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Abstract 

This dissertation investigates force generation in muscle using a finite element (FE) 

approach to model electrical activity and mechanical force production within skeletal 

muscle. The work proposes new FE models design/formulations to answer specific 

research questions related to skeletal muscle properties. The focus is on two specific 

determinants of skeletal muscle force: the activation and the connective tissue. A FE 

model was created and designed to study the impact of the dielectric and geometric 

(pennation) properties of the muscle tissues on the electric activation signal detected 

on the skin surface by bipolar electrodes (surface electromyography, sEMG). The model 

shows that when considering parallel muscle fibres the tissue, attenuated mainly 

frequencies in the physiological range (92-542 Hz). This study revealed a strong impact 

of the muscle fibres pennation angle, on the detected signal (low pass filtering effect); 

suggesting that the low pass filtering behaviour observed in experimental data is due to 

the geometry (curvature or pennation) rather than the dielectric properties. The model 

informed recommendations for sEMG experimental protocol to increase the inter-

electrodes distance when measuring sEMG of pennated muscles. A micromechanical 

model of the muscle tissue was created to explore the influence of the connective tissue 

properties (endomysium) on the total muscle force production. The constitutive model 

was used to study the mechanical consequence of clustering of fibres due to the 

remodelling of the motor units, which occurs with ageing. An FE model with a bundle of 

19 fibres was designed and simulated activating 21% and 37% of the fibres in a 

distributed and clustered pattern. Results showed for both activation levels that the 

pattern of the strain distribution changed with an increased deformation toward the 

centre of the bundle. This could lead to excessive unbalanced stresses if higher 

deformations are involved. The micromechanical model can be used to study muscle 

force determinants at a fascicle level. It showed the importance of the fibre distribution 

during the muscle activation and the consequences of age related alterations on force 

production.  
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Introduction 

Appropriate skeletal muscle function is essential for survival as it is required for many 

fundamental aspects of life, such as breathing and swallowing, and also underpins the 

ability to maintain independence and a good quality of life by enabling us to move and 

interact with our environment (e.g. reaching and grasping, locomotion). This thesis aims 

to improve fundamental understanding of muscle force production through a modelling 

approach with implications for ageing and other conditions. With ageing people lose the 

ability to be independent and perform activities of daily living. Limb muscle strength can 

be reduced to 30% [1] in old age in comparison to younger people and changes in 

skeletal muscle are responsible for this deterioration.  

The main characteristics that make skeletal muscle different from other biological 

materials and tissues are the activation dependent force generated by an electric signal 

and the force transmission mediated by the connective tissue. Experimental 

investigations of these components in human subjects can only go some way to explain 

function, as they require invasive methods, approximations or specialist tools.  

Modelling is a way to overcome this issue, offering the advantages of controlling the 

parameters and ability to study different scenarios for the same conditions. Recent finite 

element models, FEM, of the muscle have contributed to moving towards this goal but 

there is still more improvement needed. Other non-invasive experimental methods such 

as surface electromyography or ultrasound can be effective but anatomical differences 

and experimental protocol and measurement noise can be problematic.  
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Therefore, this thesis uses the FE method, to explore and simulate skeletal muscle tissue 

behaviour and the determinants of its force producing capability using experimental 

inputs. The focus will be the electrical input (activation) and the force transmission 

through the connective tissue. In order to understand how to implement FEM, it is 

necessary to be familiar with aspects of skeletal muscle physiology and function, 

electrical activation and muscle modelling fundamentals, described in detail in chapter 

1: Muscle Anatomy & Modelling Fundamentals.   

Many other researchers have used FE modelling approaches to understand skeletal 

muscle function. These are described in a literature review of past and recent muscle 

models, chapter 2, concentrating on models related to the detection of the activation 

signal and the contribution of connective tissue to force production. Promising 

approaches using micromechanical models from Blemker [2-4] and electrical limb 

models from Lowery [5, 6] were discussed and lead to the specific aims and objectives 

of this thesis at the end of the chapter. The thesis then addresses problems to improve 

understanding of muscle force production, specifically problems with 

electromyography, EMG, measurements using FEM to perform a design study of surface 

electromyography, sEMG, electrodes based on an electrical model of the muscle that 

produce recommendations on experimental protocol (chapter 3). It then describes 

skeletal muscle tissue mechanical properties, detailing current understanding of 

connective tissue. From this a new micromechanical FE model formulation is developed 

and implemented, providing a means of simulating a bundle of muscle fibres, which was 

used to test the hypothesis of lateral force transmission using an adapted analytical 

formulation (chapter 4). 
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Chapter 5 uses the model described in chapter 4 to simulate a bundle of fibres (fascicle). 

The effects of different fibre packing configurations, which may result from age, related 

motor unit re-innervation, and different activation patterns on force production was 

investigated. 

 The outcomes of the presented studies, outlines of the main contributions, implications 

of the work and potential future research directions are then discussed, chapter 6. 
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1  Muscle Anatomy & Modelling 

Fundamentals.   

 

In this chapter, an insight on muscle mechanics, activation signal, and age related 

degeneration is given. Moreover, the fundamentals of muscle modelling are discussed. 

This will lead to the thesis main aim. 
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1.1 Skeletal Muscle Anatomy and Modelling Fundamentals 

Skeletal muscles are striated muscle tissues connected to bones via elastic tendons. One 

function of skeletal muscle is to move the body, and specifically the body joints. Each 

joint has a specific range of movement, position that determine the muscle properties. 

Different intrinsic factors influence the muscle’s ability to produce force and influence 

the muscle’s strength-force generating capabilities. The length of the fibres composing 

the muscle and the length of the muscle’s moment arm (the arm of the torque 

generated by the muscle force about the joint) influence the motion. The primary 

intrinsic factors that influence the muscle’s force are: muscle size, strain of the muscle, 

contraction velocity, level of muscle fibre recruitment and muscle fibre types composing 

the muscle [7]. The overall performance of the muscle is then characterized by the 

muscle-tendon and joint architecture. Each of these characteristics needs to be studied 

separately and as interacting components, to enable the functional significance of each 

to be fully understood. The following section therefore provides a description of skeletal 

muscle anatomy, starting from the muscle-tendon unit to the single fibre and the 

interaction with the connective tissue. 
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1.1.1 The Musculo-tendon Unit 

Skeletal muscles transfer force to the joints through the tendon, and together these two 

structures form the musculo-tendon unit. The direction of the muscle fibres (hence of 

the force) is not always aligned with the tendon but can have different architectural 

configurations (fibre orientation and curvature) creating a gearing effect (i.e. see Figure 

1.1). Different architectural configurations are strictly related to the muscle function 

(force/power needed, range of motion, shortening velocity and anatomy) and when not 

considering the moment arm (muscle force × distance from the joint point of rotation), 

it is possible to make a functional consideration of how the architecture could influence 

the force-length relationship of the muscle. The force-length relationship of the muscle 

fibres refers to the maximum capacity of the fibres to exert an isometric force at a 

specific fibre length. The architecture can influence the range of length changes the 

muscle can undergo and consequently the maximum force it can exert. The most 

commonly studied muscle configurations are: parallel muscles and pennate muscles. 

Parallel muscles have fibres disposed along the force direction while pennate muscles 

have fibres oriented with a certain angle with respect to the force direction (see Figure 

1.1).  
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Figure 1.1 Scheme of a pennated muscle.  The pennation angle 

defines the gearing between the force exert by the muscle and the 

pulling force at the tendon 

Skeletal muscles are composed of contractile elements arranged in a connective tissue 

in a clearly defined hierarchical structure: from sarcomeres, to myofibrils, to fibres, to 

fascicles to the muscle (Figure 1.2).  

 

Figure 1.2 Muscle fibres hierarchal structure. Muscle fibres 

follow a hierarchal structure, from the myofibres to the 

fascicle, similar to a tendon structure. 

Figure 1.3 (left) shows a scheme of the muscle interfaces: the intracellular space within 

myofibers, the basal lamina or membrane and the endomysium. The extracellular matrix 

consists of fibrous proteins (predominantly collagen) embedded in a hydrated 
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polysaccharide gel. The basal lamina is made of a laminar pattern of collagen that 

envelops individual myofibers and different proteins such as costameres and adhesive 

glycoproteins [8]. Costameres (Figure 1.3 right) are sub-membranous, Z-line associated 

structures found in striated muscle [9]. It is believed that lateral force is transmitted 

through costameric proteins such as vinculin, talin, and integrin, situated in the basal 

lamina and connecting the sarcomere cytoskeleton to the external collagen network 

(intramuscular connective tissue) [8-10]. 

       

 

 

Figure 1.3 The fibre – matrix interface. (Left)  muscle-endomysium substrates.  

(Right)  dystroglycan costameric complex. (Adapted from[8]) 

 

The intramuscular connective tissue can be divided into: endomysium (within fibers), 

perimysium (within fascicle) and epimysium (envelops the entire muscle). New 

perspectives were presented by Purslow [11] on the role of the different levels of 

connective tissue. If the endomysium functional role is to distribute the stress 

transversally to the fibres direction, the perimysium function is believed to satisfy the 

need of accommodating the fascicles to shape changes. This theory was supported by 
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Purslow  [12] study on the bovine semitendinosus (see Figure 1.4 b). The fascicles were 

marked with ink across their direction and the deformation of the muscle induced a 

misalignment between fascicles but not within fascicles as the endomysium presence 

links the fibres through frictional forces. On the other hand, the epimysium 

compartmentalization, creates a pressure that could increase the muscle contraction 

efficiency [11]. 

 

                 a          b 

Figure 1.4  Scanning electron micrograph of fibres. a) Purslow and Trotter  [13] 

scanning electron micrograph of fibres within the fascicles of the bovine 

sternomandibularis muscle after sodium hydroxide treatment to remove 

myofibres. This early image revealed the collagen pattern surrounding the 

muscle fibres, creating a sort of tunnels where fibres operate.  b) A study on the 

bovine semitendinosus. The fascicles where marked with ink across their 

direction. When the muscle is deformed,  large shear displacement occur 

between the fascicles, but not within fascicles (adapted from[12]). 
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1.1.2 Motor Units and Activation  

The smallest controllable unit in the muscle is the motor unit. A motor unit is an α-motor 

neuron, its axon and all the fibres it innervates [14] as represented in Figure 1.5.  A motor 

unit action potential is triggered from the motor neuron. This input signal travels along 

the nerve axon to the axon pre-synaptic terminal and, following chemical chain 

reactions, ends up in the release of acetylcholine (Ach). The acetylcholine diffuses across 

the synaptic cleft and increases the permeability of the postsynaptic terminal to Na+. 

The Na+ flux depolarizes the membrane until the motor unit action potential (MUAP) is 

generated. This action potential changes the permeability of the surrounding ion 

channels which will in turn change permeability of adjacent channels, creating a chain 

reaction of depolarization and repolarization along the fibre that propagates at a certain 

conduction velocity and creates trains of travelling action potentials (MUAP) [15]. These 

action potentials will trigger and regulate the release of calcium that will activate the 

mechanical contraction of the fibres, as explained in Appendix A. 

