total body mass of 70.250 kg. The trial started at the time 

step just before the right heel contact with the ground, and 

continued until the subsequent occurrence of the same foot. 

This had a total duration of 1.084s, which corresponds to a 

walking cadence of approximately 111 steps per minute.  

The experimental ankle angle showed a similar behaviour 

to the ones reported in the literature [13]. 

A. Gait Trial 

The ankle angle was guided by the control system 

composed by the four controllers responsible for providing 

the proper activation of the respective muscle. The 

controller parameters are presented in the Table 1. They 

were chosen in order to maximize the controller response, 

which means that the kp and kd were as high as possible 

and the lower value of Ti was selected. A relation between 

the values of the flexor muscles was established. According 

to the type of FES device that is being simulated, i.e., it is 

assumed that in a surface FES the electrical stimulus 

arrives stronger to the surface muscles than to the ones 

located at a deeper level. To the Medial and Lateral 

Gastrocnemius, the same parameter values were set, 

whereas to the Soleus muscle the gains correspond 

approximately to 80% of the previous values. 

Table 1 Control Parameters for the experiment 

 kp kd Ti 

Tibialis Anterior 4 0.04 0.0009 

Soleus 0.08 0.004 0.00125 

Gastrocnemius 

Medial 
0.1 0.005 0.001 

Gastrocnemius 

Lateral 
0.1 0.005 0.001 

 

The performance of the controlled system is drawn in the 

Figure 6. 
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Figure 6 The ankle angle, during the gait trial. In pink the reference 
angle and in blue, the angle obtained by actively 

controlling the muscles. 

The biomechanical model was able to follow the reference 

under study. During most of the analysis, the controlled 

angle (in blue) is concurrent with the reference angle (in 

pink), but a light phase lag can be discerned. This is 

inherent in any simple feedback control system, in which 

the response and compensation to any disturbance in the 

output are not immediate. In this particular system, this 

delay was not a problem.  Nevertheless, its importance 

grows as the time delay increases. 

The performance of the implemented biomechanical model 

during the analyzed stride period is described in Figure 7. 

The good performance shown by the controlled system on 

tracking the reference sustains the validation and efficacy 

of the control architecture.   

 

 

 

 

Figure 7 Gait trial representing the biomechanical model under analysis, with the position of the ankle joint being controlled by the proposed 

control architecture. Each frame is spaced by a time step of 0.001s. 

 

B. Gait Trial and ground reactions forces 

In order to achieve more relevant results, liable to compare 

with the literature, the control structure was tested for a gait 

trial taking into consideration the ground reaction forces, 

recorded, once again, during the gait trial. 

The overall behavior of the angle described by the 

controlled system was similar to the reference, both 

represented in the Figure 8. However it was less consistent 

than the performance exhibited in the previous case. This 

fact can be justified by the two distinct dynamics under 

analysis: the stance phase, in which the ground reaction 

forces are being applied to the system and, the swing phase, 

when no external force is taken into consideration. The 

performance of the control system could have been 

improved if different controller parameters could have been 

set depending on the stride phase.  

 

 

 

 

 

 

 

 

Figure 8 The ankle angle, during the gait trial including the ground 

reaction forces. In pink the reference angle and in blue, the 
angle obtained by actively controlling the muscles. In 

order to make the difference between the reference 

movement and the controlled one clear, in the two peaks 
(at 10.5% and 46% of the stride), the both foot positions 

are shown, the reference is on the right and the controlled 

one is on the left. 
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In both tests presented above (the kinematic data only and 

the combination with the ground reaction forces), the 

control performance was extremely dependent on the 

control parameters and a compromise had to be made. 

Concerning the last case for instance, towards improving 

the tracking of the reference during the stance phase, the 

proportional gains could have been increased, although this 

would lead to an increased oscillatory movement, in the 

last period of the trial. The control paratemers chosen in 

this case were: 

Table 2 The Control Parameters for the gait trial, when ground 
reactions forces were taken into consideration. 

 kp kd Ti 

Tibialis Anterior 15 0.04 0.0008 

Soleus 3.2 0.0048 0.00125 

Gastrocnemius 

Medial 
4 0.006 0.001 

Gastrocnemius 

Lateral 
4 0.006 0.001 

Focusing on the muscle activations (Figure 9) and the 

muscle forces (Figure 10) obtained during the stance phase, 

both presented promising results, exhibiting similar 

patterns when compared to electromyography data [13]. 

Unfortunately, some oscillatory movements were present in 

the ankle joint, after 60 % of the stride. This fact makes it 

imposible to compare the following results with the 

reference electromyography data. This is clear especially in 

the case of the Tibialis Anterior, which suppose to be 

active after the toe-off with a particular pattern, and the 

obtained results have no physiological meaning.   

 

Figure 9 The muscle activations when ground reactions forces are 

taken into account. 

The muscle forces, they exhibit the same pattern described 

by their activations. This means that passive forces did not 

interfere with or even contribute in a positive way to the 

muscle force produced. 

 

Figure 10 The muscle forces when ground reactions forces are taken 

into account. 

The figure below presents the passive muscle forces 

generated by all the muscles included in the biomechanical 

model, both the ones that are actively controlled and the 

others, in relation to which only passive behaviour was 

taken into consideration. As it was described before, the 

muscle produces passive force when its length is 

strengthened above its resting. Four of the eight passive 

muscles did not generate any muscle force. Of the last four, 

only one of them, the Tibialis Posterior, produced a 

significant force that could have interfered with the 

movement. Knowing that besides other functions, it acts as 

a plantar flexor, its activation helped the overall movement, 

contributing to the foot plantar flexed from the 30% until 

60% of the stride.   