 

Figure 1.5 Scheme of a motor unit. 
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From a mechanical perspective, motor units can be classified (but their properties could 

be mixed) into three different types: slower, faster fatigable and faster fatigue-resistant 

[16]. Slower motor units have smaller fibre diameters and transduce energy at a 

relatively slow rate, implying a contraction at slower velocities. Faster fatigable units 

generate more force; have fibres with greater cross-sectional area and higher 

contraction velocities but can fatigue rapidly. The faster fatigue resistant units still have 

a fast contraction velocity, however are able to maintain the force production over 

longer time periods due to their high oxidative capacity.  

Understanding motor unit recruitment patterns is fundamental to understanding 

function of the neuromuscular system in health and disease. The classic recruitment 

theory is the size principle, which states that motor units are activated in order of size, 

from the smallest to the largest [17]. Considerations were made by Clamann [18]on the 

benefit of having recruitment from the weakest to the strongest motor units. There are 

analogies with Weber’s law on sensory perception; such as the fact that the gradual 

force increases can be a percentage of the current cumulative force and the smallest 

increment added by new motor unit recruitment becomes greater as the force of 

contraction increases [18].  Whilst such patterns of recruitment have been widely found, 

it is also possible that tasks demanding greater mechanical power production could rely 

on different, task dependent recruitment patterns [19, 20]. 

Another field of interest regarding motor units is their distribution in the muscle. 

Experimental studies [21, 22] indicate that fibres belonging to a motor unit can be 

spatially localised within a small region of the muscle, while the fibre distribution within 

that region showed a random distribution in most of the results. The size of the territory 
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occupied by a motor unit depends on the muscle and motor unit type [21], which is 

variable  in human muscles. Monitoring the muscle electrical activity (MUAPs) can open 

the door to derive the recruitment pattern and the motor unit distribution. This is a 

factor which is considered in more detail in the literature review (see chapter 2).   

 

1.2 Age-Related Changes in Muscle Tissue 

Demographic ageing is a consequence of the higher quality of life and improved 

healthcare services in many countries. Such demographic change requires an increased 

effort in studying age-related pathologies, which will, according to the European 

Commission [23], affect healthcare system sustainability and people’s quality of life in 

coming years. 

One consequence of ageing is loss of muscle mass termed sarcopenia. Sarcopenia is the 

result of cellular processes (denervation, mitochondrial dysfunction, inflammatory and 

hormonal changes), the consequences of which are decreases in muscle strength, 

decreased mobility and function, increased fatigue, increased risk of metabolic disorders 

and increased risk of falls and skeletal fractures[24]. The decline in the total lean body 

mass (LBM) is reported to be 18% in men and 27% in women, from the second to the 

eighth decade of life, with a greater decrease in the lower limbs (15%) than in the upper 

limbs (10%). The resulting qualitative (strength) decrease is greater than the 

quantitative mass decrease [25-28].   

The loss of motor units is believed to be at the heart of sarcopenic decline [27]. The loss 

of motor neurons causes a decrease in the number of muscle fibres (hypoplasia) [29]. 
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This atrophy generally affects all types of fibres with some exceptions. For instance in 

the vastus lateralis (a knee extensor in the quadriceps), the number of type II fibres 

decreases from 600, 000 to 323, 000 (50%) between 50 and 80 years of age [30].  This 

creates a change in the distribution of the motor units, the possible consequences of 

which are explored in Chapter 6 of this thesis, through a mechanical model of the 

muscle. 

Several invasive (e.g. biopsy) and non-invasive (imaging) studies revealed that, rather 

than reduced muscle volume or CSA, the infiltration of fat and connective tissue are the 

biggest contributors to loss of contractile properties [28]. Quadriceps muscle biopsies to 

assess the fibre composition, suggested a loss of fibres and reduction in their size, with 

the loss of fibres contributing most to decreased muscle volume in older adults as 

summarized by Lexell in 1995 [28]. These losses have functional implications, which are 

a consequence of changes in muscle architecture (e.g. fascicle length and pennation 

angle) [29]. Ultrasound imaging in vivo has revealed changed properties of the musculo-

tendon complex in elderly people (e.g see Figure 1.6).  
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Figure 1.6  Sonography of the medial gastrocnemius. 

Sonography in the sagittal plane       of the medial 

gastrocnemius in the same subject when younger (left) 

and older (right). The older subject shows lower 

pennation angles and fibres length. (adapted from [31]) 

 

 

The length of the muscle fascicles and their angle of insertion (pennation angle) were 

reported to be decreased in aged subjects [32]. Decreased fascicle length suggests a loss 

of sarcomeres in series, which will lead to a reduction in the maximal shortening 

velocity. Decreases in pennation angle suggest a loss of sarcomeres in parallel and hence 

reduced force producing capacity due to a reduced CSA [33]. Together these changes 

mean less force and power can be produced, which will affect a person’s ability to 

properly accomplish a given motor task. For example, the vastus muscles stabilize the 

knee joint during the heel strike of the gait cycle (a phase of the walking cycle). Less 

power means less capacity to absorb the knee eccentric destabilization, leading to a 

possible risk of injury.   
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Ultrasound imaging techniques were used to find the stress-strain relationship of the 

tendon in vivo and obtain its Young’s Modulus in young and old subjects [34]. These 

studies showed a lower tendon Young’s modulus in older adults that did not depend on 

a change in the size, but on changes in intrinsic properties (e.g. Stiffness). These changes 

result in a left shift of the length-tension relation, hence a decline of the force for a given 

fibre length. Measurement of the rate of force/torque production revealed the 

association between tendon stiffness and contractile speed, with older tendons tending 

to damp the transmission of fast forces, resulting in functional limitations particularly 

related to faster movements [29]. 

Muscle is a living tissue, which means that each change in its architecture, composition, 

or neural drive, could somehow induce a spontaneous reorganization of its components 

(reinnervation, fibres pennation, specific force) to regain its original functionality. 

Nonetheless, this does not imply a complete restoration of functionality. For instance, 

the side effect of the loss of faster MUs is denervation of associated muscle fibres. 

Consequently, these fibres are incorporated in the remaining, generally slower, MUs, 

resulting in an increase in the level of innervation [25]. The newly innervated fibres will 

change their properties according to the new MU they have joined, increasing their size 

and fibre density.  
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Figure  1.7 Relationship between age and number of muscle fibres and motor units.. 

(left,[35]) Decrease in the number of fibres (vastus lateralis muscle) and (right,[25]) 

motor unit (extensor digitorum muscle) during aging. The regression starts from 50 

years old. 

 

 

Due to muscle plasticity, it is possible to actively reduce the effects of sarcopenia and 

slow its progress, for example through the use of endurance exercise [27, 36]. This has 

been confirmed by different aged population studies that relate physical activity with 

functional independence [37] and physical health [38]. However, there is still a need to 

deepen knowledge of muscle function to identify further methods of preventing or 

slowing the progress and consequences of sarcopenia and assess the most influential 

determinant of reduced muscle force producing capability.  
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1.3 Skeletal Muscle Modelling 

Early research in muscle modelling has led to understanding of properties such as the 

isovolumetric contraction [39] and the muscular-tendinous structure being defined [40]. 

According to Huxley [41] in the last century, three revolutions changed the way the 

muscle was conceived. The first revolution [42, 43] was the acknowledging of the ATP-

ADP hydrolysis reaction as being the source of the filament folding. The second 

revolution [44] was the relationship between the energy liberated during contraction 

and the muscle’s mechanical state, which led to the widely used Hill’s based lumped 

parameters model. The third revolution (1953) was the discovery of the sliding proteins 

that generate the muscle contraction (through links called cross-bridges). The last two 

revolutions lay the foundations for mathematical muscle models that can be classified 

in two ways: i) structure and ii) rheological (or phenomenological) [15]. Structure models 

describe the mechanisms that characterize the behaviour of a system while rheological 

models consider the system as a black box, and describe the relationship between the 

input and the output through a transfer function.  Structure models can be used to study 

the link between chemical properties such as rate of cross-bridges attachment and the 

force exerted by the muscle [45] while rheological models are widely used to study the 

overall musculo-skeletal biomechanics,  linking the joint motion with the muscle force 

production [46]. Therefore, if structure models helped to find out how the muscle works, 

rheological models aim to study the consequences of muscle property changes on the 

force exerting capacity and the joint movements and coordination. This thesis will focus 

on rheological models as the research focusses on understanding the microstructural 

effects on force production. 
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1.3.1 Hill-based Rheological Models 

Hill’s type muscle models describe the muscle as a contractile active element (CE), 

whose dynamic behaviour is described in equation 1.2, acting in parallel with a passive 

non-linear element (PE) that represents the passive behaviour of the fibres (Figure 1.8).  

 

 

 

 

Figure 1.8 A scheme of the Hill's based muscle 

model. The contractile element (fibres) works in 

parallel with the passive element (passive 

tissue). The in series element (inertia of fibres) 

is usually neglected[47]. 

Hill based models characterize the fibre force-length (F-L) and force-velocity (F-V) 

relationships [47]. These functions are usually expressed with normalized values in order 

to have dimensionless curves (Figure 1.9). The F-L relationship of the muscle is a bell 

shape function that reaches the maximum value at a fibre length defined as the optimal 

length. This function, at a muscle macroscopic level, is a smoothed version of the 

discontinuous (see Appendix A) force-length relationship at a sarcomere level. The 

force-velocity relationship (from equation 1.1) is an inverted sigmoid; the maximal 

velocity is reached when the muscle is unloaded (force = 0, 𝑣0 = max) while when the 

muscle is lengthening the force increases and it reaches a maximal value which usually 
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is 1.5 times the isometric force. When the force F is equal to the isometric maximal force 

𝐹0the velocity 𝑣 is equal to zero according to Hill’s results in equation 1.1, where: 

 

𝑣 =
𝑏

(𝐹+𝑎)
(𝐹0 − 𝐹)         (1.1) 

𝑏 = costant with unit velocity 

𝑎 = constant with unit force 
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Figure 1.9   Hill's F-L, F-V graphs 

(Top) The F-L relationship of the muscle. The force and the 
fibre length ranges are both normalized within respect the 
maximal isometric force at optimal length and the fibre 
optimal length respectively. The red line correspond to the 
passive tissue contribution the blue line is  (Bottom) The F-
V relationship of the muscle. It is a sigmoid function where 
the middle point distinguish between eccentric (while 
muscle is lengthening) muscle contractions and concentric 
muscle contractions. The max velocity is reached when the 
muscle is unloaded. 
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1.3.2 Rheological Hill-based Models 

Buchanan et al. [48] proposed a model (Figure 1.10) to assess a biomechanical forward 

dynamic of the muscle that includes neural input. The main equations were based on 

the Hill type model incorporated by  Zajac [47] into a musculo-tendon complex. 

 In this new model, the final force exerted by the musculo-tendon system is a function: 

 

𝐹𝑀𝑇 = 𝑓(𝑎, 𝑙𝑀𝑇 , 𝑣𝑀𝑇 , 𝐹0
𝑀, 𝑙0

𝑀, 𝑙𝑠
𝑡, 𝜙0)     (1.2) 

Where: 

𝑎 :  activation function from EMG measurements 

𝑙𝑀𝑇: length of the musculotendoncomplex 

𝑣𝑀𝑇: velocity of contraction 

𝐹0
𝑀: maximal isometric force 

𝑙0
𝑀: optimal fibre length 

𝑙𝑠
𝑡: tendon slack length (assumed to be known) 

𝜙0: pennation angle at optimal length (pennation is a function of fiber length) 
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Figure 1.10 Buchanan et al. [48] forward biomechanical muscle model 

scheme. The model rearranges the system forces equations to isolate the 

force dependent from the velocity (from F-V relationship), from which the 

velocity of contraction can be derived and, through integration, the fibre 

length can be determined to calculate the moment arm. Knowing the 

anatomy means the torque at the joint can be obtained. 