 

Figure 11 The passive muscle forces, developed by all the twelve 

muscles included in the biomechanical model, described by 
the force-length relationship. 

However, the truth is that the performance of the controller, 

guiding the system to track the reference, was less 

consistent than the one exhibited in the previous section (A. 

Gait Trial). This poorer performance can be explained by 

two distinct situations, present during the gait trial. With 
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the same controller, that is to say, with the same controller 

parameters, the system had to follow the reference both 

during the stance phase, in which ground reaction forces 

were being applied to the biomechanical system and, 

during the swing phase, when no external force was taken 

into account. These two distinct dynamics make the perfect 

performance of the system during the entire stride 

impossible.  

C. Combination of feedforward and feedback system 

Aiming for an improvement of the controller performance, 

minimizing the differences in the angle particularly at the 

10.5% and 46% of the stride, a simple feedforward 

controller was combined to the previous feedback 

controller. Bearing in mind that the ankle angle is similar to 

a sinusoid and, as it could be seen before, that the muscle 

activations also exhibited the same behaviour; muscle 

activations, with an approximate sinusoidal shape, were 

added to the controller outputs during the stance phase. In 

particular, the Tibialis Anterior activation was only present 

until 30% of the stride. Between 30% and 60% of the 

stride, a different sinusoidal function was supplied as 

activations to the three plantar flexors. After the 60% of the 

stride, when the swing phase starts, no activation was 

prescribed and the system was controlled only by the 

feedback controllers. The performance is schematically 

represented in Figure 12. 

 

 

Figure 12 The ankle angle, during the gait trial including the ground 

reaction forces, using a combined feedforward/feedback 
approach. In pink the reference angle and in blue, the 

angle obtained by actively controlling the muscles. 

The Figure 13 and Figure 14 present the activation patterns 

and muscle forces generated by the four muscles actively 

controlled. In this case, the dorsiflexor muscle presented 

activation (and so, produced muscle force) when the 

plantar flexors were mainly required to produce the desired 

movement and the equivalent activation occurred the other 

way around. This might indicate cooperation between the 

muscle functions, as it occurs in the human body, bearing 

in mind the agonist/antagonist pair action. Concerning the 

Tibialis anterior, the activation and so the overall muscle 

force produced, were higher when compared with the same 

variable presented in the previous section. The Tibialis 

Anterior activation presented saturation during 10 % of the 

stride (between 9% and 19%), representing the phase 

where it must be active in order to avoid the foot slap. The 

Soleus activity and the muscle force generated were also 

higher than only in a feedback approach. Both the Medial 

and the Lateral Gastrocnemius exhibited the opposite 

behaviour, showing a decrease in the muscle activation and 

in the muscle force. This can be justified by the higher 

force produced by the Soleus, reducing the muscle force 

required to achieve the movement. 

 

Figure 13 The muscle activations for a combined feedforward/ 

feedback approach. 

 

Figure 14 The muscle forces for a combined feedforward/feedback 

approach. 

With this combined feedforward/feedback approach, the 

controlled angle was almost coincident with the predefined, 

and it can be concluded that the performance of the 

controller improved with the feedback methodology. 

However, the feedforward approach adopted was only a 

simple case and was particularly designed for this reference 

and for the controller parameters adopted in the previous 

section.  
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A combination of a feedforward (open-loop) approach with 

the designed feedback system appears as an alternative 

theory.  However, with a more realistic feedforward 

methodology, that would be easily adapted to any reference 

under analysis, it involves some difficulties and drawbacks, 

if a real physical system is to be created. In a feedforward 

approach, knowing the desired ankle angle trajectory, 

muscle activation can be obtained by inverting the muscle 

model. In this case, more detailed information of how the 

system behaves in order to generate a stimulus pattern must 

be taken into account [14]. This is not a linear problem and 

requires optimization methods and may turn into a complex 

system. The computational time required for the 

optimization might be incompatible with physical 

movements, leading to the impossibility to reproduce it into 

physical prototypes. A combined feedforward/feedback 

methodology (only computational simulation) was already 

reported by Ferrarin, (2001), sustaining that the new 

system, besides the ability to respond to input and/or 

disturbances, might minimize the controller system 

behavior delay according to the reference, since the 

feedback control compensation is generally slower. 

IV. CONCLUSIONS 

The control architecture created was able to lead the 

designed multibody system through several predefined 

references. This means that proper muscle activations were 

generated by the system, based on the processing of the 

measured angle and the respective angular velocity and the 

reference. 

The control unit, besides the multibody system, was 

composed by sensors, actuators and controllers. Regarding 

the controllers, the adapted PI-D, in which any derivative 

action is avoided, proved to be the most precise and the 

least sensitive to the sensor noise. 

Two potential improvements concerning the control 

methodology arise. The first is the combined 

feedforward/feedback principles. It can be pointed out as a 

theorical alternative but regarding a real prototype its 

realization would be impossible. Since the calculation of 

the muscle activations for the feedforwar approach is not a 

linear problem and requires optimization methods, which 

may be incompatible with the physical movement. The 

second is based on an on-line adaptative methodology. 

Regarding the human stride, the designed control system 

might benefit from setting different control parameters 

depending on the stride phase, since each one represents a 

distinct dynamics.  

Plenty of research assesing the FES devices has been done, 

leading to enormous hardware and software improvement. 

The development of control systems, like the one 

presented, including the musculoskeletal models and the 

application of computer simulations, have enhanced 

relevant steps in this field and it will continue to play an 

important role to achieve the ultimate goal, the physical 

prototype of a FES assisted walking device.  
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