 

Once the resultant moment arm and the anatomical geometry of the joint are known, it 

is possible to calculate the joint torque. For an estimation of the muscle force, the 

parameters to consider in Hill-type models are: the pennation angle, optimal subject 

specific Hill’s parameter estimation (optimal fibre length, maximal isometric force, 

maximal velocity of contraction, a, b) and the PCSA [49]. Hill’s model parameters of 

human skeletal muscles can be found in literature [50-52] and many more data can be 

found for animals. Ward et al.,[52] provided the mean values taken from 21 human 

cadaveric specimen with the main objective of updating  previous data from literature 
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with new high fidelity set of data along with muscle functional considerations. The fibre 

length was normalized by sarcomere length so that it was possible to compare muscles 

between different subjects, since the fibre length could have been affected by the 

sarcomere tensional condition during the measurements. Despite it being a less complex 

model, Hill based musculo-tendon modelling of the total human body might require a 

subject specific estimation of 54 muscle parameters, which will result in more than 270 

parameters being estimated [53]. Consequently, clinical research toward biomechanical 

disorders (e.g. gait pattern disorders) had mainly applied inverse dynamic to estimates 

joint torque. Inverse dynamics is a mathematical tool to extract muscles and joints, 

forces and torques, from kinematic measurements. This approach does not guarantee a 

realistic estimation of the single muscle contribution to the force exerted, which might 

be of relevant importance for such studies. Indeed the typical equation (see equation 

1.3) that describes the relationship between the movement and the muscle forces is 

generally redundant with a number of unknown muscles exceeding the number of 

equations. 

 

 𝑀(𝑞)�̈� + 𝐶(𝑞, �̇�) +  𝐺(𝑞) +  𝑅(𝑞)𝐹𝑀𝑇 +  𝐸 =  0  (1.3) 

 

Where: 

M = system mass matrix C = centrifugal Coriolis loading  G = gravitational 

loading 

q = kinematic variable  R(q)FMT = muscle torques  E = external forces 
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On the other hand, forward analysis (estimating kinematics from generated forces) 

requires higher computational costs and is not always feasible. These problems can be 

solved by reducing the number of muscles combining them or by using optimization 

principles that might add further muscle constraints [54]. However, optimization 

functions are based on assumptions that may not reflect the real muscle behaviour.  An 

attempt to overcome these limits was made by Sartori et al., [55], who considered more 

degrees of freedom of the musculo-tendon unit.  When considering more degrees of 

freedom during a joint movement (which means the kinematics on different planes), the 

redundancy of the muscle forces is reduced (less possible solutions), allowing a more 

reliable result without sacrificing accuracy. 

 

1.3.3 Neural Drive 

The neural drive is the neural input to the motor neuron that determines the level of 

activation (how many cross-bridges formed) and the recruitment of the fibres. The 

activation level is usually described in muscle models as a function that modulates the 

amplitude of the maximal muscle force through EMG (electromyography) 

measurements. The EMG is the measurement of the sum of the motor units action 

potentials (MUAPs) detected at the surface of the muscle (sEMG) or in the muscle 

(iEMG), depending on whether signals are recorded using surface electrodes or 

intramuscular electrodes. The activation function can be a simple input scaling factor or 

could represent the dynamic patterns of motor unit recruitment [47].  In the latter case, 

an EMG-to-activation dynamic is used.  EMG acquisition to assess muscle activation and 

force, requires previous knowledge of the nature of the EMG-muscle force relationship, 
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the difference in temporal characteristics between EMG and force signals, normalization 

of  EMG amplitude and the effects of muscle contraction dynamics [56].  Equations 1.4, 

1.5 shows the EMG-to-activation function proposed by Buchanan et al. [48]. 

 

𝑢(𝑡) =  𝛼 𝑒(𝑡 − 𝑑) − 𝛽1𝑢(𝑡 − 1) − 𝛽2𝑢(𝑡 − 2)     (1.4) 

 

𝑎(𝑡) =
𝑒𝐴𝑈(𝑡)−1

𝑒𝐴−1
         (1.5) 

 

The function 𝑢(𝑡) is a second order discretized differential equation representing the 

muscle fibre’s twitch response when activated. α, 𝛽1, 𝛽2 are the coefficients of the 

second order dynamic and d is the electromechanical delay. a(t) which is a function of 

𝑢(𝑡), is the non-linear activation function that modulates muscle force. These models 

assume homogenous activation across muscle fibres, however, this is not the case in the 

muscle itself as different types of muscle fibres are recruited at different times[17].  The 

classical recruitment theory is the size principle that indicates MUs are activated in and 

orderly fashion from the smallest (usually slower) to the largest (usually faster) [17].  

More recent studies [19] suggest that this recruitment pattern is not always respected, 

and task dependent recruitment patterns may occur. Wakeling et al. [20] compared 

classical models of muscle force-velocity relationship with a new differential recruitment 

model that considers independent activation of fast and slow twitch fibres with different 

curvature of the muscle force-velocity relationship, showing that independent 

activation led to better force predictions of the force compared to traditional Hill’s type 

models. The activation function was determined with a time-frequency analysis of the 

EMG signal. Through wavelet analysis it is possible to separate the signal into different 
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bands of frequencies. In this study faster fibres contribute to the higher band (240-423 

Hz), and slower fibres in the lower band (82-247 Hz).  

1.3.4 Limitations of Classic Models and Introduction to Finite Element 

Models 

The research community is focusing on developing new muscle models that can include 

complex features such as the interaction between the connective tissue and the fibres 

(lateral force transmission), the architecture and the motor unit distribution/activation. 

The main goal motivating this effort is the need to realistically estimate the muscle force 

(forward dynamic) when certain subject specific muscle parameters (Hill’s model 

parameters, architectural parameters, connective tissue parameters) and the level of 

activation are known.  Furthermore, there is a need to study synergies of different 

muscles acting on the same joint and further improve the understanding of functional 

significance of musculo-skeletal anatomy and physiology.  The different levels of 

modelling are represented in Figure 1.11. The core is the muscle model, which has the 

neural drive as input. 

 

Figure 1.11 Musculoskeletal modelling levels 
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Hill-based models consider the muscle’s overall behaviour without taking into 

consideration the interactions between adjacent fibres or compartments or between 

the muscle fibres with the surrounding connective tissue. Recent research has focused 

on incorporating the connective tissue contribution into the models [3, 60]. The main 

mathematical tool that allowed this progress in modelling is the Finite element analysis 

(FEA).  FEA is a mathematical method used mainly in engineering, to simulate physical 

models in the continuum space.  Muscle models that use the FEA approach, were able 

to investigate the influence of the neural drive, the tissue properties and the three 

dimensional configuration of the fibres on the outcome force [3, 57-60].  A further 

exposition of this method and its applications will be made in the literature review of 

chapter 2. 
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2  Literature Review: Mathematical 

Models of Skeletal Muscle 

 

This chapter will review past and recent muscle models. The review is divided into two 

main sections: i) The modelling of the dielectric properties of the muscle, detailing the 

activation electric signal (MUAPs) and how it is detected on the muscle surface; ii) 

Review of mechanical models of the muscle. Specifically how the connective tissue can 

be modelled and which age related changes of the muscle could be explored through 

modelling. The review outlines what is missing in literature and identifies improvement, 

which can be added, leading to the specific objectives of the thesis, which are detailed 

at the end of each topic review.   
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2.1 sEMG Models  

2.1.1  sEMG 

The electric activity of the muscle can be measured through electrodes placed on the 

surface (sEMG) or intramuscularly (iEMG). EMG measurements are considered the gold 

standard way to monitor the muscle activity. Surface electrodes have the advantage of 

being non-invasive, but the resulting measurement will be the superimposed electric 

activity that belongs to more than one motor unit as the fibres are randomly distributed 

across the muscle. The fibre electric potential is affected by nuisance signals due to 

environmental electric activity (e.g. 50 Hz electric interference) which can be of the 

same order of amplitude as the EMG signal. These nuisance signals are at different 

random frequencies (white noise) and can be partially eliminated with a bipolar 

differential acquisition that eliminates the common signal (since two electrodes, 

separated by a small distance will have the same noise). Furthermore, the waveform of 

the detected action potential depends on the orientation of the bipolar electrodes with 

respect to the fibre orientation. If the electrodes are aligned along the fibres’ direction, 

the action potential observed will have a biphasic shape. The generated action potential 

runs along the fibre in opposite directions from the nerve end plate (see Figure 2.1), 

hence if the electrodes are situated on the left side or right side of the nerve end plate, 

the potential will be observed at different phases [61]. Early analytical models of the 

generation and detection (EMG) of action potentials were able to investigate the 

influence of electrodes size, distance and orientation. These studies introduced the 

concept of spatial filtering. Lynn et al. [62]  two and three dimensional analytical models, 

confirmed the low impact of the electrode size on the amplitude and shape of the 
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detected waveform. In addition, distant fibres were found to have less amplitude and 

high frequency content (smoother). Fuglevand et al. [63] model of the motor unti action 

potential (based on Rosenfalck model [64] confirmed these results. Most of the detected 

signal energy was coming from motor units within 10-12 mm from the electrode. The 

size of the electrode did not give any advantage in term of depth resolution and 

differences were found only in term of integration of the signal over a wider area. A 

greater IED increased the detection distance (higher risk of cross talk), while smaller IED 

increased the selectivity of the EMG. These models showed how EMG measurements 

are affected by the configuration of the electrodes, and which signals are representing. 

 

 

 

                

Figure 2.1 Schematic representation of action potential propagation. (Left) 

Propagation of a single action potential from the motor unit end-plate. (Right) 

Propagation with respect to the detection point.  

                 

It is possible to determine the motor recruitment pattern through sEMG [65], but the 

volume conduction effects of the biological tissue that affect the spatio-temporal 

characteristic of sEMG should be considered along with the fibres’ architecture.  

Specifically the muscle tissue is composed of the muscle fibres, the adipose tissue (fat) 
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and the skin on the surface. These features are not considered in analytical models. 

Besides the fibres can assume a pennated architecture, which changes the direction of 

the propagation of the action potential with respect to the skin surface (see Figure 2.2). 

 

Figure 2.2 Schematic representation of the muscle tissue. (Top) The 

action potential is filtered by: the muscle, the fat tissue and the skin 

before reaching the detecting electrodes. (Bottom) Representation of 

a pennated muscle. Pennation changes the direction of propagation 

of the action potentials, hence changes the way the electrodes detect 

the signal. 

 

Knowing how the electric field generated by  the action potentials travelling along the 

fibres, sum up and spread up to the surface, can give an insight view of the EMG 
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measurements. This can lead to a better interpretation of the EMG signal and prediction 

of the influence of certain characteristics such as the curvature of the muscle the 

thickness of the skin, the fat tissue and the dielectric properties of the muscle. This topic 

motivated the implementation of analytical [66-69] and later on more accurate finite 

element (FE) models of the dielectric properties of the muscle tissue. FE models 

characterized the muscle tissue geometric and dielectric properties to study the motor 

unit action potentials detected on the surface [5, 6, 70-72], with a focus on predicting 

the sEMG from simulated action potentials generated in the muscle tissue. 

 

 

 

2.1.2 EMG Modelling 

Three main factors can affect EMG measurements: the design of the electrodes and their 

configurations, the characteristics of the tissue including the fascicle geometry (fascicle 

curvature, pennation) and the direction of propagation of the electric signal (Figure 2.3). 

In order to design or choose electrodes and their configuration (monopolar, bipolar, 

etc...) that maximize the significance of the measurements (e.g. provide the most 

appropriate signal to address specific questions within a given study), it is necessary to 

understand how independent factors affect the relationship between the physiological 

and the measured signal.  One approach to better understand the feature of the 

detected signals is computer based, mathematical modelling.  
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Figure 2.3 Features of sEMG, including desired and undesired components. The 

desired components are the MUAPs coming from the muscle or motor units that 

are being studied. The undesired components come from other inputs such as 

adjacent muscles or heart activity and other non-physiological noise such as 

movement artefacts or 50 Hz line noise. In addition, the signal is filtered in the 

frequency domain by the tissue and in the spatial domain by the electrodes and 

their configurations. Further features such as the muscle architecture (curvature, 

pennation) and MUAP conduction velocity, will determine the signal detected 

by the surface electrodes. 
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When simulating EMG, the first step is to model the source, i.e. the action potential. The 

action potential is due to the depolarization of the cell membrane. The work of 

Andreassen and Rosenfalck [68] was the base of several analytical models which will be 

discussed in subsequent sections [68]. They expressed the extracellular action potential 

as the numerical integration of the intracellular potential Vi [73]. The muscle tissue was 

considered anisotropic, where the longitudinal conductivity σz is considerably greater 

than the radial conductivity σr . Consequently, the extracellular potential was 

formulated as: 

 

𝜙𝑎𝑛(𝑟, 𝑧) =
𝑎2𝜎𝑖

4𝜎𝑒

∙ 𝐾(𝑧) ∙ ∫

𝑑2𝑉𝑖
𝑑𝑠2

√𝑟2(
𝜎𝑧
𝜎𝑟

)+(𝑠−𝑧)2
∙ 𝑑𝑠

∞

−∞
     (2.1) 

 

Where:  

 

z, r      are the distances along and perpendicular to the fibre axis 

 

σi, σe  are the conductivities of the intracellular and the extracellular medium 

 

a  is the radius of the muscle fibre 

  

and :    K(z) =
δϕe(a,z)

δr
 
δϕe(a∙√

σz
σr

,z)

δr
  ,   ϕe = √σz ∙ σr     (2.2) 
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Merletti et al. [66] modified the potential model to include a scaling factor λ and 

introduced a membrane current distribution: 

 

Vm(z) = m.  action potential = A(λz)3e−λz − B     (2.3) 

 

Im = m.  current dstribution = C
d2Vm(z)

dz2 = CAλ2(λz)[6 − 6λz + (λz)2]e−λz (2.4) 

 

 

Where A is the amplitude of the action potential, B is the resting membrane potential 

and z is the distance along the fibre starting (=0) from the polarization front. 

Following the depolarization membrane current has a triphasic shape (tripole, see Figure 

2.4). This is represented by only three independent parameters: the amplitude of the 

poles, the distance between the first and the third pole and the asymmetry(
a

b
). 
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Figure 2.4 Schematic representation of Merletti and Lo Conte’s [66] sEMG model. The 

action potentials are generated at the neuromuscular junction region and travel along 

the fibre to extinguish at the musculotendon region. A tripole (P1, P2, P3) was used to 

represent the current, where the parameter b is the distance between the first and 

the third pole and a is the distance between the first and the second. The tripole 

approximates the three phasic behaviour of the current model into three point of 

source or sink 𝐏𝐢. The surface potential was then derived from equation 2.5. 

 

Assuming an infinite region of homogeneous tissue limited on top by the skin layer, the 

potential on the surface was expressed as: 

 

ϕj =
1

2πσr
∑

Pi

√((x−xi)2+yi
2)ka+(z−zi)2

6
i=1       (2.5)

  

 

σx = σy = σr, Ka =
σz

σr
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Merletti et al. [66] used four point-like electrodes to estimate the surface EMG with 

different configurations (single differential, double differential). This model was able to 

outline the importance of the electrode location. For instance, the distance from the 

termination and/or innervation zones, should be adequately greater than the inter-

electrode distance in order to have meaningful EMG outcomes. In addition, larger inter-

electrodes distance means an increased pick-up volume, which may enhance the 

contribution of the non-propagating signal (standing waves) at the termination regions. 

Farina and Merletti [74] extended the capabilities of analytical models by using a new 

approach which modelled the volume conductor properties and the fibre inclination 

with a transfer function in the frequency domain, whereas a 2-D spatial filtering was 

applied to represent the electrode’s shape and configuration. The model also included 

tissue stratification (skin, fat, and muscle) and described end plate, end-tendon effects. 

Farina and Merletti’s model [74] incorporated the anisotropic behaviour and the three 

tissues layers (skin, fat, muscle), but approximated the muscle geometry with three 

planar domains, infinite along two directions (along the planes) in a Cartesian coordinate 

system (Figure 2.5). 
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Figure 2.5 Schematic representation of the geometry of the model 

from Farina and Merletti [66]. Three planar layers were modelled in 

a Cartesian system. From the top the layers represent: the skin, the 

fat tissue and the muscle. The muscle fibre generate a signal from a 

certain distance from the detection region (adapted from [74]).  

 

Gootzen et al. [75] provided a better volume conductor geometrical representation, 

modelling a cylindrical conductor with two layers (fat, muscle). Blok [76] extended the 

implementation to include the skin layer which contributes to the spread of the 

potential as suggested in models of the EEG [77] (Figure 2.6). 
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Figure 2.6 Schematic representation of the geometry of the model 

proposed by Blok [68]. A cylindrical three layers (skin, fat, muscle) 

concentric model was implemented by Blok (adapted from [76]).  

 

 

 

Skeletal muscle tissues have a concentric structure and can be approximated with 

concentric layers of cylindrical geometry. This cylindrical symmetry gives the possibility 

to implement an analytical model. Consequently Blok’s analytical model [76] solved the 

Poisson equation for the potential (considering a quasi-static volume conduction) in 

cylindrical coordinates for each layer (Figure 2.6). The computation results in three 

equations, which include Bessel functions given as the solution to Laplace differential 

equations of the electric potential.  For each layer j, the potential  Φj is given as a 

function of the radial distance of the electrode from the cylinder axis(ρ), the angle 

between the radial directions from the axis of the source and the electrode (ϕ)and the 

spatial frequency in the axial direction(k): 
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Muscle layer: 

Φ1(ρ, ϕ, k) =
d

2σ1r

K0 (r√
σ1z

σ1r

|k|) G(k) + ∑ e−inϕ [An(k)In (√
σ1z

σ1r

k)]∞
n=−∞  , (2.6) 

 

Fat layer: 

 

Φ2(ρ, ϕ, k) =
d

2σ2r

K0 (r√
σ2z

σ2r

|k|) G(k) + ∑ e−inϕ [Cn(k)In (√
σ2z

σ2r

k) +∞
n=−∞

Dn(k)Kn (√
σ2z

σ2r

|k|)] ,        (2.7)

  

 

Skin layer: 

 

Φ3(ρ, ϕ, k) =
d

2σ3r

K0 (r√
σ3z

σ3r

|k|) G(k) + ∑ e−inϕ [En(k)In (√
σ3z

σ3r

k) +∞
n=−∞

Fn(k)Kn (√
σ3z

σ3r

|k|)] .        (2.8) 

 

G(k) is the Fourier function of the transmembrane current source density g(z), The 

quantities In, kn  are the modified Bessel functions , while  

An(k), Cn(k), Dn(k), En(k), Fn(k) are unknown solved from the boundary conditions. 

The boundary conditions between layers i,j should satisfy the continuity condition: 

 

Φi|ρ=a = Φj|ρ=a
  ,       (2.9) 
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σir
∂Φi

∂ρ
|

ρ=a
= σjr

∂Φj

∂ρ
|

ρ=a
 .       (2.10) 

 

The model was used to simulate a current source at different depths. The effect of the 

fat layer and skin layer on the sEMG amplitude was studied. The fat component reduced 

the signal width and amplified the amplitude; on the other hand, the skin reduced the 

amplitude and spread the signal. The sEMG amplitude decline, observed in experimental 

studies, was found to not be reproducible with one-layer and two-layer models, 

meaning that a three-layer model is necessary to have results consistent with the actual 

experimental results.    

Analytical models were able to simulate sEMG, investigating how the EMG signal 

originates and how features of the muscle, and the detecting electrodes, influence its 

pattern. Models were improved to add more components in their formulation, such as 

including the fat and skin tissue, which contribute to further filtering of the physiological 

signal.  But analytical models can be applied only to specific symmetric geometries and 

the formulation can be unstable, leading to simplifications in the composition of the 

muscle tissue. For these reasons, finite element models started to be widely applied to 

simulate the electrical behaviour of the muscle. For example, Lowery et al. [6] used an 

FE cylindrical model that included the bone ( 

Figure 2.7), whose presence gives unstable results in analytical models [76].  
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Figure 2.7 Representation of the model geometry proposed 

by Lowery et al., [60]. This was a three layer cylindrical 

model, as was Blok’s analytical model; however, the FE 

numerical approximation made it possible to include the 

bone. 

 

The physics general problem consists of finding the solution (potential V) given a charge 

distribution to the Laplace’s equation since a quasi-static approximation was applied: 

 

 

∇2V = 0       .   (2.11) 

This in cylindrical coordinates becomes: 

Δϕ(r, ϑ, z) =
∂2ϕ(r,ϑ,z)

∂r2
 +  

1

r

∂ϕ(r,ϑ,z)

∂r
 +

1

r2

∂2ϕ(r,ϑ,z)

∂ϑ2
+

∂2ϕ(r,ϑ,z)

∂z2
= 0   , (2.12) 

 

where r  is the radial distance from the cylinder axis, ϑ is the angular displacement and 

z is the axial coordinate.  
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When modelling the conductive properties of the muscle volume using a finite 

geometry, it is important to be able to properly model the boundary condition, since in 

the real body the current is free to flow and spread from the limb to the whole body 

(volume conductor effect). This was implemented in analytical models with infinite 

planes and extremities [74], or mirror symmetries [76]. In the model from Lowery et al. 

[6] the Bayliss-Turkel absorbing boundary condition was applied. The source formulation  

was based on [78] which related the intramuscular action potential current with the 

second derivative of the transmembrane voltage and the dielectric properties of each 

tissues were taken from Gabriel’s extensive study, which reported the dielectric 

properties of  human tissues at different frequencies [79-81]. The dielectric properties 

of the model proposed by Lowery et al. [6] were taken at 100 Hz, which is the typical 

surface EMG median frequency [81, 82]. The FE model investigated the EMG outcome 

when generating an intramuscular potential, which is detected on the surface of the skin 

using a bipolar electrode configuration. This model set up was also used to explore the 

selectivity of the sEMG signal and the effect of features such as the fat layer or the 

electrode configuration [72]. An anatomical based model was implemented ( 

Figure 2.8) later, building the geometry from MR images [5]. In this case, the geometry 

was not infinite, but extended (grounded at the extremities) until the electric field drop 

was negligible. Another model also studied the capacitive effects and the dispersion in 

the time and frequency domain revealing the importance of establishing when the 

muscle can be considered a pure resistive volume conductor [70]. Low conductivity and 

high permittivity values should be chosen toward the middle of the available range from 

experimental reported data. Otherwise neglecting capacitive dispersive effects can lead 

to an estimation error of 75% in the high frequency band of the EMG.  
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Figure 2.8 Representation of the FE model proposed by Lowery et al. [64]. The model 

geometry was constructed from MR images of the human upper arm (adapted from 

[5]). 

 

The finite element model proposed by Mesin et al. [71] considered muscle volume 

conduction during shortening (concentric) contraction (Figure 2.9). To achieve this, a 

curve was defined to describe the path of the fibres and instead of having just a radial 

and axial conductivity; a conductivity tensor was defined. The tensor relates the axial 

and radial conductivity to the position in the curve, i.e. the shortening fibres. 
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Figure 2.9 Schema of the FE model proposed by Mesin et al. [62] that included a tensor 

formulation of the conductivity, which depends on the geometry and hence changes 

while the muscle contracts. This allowed a study of the dielectric properties of the 

muscle while shortening (adapted from [71]) 

 

The FE model from Mesin et al. [71], showed how the amplitude and frequency content 

of the sEMG could change during dynamic contractions due to a change in the shape of 

the action potential. When the muscle is shortening the fibres move far from the 

detecting electrodes, while the end regions (tendon junction) get closer. This reverses 

the weight of the non-propagating source (the standing waves at the tendon junction) 

with respect to the propagating source (the traveling potential). The sensitivity of this 

effect differs depending on the configuration of the detecting electrodes and their 

distance from the fibre (superficial fibres are less affected). Lowery et al. [5] and Mesin 

et al.[71] models were able to represent for the first time, detailed anatomical features. 

Despite that, results cannot be compared (only the behaviour) with experimental data 
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because the experimental source signal is uncertain. Consequently, in their simulations 

a random source signal and MUs population were generated, disconnected from actual 

real EMG data. 

Further discussions of FE mathematical formulations and a comparison with analytical 

models can be found in Mesin [83] literature review.  

 

2.1.3 Identified Research Question and Related Thesis Objectives 

Muscle motor unit activation information can be inferred from sEMG signals through 

decomposition algorithms [84, 85]. A common method to test the accuracy of these 

algorithms is the subject of discussion within the research community [86, 87]. Ideally, 

a concurrent measurement of intramuscular and surface EMG would lead to a better 

estimation of the decomposition algorithm; alternatively, a better detection system, 

which increase the selectivity of the motor units, would be preferable. Examples are 

multiple channel sEMG [88], linear electrode arrays [89] or high-density electrode arrays 

[90, 91]. Despite the increasing spatial resolution of electrode arrays, a bipolar electrode 

configuration offers the advantage of giving enough information to assess single muscle 

activity while requiring less signal input and fewer electrodes than the electrodes arrays 

or multiple channels. For applications where several muscles are involved and regional 

information is not needed, a bipolar configuration is still the preferable tool to record 

the muscle activity (reduced cross-talk, i.e. recording activity from muscles other than 

the target muscle) for certain applications. Despite that other configurations 

(monopolar, double differential) can still offer some advantages. In addition, electrode 

arrays can improve the spatial resolution of the EMG. By a weighted summation of the 
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electrode leads signals, it is possible to create spatial filters (normal double 

differentiating filter NDD, inverse rectangle filter IR, inverse binomial filter IB2 ) that can 

increase the spatial selectivity of the EMG. The filters that provides an isotropic transfer 

function can further improve the signal to noise ratio but this is limited to motor units 

close to the electrode.   

Other important aspects of the measurements are the electrode location, the inter-

electrode distance, the electrode orientation respect to the fibre direction and the 

underlying muscle architecture (pennation). Furthermore, from EMG measurements, it 

is possible to estimate the motor unit population, the activation level, the recruitment, 

the muscle coordination, the muscle fatigue and even the muscle architecture 

(pennation). Despite these potential applications, a lot of uncertainty such as noise, 

tissue filtering and fibre architecture affects the EMG outcome, challenging current 

guidelines in term of EMG surface electrodes placement [92].  

 

Past FE models have allowed researchers to study more aspects of muscle activity, from 

the anatomy and tissue composition, to the dielectric properties and the consequences 

of dynamic contractions, to the best electrode configuration that can improve selectivity 

and accuracy of recorded surface myoelectric signals. It is hard to align electrodes with 

the fibre direction and when the fibre curve toward the deep aponeurosis, as shown in 

Figure 2.2, the signal travels far from or toward the electrodes. For this reason, muscle 

with parallel fibres should have guidelines on electrode positioning which differ from 

muscle with highly pennate fibres. Thus, a model that can evaluate the loss of 

information when the muscle is highly pennate is needed, but has to be provided. This 
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thesis therefore considers the influence of the fibre orientation with respect to the 

electrodes and the geometry of the electrodes. 

 

The first study in the thesis simulates an electrical model of the muscle, which aims to: 

 

 Clarify the determinants of recorded surface EMG signal properties (dielectric 

properties, muscle architecture), with a focus on the influence of the effects of 

the orientation of the muscle fibres. 

 

 Identify the best electrode design/configuration for the signal detection by 

conducting a sensitivity study on important parameters. 

 

2.2 Muscle Biomechanical Models 

Biomechanical muscle models can use a lumped parameter approach to describe the 

muscle or consider a continuum space that takes into account the material properties 

distributed in space. Lumped parameter models such as Hill based models, were used 

also to implement geometrical muscle models in order to resemble the muscle 

architecture. The simplest models were mechanically unstable, presenting a non-

equilibrated torque as the tendons in a pennated muscle were not aligned [47] or when 

aligned, presented other geometrical simplifications which do not reflect the real muscle 

architectural conformation [93] as pointed out by Van Leeuwen and Spoor [94].  The 

geometrical planar model of a bipennated muscle reported by Van Leeuwen and Spoor 

[94], included a tendinous sheet and curved fibres to allow mechanical stability.  A 
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dynamic model was also implemented to simulate the contraction of a squid’s tentacle 

[95]. The model used Hill’s force-velocity relationship and the results were consistent 

with the kinematic behaviour observed. Despite offering a good approximation, these 

models cannot faithfully predict all muscle properties, leading to, for example, 

underestimation of the fibres volume fraction [94].  The lower computational cost of 

such models enables real time analysis of muscle force estimation. Whereas a 

constitutive model in the continuum space involves continuum mechanics theory and 

exploits mathematical advanced theories such as finite element methods that require a 

higher computational cost. 

2.2.1 Constitutive Mechanical Models 

Hyperelastic models are higher-order forms of linear elastic models in which stresses 

are some function of the total strain or stretches [96].  These models are being used to 

describe the behaviour of the connective tissue of the muscle and other biological 

tissues. A hyperelastic material is defined through a strain energy function (see 

Appendix B and C for theory background) where it is possible to uncouple the deviatoric 

and the dilational (volumetric) component of the deformation/stress. The muscle 

connective tissue behaviour is similar to rubber (elastic nonlinear large deformations) 

and can be described with a Mooney-Rivlin strain energy as applied in the formulation 

from Johansson et al. [97, 98]: 

 

W =  ∑ aij
n
i+j=1 (I1,M − 3)

i
(I2,M − 3)

j
+  

k

2
(I3,M − 3)

2
  ,  (2.13)
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where Ii,M = invariants of the deformation tensor and k = bulk modulus. 

 

Based on the formulation of Johansson et al., activation of the fibres generates a stress 

in the direction of the fibres. These stresses are in terms of Cauchy Stresses (current 

stresses) and need to be transformed into the second Piola-Kirchhoff stresses Sij to be 

conjugated with the Green-Lagrangian finite strain tensor: 

 

Sij =
∂W

∂Eij
= 2

∂W

∂Cij
      .   (2.14) 

 

Furthermore [98] used a displacement pressure formulation [99] that is more stable and 

convergent than the pure displacement formulation in FE models.  

The relation between the global stiffness matrix (Kij
t ) , the displacement/ pressure and 

the external forces  (Fi
t) , (Rt) is: 

 

[
KUU

t KUP
t

KPU
t KPP

t ] [
û
p̂

] = [Rt+∆t

0
] − [

FU
t

FP
t ]     ,  (2.15) 

 

where the vector [
û
p̂

] contains the increment of the displacement and the pressure 

degree of freedom. The problem set is then based on the equilibrium of the virtual 

works: 

 

∫ SijS0EijdV = R
𝑉

V0
 equilibrium of virtual works             ,  (2.16) 
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where R represents external pressures, discrete forces or constraints [98].  

 

A constitutive behaviour of fibres based biological tissues (muscles, ligaments, tendons) 

was formulated by Weiss et al. using a form of strain energy for an isotropic fibre 

composed material: 

 

W =  F1(I1, I2) +  F2(I4) + F3(I1, I2, I4)  ,    (2.17) 

 

where: 

 

F1 = material response of the isotropic ground substance matrix (deviatoric, 

distorsional); 

 

F2= contribution from collagen fiber family;  

 

F3= contribution from interaction between the fibers and matrix (dilational). 

 

This method introduced directional dependence on the deformation explicitly into the 

strain energy through a vector representing the material preferred direction. Fibre 

stretch can be determined in term of the deformation gradient and the fibre 

direction, a0, in the undeformed configuration as follow: 

 

λa = Fa0       ,   (2.18) 
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λ2a a = λ2 = a0FTFa0 = a0Ca0    .   (2.18)

  

 

Therefore, the invariants I4 can be substituted by a dependence on the stretch: 

 

I4 = a0C a0       .   (2.19) 

 

A novel FEM was described by Blemker et al., (2005) that implemented a 3D FE muscle 

model of the biceps brachii to explain the non-uniform strain of the fascicles that were 

observed in experimental data [100]. The muscle was considered as a composite nearly 

incompressible material where a decoupled constitutive behaviour was used to describe 

the dilational behaviour (matrix) and the deviatoric behaviour (fibres) [57]. The novelty 

of the model from Blemker et al. was their use of two of the new set of 5 invariants 

described by Criscione [101].  

 

The typical (see equations 2.5-1, 2.5-2) representation of W (I1, I2, I3, I4, I5) uses the 

invariants of the Cauchy-Green right deformation tensor C = FT ∙ F , where: 

 

I1 = tr(C)       ,   (2.20) 

I2 = tr(C2)/2       ,   (2.21) 

I3 = det(C)       ,   (2.22) 

I4 = M ∙ CM       ,   (223) 

I5 = M ∙ C2M       ,   (2.24) 
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and C is the Cauchy-Green right deformation tensor and M is the unit vector to specify 

the preferred material direction (reference direction), related with the current direction 

through the following transformation: 

 

m = current direction = (M ∙ CM)−
1

2FM                      ,   (2.25) 

(m lies in the FM direction). 

 

The new sets of invariants introduced by Criscione for the strain energy function 

W(β1, β2, β3, β4, β5), have the advantage of being ideally mutually orthogonal, hence 

their independence allows different parts of the strain energy function to be directly 

obtained. The relationships between the Green’s deformation tensor deviatory 

invariants and the new set of invariants are: 

 

β1 =   
(lnI̅3)

2
       ,   (2.26) 

β2 =   
 (3 lnI̅4 − lnI̅3)

4
       ,   (2.27) 

β3 = ln ((
I̅1I̅4−I̅5

2√I̅3I̅4
) + √(

I̅1I̅4−I̅5

2√I̅3I̅4
) − 1)    ,   (2.28) 

β4 =  √
I̅5

I̅4
2 − 1        ,   (2.29) 

 

β5 =  
I̅1I̅4I̅5+I̅1I̅4

3
+2I̅3I̅4−I̅5

2
−2I̅2I̅4

2
−I̅5I̅4

2

(I̅5−I̅4
2

)√I̅1
2

I̅4
2

+I̅5
2

−2I̅1I̅4I̅5−4I̅3I̅4

    .   (2.30) 
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These invariants respectively identify a specific aspect of the strain: 

 

 Volume strain; 

 Distortional fibre strain; 

 Cross Fibre shear; 

 Along fibre shear; 

 Orientation of the along-fibre shear plane, relative to the cross-fibre shear 

diagonals. 

 

The new strain energy implemented by Blemker et al. considered the muscle as a fibre-

reinforced composite with transversely isotropic material symmetry and its equation is: 

 

ψ(B1, B2, λ, α, J) = W1(B1) + W2(B2) + W3(λ(I4̅), α) +
k

2
ln (j)2  . (2.31) 

 

B1, B2  are the physically based strain invariants defined by Criscione (equations 2.5-14, 

2.5-15) to describe the along-fiber and cross fibre shear strains, whose effects could not 

be considered independently in previous models. λ  is the along fiber stretch, α the 

activation level and k is the bulk modulus. The last right side term of the equation 

describes the dilational (volume) changes. 
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The first right side terms express the shear strain behaviour: 

 

W1(B1) =  G1B2
1 =  G1√

I5̅

I4
2̅̅ ̅̅ − 1   ,    (2.32) 

     

W2(B2) =  G2B2
2 =  G2 cosh−1 (

I̅1I̅4−I̅5

2√I̅4
)  ,    (2.33) 

 

 

where Ii̅  are the deviatoric invariants and I4̅, I5̅ are the new invariants defined by 

Criscione. The stretch is defined as  λ = √I4̅ . The function W3(λ, α)  expresses the active 

part in terms of the Cauchy stresses.  

 

When the muscle fibres exert a force, there are two components to take into 

consideration (equation 2.34), the active component (contractile element) and the 

passive non-linear element. The active element is a function of the activation, F-L 

relationship, F-V relationship and depends on the maximal isometric force (equation 

2.35). 

 

σ =  σactive + σpassive           ,   (2.34) 

σactive= σisometric ft(t)fv(t)fl(t)                ,    (2.35) 

 

This stress can be expressed in term of the Cauchy stress: 

 

λ
∂W3

∂λ
=  σisometric fa(t)fp(t)fl(t)     .   (2.36) 
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The interaction between the connective tissue and contractile fibres are among the 

main characteristics still to be assessed when developing a realistic muscle model. 

Huijing [8] reviewed studies with evidence of a lateral force transmission between fibres 

through the connective tissue that allowed the muscle to be considered as a collagen 

fibre reinforced composite. In particular, a study of the interaction between a myofibre 

and the surrounding fibres revealed the existence of a lateral force when the myofibre 

strain was large enough to create passive shear stresses capable of deforming the 

surrounding fibres [102]. This force transmission is likely to be frictional rather than in 

plane [13, 103]. Recent research had been focusing on incorporating the architecture, 

the activation and the connective tissue contribution in muscle constitutive models. 

These models are based on finite element analysis. Chi et al., implemented a 2D 

approach to study the particular strain-stress behaviour of the aponeurosis. The fibres 

constitutive model was based on the work of Blemker et al. [57] and the matrix was 

described with a 5 coefficient Mooney-Rivlin strain energy function fitted to 

experimental data from a frog muscle. The model was able to explain the differences in 

strain due to different pennation angles. A similar approach was used by Rahemi et al. 

[60] to study the consequences of regional activation in the lateral gastrocnemius 

muscle on force production. In the constitutive model, the muscle and the tendon tissue 

were considered composite, thus with a fibre and a matrix material. The matrix or base 

material was modelled with a hyperelastic strain energy function, whose parameters 

were derived from an exponential fit of experimental data. Through this model, the 

same S-shaped fascicle trajectories observed in vivo from ultrasound image of the 

medial gastrocnemius [104] were predicted, revealing a feature that is important to 

maintain mechanical stability within the muscle [94]. In addition, regionalized muscle 
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activity resulted in changes in muscle force magnitude and direction, even if the muscle 

activity was the same. The constitutive model from Blemker et al., included a part 

directly linked with the muscle transverse to fibres and along fibres shear modulus. 

Sharafi and Blemker [2] used this model, to study the effect of fibres and fascicle 

geometry in a micromechanical constitution. Further implementations of the model 

from Blemker et al. [57] were applied at a microscopic level [3, 4] to study the fibres 

lateral force transmission through the endomysium and force at the myotendinous 

junction. Yucesoy et al. [105] used two domains to describe the fibres and the matrix 

(connective tissue). These two domains were linked through the mesh so that the fibre-

matrix interface properties could be changed by changing the number of links between 

the two domains. Other models worth mentioning include structural features (multi-

scale model) such as Huxley cross-bridge model based activation and the motor unit 

distribution [106] or tried to simplify the formulation to allow real time applications 

[107]. Blemker et al. [57] model was able to explore many architectural (fibres 

geometry) configurations [57, 58] and fibre/fascicle geometries [2-4]. In addition, its 

constitutive model parameters (Criscione’s Invariants [101]) represent the longitudinal 

to fibres and transverse to fibres shear modulus. Others models like Mooney Rivlin 

hyperelastic model, do not have parameters that are directly linked to physical 

quantities. The limitation of Blemker’s model is the numerical instability because 

Criscione’s Invariants depends on transcendental functions. An alternative to avoid this 

issue would be to derive analytically the stress tensor components and include them in 

the FE solver code.  
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2.2.2 Identified Research Question and Related Thesis Objectives 

In this thesis, the focus is on the altered mechanical properties of the muscle. Specifically 

the deterioration of the connective tissue and the muscle fibres is associated with an 

altered transmission of the force, which may lead to an increased risk of injury. This 

condition is typically present in age related pathologies such as sarcopenia, and is 

becoming more and more important as the older population increases. An effort is being 

made to deepen the knowledge [30, 32-34] of this pathology and find out new solutions 

or tools to slow down its progress and/or consequences. Knowing how specific muscle 

features (architecture, tissue composition, muscle activation) affect the functionality of 

the muscle [33, 34] could lead to a deeper insight into the link between this pathology 

and its debilitating consequences. 

Capturing a range of different muscle properties in an experimental or laboratory-based 

environment is actually quite challenging and often unfeasible, so an alternative option 

is to develop models where hypotheses can be tested to help the understanding of 

mechanisms, which underpin loss of function/capabilities.  

To accomplish this goal a muscle mechanical model was simulated to achieve a better 

understanding of the muscle tissue properties in term of force transmission capacity and 

age related alterations of the tissue such as active fibres clustering. 

Specifically the objectives were to: 

 Design a micromechanical model of the muscle to characterize the interaction 

between the myofibers and the connective tissue. 
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 Explore age related alterations in skeletal muscle fascicle properties and assess 

how these affect the force produced. 

Specific literature with regard to model development and implementation has thus been 

reviewed and the key objectives for the thesis have been set.  The next three chapters 

now detail the development and implementation of two models, designed to meet the 

sets of objectives defined. 
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3  A FE Design Study of the 

Dielectric and Geometric 

Properties of the Muscle 

sEMG measurements, when processed can reveal a lot of information regarding the 

muscle activation. For instance the onset time (when the muscle is active), the fatigue 

of the muscle, the level of activation and the motor units involved. Despite this, the 

sEMG is not always accurate and it might contain undesired signals along with the 

desired EMG signal. For this reason the location of the electrodes and their configuration 

are crucial to guarantee a better accuracy and selectivity. This chapter present a new FE 

model and approach to study the effect of the muscle geometry (pennation) on the 

detecting sEMG bipolar electrodes. Sensitivity studies were performed on the 

configuration for each case.  

 

 

(The work within this chapter has been published in PloS One in February 2016 [108])  
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3.1 Overview 

Surface electromyography (sEMG) is the measurement of the electrical activity of the 

skeletal muscle tissue detected at the skin’s surface. Typically, a bipolar electrode 

configuration is used. Most muscles have pennate and/or curved fibres, meaning it is 

not always feasible to align the bipolar electrodes along the fibres direction. Hence, 

there is a need to explore how different electrode designs can affect sEMG 

measurements. 

 A three layer finite element (skin, fat, muscle) muscle model was used to explore 

different electrode designs. The implemented model used as source signal an 

experimentally recorded intramuscular EMG taken from the biceps brachii muscle of 

one healthy male. A wavelet based intensity analysis of the simulated sEMG signal was 

performed to analyse the power of the signal in the time and frequency domain.  

The model showed muscle tissue causing a bandwidth reduction (to 20-92- Hz). The 

inter-electrode distance (IED) and the electrode orientation relative to the fibres 

affected the total power but not the frequency filtering response. The effect of 

significant misalignment between the electrodes and the fibres (60 ˚- 90 ˚) could be 

reduced by increasing the IED (25-30 mm), which attenuates signal cancellation. When 

modelling pennated fibres, the source signal is low pass filtered due electrode detection. 

The effect of different IED seems to be enhanced in the pennated model, while the 

filtering response is changed considerably only when the electrodes are close to the 

signal termination within the model. For pennation angle greater than 20  ͦ, more than 

50% of the source signal was attenuated, which can be compensated by increasing the 

IED to 25 mm.  
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3.2 Introduction 

A key component of the neuromuscular system is the motor unit, which is the link 

between neural activity and the production of muscle force. A motor unit is defined as 

an α-motor neuron, its axon and all the muscle fibres it innervates [14]. The motor unit 

action potential (MUAP) is the sum of the action potentials travelling along its fibres [15, 

61]. It is possible to detect the interference pattern of these potentials using 

electromyography (EMG). Surface EMG (sEMG) is the measurement of the electric 

activity (i.e. MUAPs) detected at the skin’s surface (passing through the muscle, fat and 

skin), and is a good non-invasive method to estimate the level of muscle activation of 

superficial muscles.  In order to be reliable, the measurement should: i) be 

representative of the muscle activity; ii) select the desired signal with minimal 

contribution from other signal sources (e.g. other adjacent muscles); iii) have a high 

precision (i.e. low error variance) and iv) have a high signal to noise ratio (SNR). To 

increase the SNR a bipolar electrode configuration is usually used (see Figure 3.1), 

negating common node noise, but also resulting in an attenuated signal. 
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Figure 3.1 A typical  Bipolar configuration scheme. Measurements are made as the 

difference between the signals of two sensing electrodes, separated by a known 

distance. The detected signal is the sum of the action potentials (MUAPs) travelling 

along the fibres. 

 

An important feature of the bipolar configuration is the electrode orientation with 

respect to the muscle fibre direction; since both sensors are supposed to see the same 

action potentials as they propagate along the fibre (see Figure 3.1).  Few skeletal muscles 

demonstrate such parallel fibre arrangements.  In contrast, most muscles have pennate 

(obliquely orientated) and/or curved fibres [109, 110], meaning it is not always feasible 

to accurately align the electrodes along the long axis of the fibres. This means that the 

sensing electrodes may detect signals across different fibres and the potential detected 

at one electrode is not the same delayed signal detected at the other electrode. This will 

not allow derivation of the real frequency components of the action potentials travelling 

along the fibre or determination of the true activation level. Therefore, there is a need 

to explore how different electrode orientations and distances can affect the properties 

of recorded myoelectric signals. 
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One method of investigating the effects of electrode properties on recorded signals is 

to employ mathematical modelling approaches.  An early implementation of an 

analytical model of skeletal muscle tissue was reported by Andreassen and Rosenfalck 

[68]. The model was used to investigate the intramuscular EMG electrodes’ bipolar 

configuration, i.e., the orientation of the recording surfaces relative to the direction of 

the muscle fibres, the distance between the recording surfaces, and the area of the 

recording surfaces. The model parameters were the radius of the fibre; conduction 

velocity; anisotropy ratio of muscle tissue (difference in conductivity parallel to the fibre 

direction and perpendicular to it); and conductivity of the intracellular and extracellular 

medium. This model was able to give quantitative guidelines on the best feature set for 

the electrodes to provide the highest selectivity. Results suggested that a bipolar 

configuration with electrodes oriented perpendicular to the fibre direction gives the 

highest selectivity, thus recording the activity of a few fibres. This behaviour could still 

be considered similar if the electrode orientation angle was less than 45 ˚. An inter-

electrode centre distance less than 50 μm still recorded activity in a few fibres, while 

inter-electrode centre distance greater than 200 μm gave measurements similar to that 

of two monopolar electrodes. This was shown by the fact that the potential amplitude 

decline was three times greater for the bipolar than the monopolar configuration when 

the fibre distance was at 200 μm, raising to five times at distances of 500 μm. This means 

the contribution from far fibres to the detected signal, is less in the bipolar 

configuration. Merletti et al., [66] modified the Andreassen and Rosenfalck [68] action 

potential model. They introduced a current distribution flow from the travelling 

transmembrane action potential to study the effect of the innervation and termination 

zones on the surface signal in a parallel fibred muscle. The model was applied and 
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compared against experimental results from sEMG signals detected from the biceps 

brachii muscle [67] and the model parameters set so that the model results would match 

the experimentally recorded signal pattern. This method gave important physiological 

information, for example the conduction velocity of the MUAPs and the location of the 

innervation zone, and provided important conclusions about the best location for 

electrodes, with reliable bipolar measurements possible between the innervation and 

termination zones, when they were sufficiently wider than the IED. However, the main 

limitation of this work was that the adipose tissue layer between the muscle and the 

electrode surface was not considered. Later Blok et al., [76] developed an analytical 

cylindrical volume conductor  model which included the skin and fat layers to describe 

the muscle tissue, improving previous two layers models, which were sensitive to the 

depth of the potential source [75]. Wheeler et al., [69] extended these models by 

defining and modelling the motor units size, properties (e.g. conduction velocity), 

validating the simulated sEMG, and derived force by experimental observation. They 

reported a strong correlation between linear sEMG and force relationships found in both 

simulated and experimentally recorded signals.  While these models have provided 

valuable guidelines, wider applications are limited by the fact that analytical models can 

only provide solutions for ideal geometries such as infinite cylinders or planar planes 

and symmetric geometries [5]. The potential to investigate properties of more realistic 

muscle geometric properties can however be done using a finite element model (FEM) 

approach. 

FE modelling is a mathematical method that discretises a continual space into finite 

elements, turning differential equations into algebraic equations for which it is possible 

to find an approximate solution. FEMs therefore extend the possible range of studies, 
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specifically in terms of the complexity of the muscle fibre geometries that can be 

considered.  For example, Lowery et al. [6] reported an FEM of a cylindrical three-layered 

muscle tissue which was further implemented into an anatomically based (real muscle 

geometry) model which included the bone and blood vessels, and showed how these 

additional components can change the amplitude of the EMG signal and the shape of 

the action potential. Pennated and curved fibres can change the action potential shape 

detected, and hence the frequency components of the EMG. This was shown by Mesin 

et al. [71] who studied conductivity property changes during shortening of a 3D fusiform 

shaped FE model of the muscle and, in agreement with previous analytical models [71], 

revealed changes in amplitude and frequency content of the action potential.  

Previous FE models all make use of single MUAP trains, which makes it harder to validate 

against commonly recorded myoelectric signals, which represent the interference 

pattern of multiple MUAPs. In the present study, a different approach was used. The 

fibres of a motor unit cover a portion of the cross section of a muscle with a round 

irregular shape [111, 112] and the activity of a small number of fibres at a certain depth 

can be detected through intramuscular EMG (iEMG). Instead of modelling the current of 

a single fibre, the potential detected can be considered as the superimposed resultant 

potential at that depth, hence the source signal is the overall potential travelling at that 

depth, which can be detected through intramuscular measurements. Using this 

approach, it is possible to implement models that use a source signal acquired from 

experimental acquisition and is thus closer to the real signal than simulated data. This 

approach enables greater focus on the filtering properties of the muscle tissues and the 

surface electrodes configuration with respect to the fibres. The aim of this work was to 

simulate the muscle tissue volume conductive properties and test the effect of inter-
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electrode distance, electrode orientation and muscle fibre pennation angle on the 

measured bipolar sEMG signal in terms of power loss and frequency filtering.  This aim 

was pursued by implementing a three layer FEM of the muscle, fat and skin.  

 

3.3 Method 

3.3.1 FE Model 

A three layer finite element muscle model  (2 mm skin, 3 mm fat, 30 mm muscle, see 

Figure 3.2) was implemented in the time domain [113] using Comsol Multiphysics 

(version 4.4, Cambridge, UK) explicit finite element solver. A conjugate gradient iterative 

solver was used. A convergence h-refinement study was also performed for 6 levels of 

mesh density by refining the mesh globally from 3462 to 87353 elements. The 

parameter chosen to measure convergence was the root mean square of the signal, at 

the electrodes since it represents the signal total energy. The results converge to around 

2.17 × 10−6 mV  and  2.12 × 10−6 mV  for the first and second electrodes. The mesh 

design of our FE model used 51053 solid tetrahedral elements. 
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Figure 3.2 Three layers FE model of the muscle 

tissue. (Top) The simulated model consisted of an 

intramuscular travelling potential, which 

generated a potential on the surface of the model. 

The surface potential is then detected by two 

probe areas representing the electrodes. These 

probes record the average potential over the area, 

reflecting the behaviour of sEMG electrodes. The 

coloured bar represents the tissue electric 

potential. (Bottom)  FE model four node 

tetrahedral mesh. A finer mesh was built in the 

electrodes areas.  
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The model set up was similar to that proposed by Lowery [5, 6, 72]. Specifically our 

model used a quasi-static assumption applied to the biological tissues [114], hence the 

muscle can be considered as a resistive tissue only (ignored effects from capacitance 

and inductance). The governing equation is a combined form of the continuity equation 

and Gauss’s law in the differential form [115] (equation 3.1,3.2): 

 

  ∇ ∙ D =  ρ   (Gauss Law)                 (3.1) 

  ∇ ∙ J =
∂ρ

∂t
   (Charge continuity equation)             (3.2) 

ρ = charge density   D = electric displacement        J = current density  

 

Ohm’s law and the constitutive equation are used to relate the electric field with the 

electric displacement and the current density (equation 3.3, 3.4): 

 

D = ε0εrE                     (3.3) 

J = σE                       (3.4) 

E = electric field ε0 = vacuum permittivity  εr = relative permittivity 

σ = electrical conductivity 

 

The skin and fat tissue were considered as isotropic while the muscle anisotropy ratio 

(longitudinal conductivity over transversal conductivity) was set to 5 [5, 116]. Table 3-1 

reports the dielectric properties used in the model. The dielectric properties were taken 

at a frequency of 100 Hz which is the typical median frequency of an EMG spectrum [5].  
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Table 3-1  Dielectric Properties of the muscle tissues 

[117] 

 Conductivity (S/m) Permittivity 

Muscle 

 

0.26671 

(transverse) 

 

9329000 

Skin 0.00046112 45298 

Fat 0.02081 457060 

 

 

Combining Gauss’s law and the continuity equation, by eliminating the charge density a 

single equation is obtained (equation 3.5, 3.6): 

 

 ∇ ∙ (σE +
∂εE

∂t
) =  0                     (3.5) 

 

In a quasi-static approximation the electric potential (V) is given as equation 3.6: 

 

E = −∇ V                      (3.6) 
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Substituting equation 3.6 into equation 3.5 results in equation 3.7 : 

 

−∇ ∙ (σ∇ V +
∂ε∇ V

∂t
) =  0                   (3.7) 

 

 

Equation 3.7 is the governing equation for time-dependent electric currents. 

 

Boundary conditions are specified at material interfaces and physical boundaries. At the 

interface between two media (skin, fat, muscle), the Neumann boundary condition is 

given for the current density (equation 3.8): 

 

n2 ∙ (J1 − J2) =  −
∂ρ

∂t
                    (3.8) 

 

Where n2 is the outward normal from medium two. In a resistive media, the current 

density should be continuous (equation 3.9): 

n2 ∙ (J1 − J2) =  0                    (3.9) 

The portion of muscle simulated was considered electrically isolated at its boundaries 

since the conductivity of the surrounding space (air) can be assumed to be zero; 

therefore, there is no normal current flow (equation 3.10): 

n ∙ J = 0                  (3.10) 

The ground was applied at the extremities of the model, where the electric potential V 

is null (Dirichlet boundary condition).   
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3.3.2 Input Data 

The model simulates the whole intramuscular MUAP interference pattern and evaluates 

the surface potentials at two areas representing sEMG electrodes. To simulate the 

MUAP signal, the implemented model used a recorded iEMG signal (sample frequency 

5 kHz, amplifier gain 1000) from fine-wire electrodes (3 mm bared tips) inserted in the 

long head of the biceps brachii muscle (see data in S1 datafile). The measurements were 

taken from one healthy male, adult volunteer. The participant provided written 

informed consent and the study was approved by the local ethics committee at the 

Faculty of Science and Engineering, Manchester Metropolitan University,  in accordance 

with principles of Declaration of Helsinki. The iEMG was recorded at a 20 mm depth 

during 10% maximum voluntary contraction isometric conditions.  

 

 

Figure 3.3 Experimental set up. 
Electrodes wires were inserted in 
the biceps brachii 
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A 50Hz notch filtered 1 sec portion of the iEMG was applied as the source signal in the 

simulation. This source signal was set as an electric potential V(t)  that travelled for one 

second along a surface within the muscle domain (equation 3.11): 

 

 V(t) = signal (t −
x

v
)                  (3.11)  

 

Where x is the coordinate along the fibre direction, and v is the speed of propagation (4 

m s-1). The source signal travels along a distance of 0.05 m while the tissue extends to 

0.15 m at both sides (see Fig. 2), a distance by which the potential is no longer affected 

by the boundaries of the model. To define this distance a correlation study was 

conducted to assess the minimum extension length for which the outcome distance is 

not affected by the drop of the electric field at the end of the signal route (see Table 

3-2).   

Table 3-2 Correlation between the RMS of the resultant bipolar potentials at 

different muscle lengths (extension). After a length of 100 mm, the results are 

strongly correlated. 

Length (mm) 0 50 100 150 200 250 300 

0 1 0.66751 0.567246 0.552953 0.542169 0.5422 0.546311 

50 0.66751 1 0.837897 0.84586 0.850144 0.848236 0.853335 

100 0.567246 0.837897 1 0.998694 0.997279 0.996393 0.997045 

150 0.552953 0.84586 0.998694 1 0.999275 0.998708 0.999119 

200 0.542169 0.850144 0.997279 0.999275 1 0.999665 0.999854 

250 0.5422 0.848236 0.996393 0.998708 0.999665 1 0.999595 

300 0.546311 0.853335 0.997045 0.999119 0.999854 0.999595 1 



74 

 

 

Two probe circular areas (radius, 50 mm) on the skin represent the electrodes (see 

Figure 3.4). The average potential on these areas were recorded and post processed. 

 

Figure 3.5 Simulated (top) VS. Experimental signal (bottom). 

 

A bipolar electrode configuration was investigated by changing three different 

parameters: the inter-electrode distance, the orientation of the electrodes and the 

pennation angle of the fibre along which the signal travelled (see Figure 3.4 A, B, C). The 

inter-electrode distance was set at 15, 20, 25, 30 mm; the orientation of the electrodes 

was varied to 0ᵒ, 10ᵒ, 30ᵒ, 60ᵒ, 90ᵒ and the fibre pennation angle changed to 5ᵒ, 10ᵒ, 15ᵒ, 

20ᵒ, 30ᵒ. In the parallel case the signal travels at 20 mm depth from the surface. 
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Figure 3.4 Representations of some of the bipolar configurations 

simulated. A) inter-electrode distances (mm); B) electrodes 

orientation (Degree); C) fibre pennation angle (Degree). The 

signal travels along the horizontal plane in the muscle tissue at a 

depth of 20 mm. For the pennated case, the plane is inclined at 

different angles. 

 

3.3.3 Signal Processing 

Matlab (version r2013a, Cambridge, UK) was used for post processing. A wavelet based 

intensity analysis of the simulated sEMG signal was performed [118]. This method uses 

a filter bank of non-linearly scaled wavelets developed specifically for EMG time 

frequency analysis, with applications to both experimental and simulated signals 

described in detail elsewhere [65, 119, 120] . Briefly, based on the source sample 
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frequency (5000 Hz), a set of 16 wavelets with centre frequencies spanning 6.9Hz to 

804Hz (see equation 3.12) was defined in the frequency domain (see Figure 3.5).  

 

FΨ(f, cf, scale) ≔ (
f

cf
)

cf∙scale

∙ e(
−f

cf
+1)∙cf∙scale          (3.12) 

 

The EMG signal is then convolved with the wavelet set, essentially band-pass filtering 

the signal with the same frequency components as the wavelets [119]. Using this 

method, an intensity can be calculated which approximates the power of the signal 

[121]. This method enables investigation of the filtering effects (power attenuation) of 

electrode configuration and fibre geometries at the central frequencies of the wavelet 

analysis. 

 

Figure 3.5 The 16 wavelets set in the frequency domain. The sum of the 

wavelet (thick line) gives the total band of the filter. Each peak is the central 

frequency of the single wavelet. 

The mean power of the sEMG bipolar signal, expressed as a percentage of the mean 

power of the iEMG (source) signal was used to interpret the results. 
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3.4 Results 

3.4.1  Properties of the iEMG Source Signal 

The source signal contained bursts of activity at short time intervals, which indicate the 

activation of recorded motor units (see Figure 3.6 A). Typically, the bursts occur at higher 

frequencies (indicating appropriate ranges), and are evident in the total power plot 

(Figure 3.6 B) as amplitude peaks. From the time-central frequency power plot (Figure 

3.6 C) it is also evident that lower frequencies (<62 Hz) contribute minimally to the 

recorded signal.  

 

Figure 3.6 The source signal power in time and frequency domain. The 1 sec sample 

from intramuscular signal that was used as source signal is shown at the top (A) . The 

total power of this signal is shown in the time domain (B) and in the frequency-time 

domain (C). From this plot it is possible to distinguish bursts of activity that occur 

during the isometric contraction.  
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In Figure 3.7 the source signal mean power for each central frequency is reported. The 

mean power of the intramuscular source signal had peak values around the central 

frequency of 395 Hz.  

 

 

Figure 3.7 The source signal mean power. The source signal mean power over 1 sec 

calculated for each frequency component of the source signal. 

 

3.4.2 Influence of inter-electrode distance & orientation 

The overall energy of the signal was assessed by evaluating the total power measured 

at the simulated surface electrode. A positive linear relationship was found between the 

IED and the total power, while a negative decay was found as the electrode alignment 

deviated from the signal direction toward a perpendicular orientation (see Figure 3.8). 

The difference in the total power as a percentage of the source signal power between 

the lowest and the highest parameter was just 3% when varying the inter-electrode 

distance, IED, and around 2% when the electrode orientation was varied. 
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Figure 3.8 Total Power expressed as percentage of the source 

signal total power. (Top) Total power for different IED, 

showing a positive linear trend as the distance is increasing 

(Bottom) Total Power at different orientation, showing a 

decay as the electrodes alignment deviate from 0 ͦ   to 90 ͦ  . 

The mean power of the bipolar surface signal for each central frequency was also 

obtained (see Fig. 3.8). The mean power increased as the IED was increased, but this 

occurred only for lower (<92 Hz) and higher (>542 Hz) frequencies, while in the range 

92-542 Hz the signal was filtered out. The same frequency filtering occurred at different 

electrode orientations. 



80 

 

 

Figure 3.9 Mean Power of the bipolar signal in the frequency 

domain. The general trend reveal a band stop filtering in the 

range 92- 542 Hz (Top) Mean power at different IED. As the 

distance increases, the mean power increases as well.  

(Bottom)  Mean power at different orientations. As the 

electrodes deviate from the direction of the signal, the mean 

power decreases, until reaching almost zero at 90 ͦ. 

 

3.4.3 Influence of Fibre Pennation Angle 

The amplitude of the sEMG from a signal travelling along a simulated pennated muscle 

fibre was also increased and of the same order of amplitude as the source signal. As the 

pennation angle increased the total power of the bipolar signal was considerably 

IED 

Orientation (°) for IED 20 mm 
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attenuated (up to 13 %, Figure 3.10 top). Combining the effect of changing the inter-

electrode distance with a 20°  pennation angle showed an enhanced effect on the total 

power (see Figure 3.10 bottom). A 7 % difference in the total power between the lowest 

and the highest IED case was found, while it was just of 3 % without pennation.  

 

Figure 3.10 Total Power of the bipolar configuration. (Top) Total 

power at different fibre pennation angles. There is a linear 

decrease of the power as the pennation increase for a fixed IED 

of 20 mm. (Bottom) Total Power for a pennated model at 20ᵒ 

while changing the IED. The increase in the power as the 

distance increase is almost double as that found in the parallel 

fibres model. 
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The fibre pennation angle strongly affected the outcome signal, which was low pass 

filtered, retaining frequencies lower than the central frequency of 170  Hz (see Figure 

3.11 top). The IED did not seem to affect the filtering response except when the 

electrode was relatively close to the termination side of the signal (see Figure 3.11 

bottom). In that case (IED 30 mm) a narrower band and prominent peak at the central 

frequency of 62 Hz was found. 

 

Figure 3.11 Mean Power of the bipolar signal in the pennated 

case.  (Top) The mean power at different pennation is low pass 

filtered and the amplitude increase as the pennation decrease. 

(Bottom) Mean power for the pennated case at 20  ͦ while 

changing the IED. There is an enhanced peak for the IED of 30 

mm for which the electrodes are close to the terminating point. 

Pennation 

IED at fixed pennation of 20° 
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3.5 Discussion 

A FEM of the muscle, skin & fat tissue was simulated to study the performance of 

different sEMG electrodes in bipolar configurations. During experimental data 

collection, the configuration of the electrodes is important to avoid cross-talk [122] and 

to assess the detection volume [63].  Bipolar measurements are more selective since 

they show a lower detection range [68], but are sensitive to their orientation with 

respect to the direction of the muscle fibres and the distance between the two 

electrodes [68].  

 

3.5.1 Orientation and IED 

From the work presented here, it is clear that the orientation of the electrode areas 

should give a differential signal similar to that of the IED, since the signal considered in 

the first two simulations is travelling horizontally across the tissue layer. As the 

electrodes become misaligned with respect to the signal direction, the signal detected 

will give a bipolar measurement equivalent to that from electrodes that have a smaller 

inter-electrode distance than that of the actual electrodes (considering an area across 

which MUAPs are homogeneous). The case in which the electrode areas are aligned at 

90   ͦwith respect to the signal direction can be associated with the case of a null inter-

electrode distance, hence the differential measurements cancel out. Andreassen and 

Rosenfalck [68] concluded that for an angle above 45   ͦ(less than 45 ˚ according to their 

reference system), the iEMG electrodes will act as a perpendicular oriented electrode 

pair. In the simulations performed here the IED and the electrode orientation seems to 

play a minor role when the signal is travelling along a plane parallel to the electrode 
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plane. The influence of these features is to change the power amplitude while leaving 

the tissue filtering properties unchanged. Fig. 8 shows that the main attenuation of the 

signal intensity occurs between 92-542 Hz, which is a range that includes frequencies of 

physiological relevance. Slower motor units operate in the frequency range between 82-

247 Hz, while faster in the range 240-423 Hz [20, 120]. Higher frequencies (>542 Hz) are 

less attenuated and the effect of different IED and electrode orientation is more 

remarkable, but these frequencies are generally discarded by researchers, as they are 

not in the physiologically relevant frequency range.  When the misalignment (see Fig. 8 

bottom) between the electrodes and the fibres is significant (60 ˚- 90 ˚) it is suitable to 

increase the IED distance (25-30 mm) to reduce the chance of the signal cancelling out 

in a bipolar configuration. By choosing the IED, other features considered in previous 

models should be also evaluated. The IED should not be too large in order to avoid the 

termination end effects [66]. Moreover, the thickness of the fat tissue increases 

substantially the pick-up volume, which is further extended by the IED [72]. This can lead 

to the occurrence of cross-talk [123] with other muscle activities.  

 

3.5.2 Pennation angle 

When dealing with pennated fibres, the signal travels along a diagonal plane.. The 

muscle tissue acted as a band stop filter (attenuating the wavelet frequency range 

between 92-542 Hz) when parallel fibres were modelled. In the case of pennation the 

bipolar configuration resulted in a low pass filtering of the signal. (Figure 3.11). This 

change in the frequency response can be explained  as a consequence of the bipolar 

configuration, with the higher contribution to the sEMG signal coming from the 
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electrode which is closer to the source signal [124] and changes in the detected potential 

shape as occurring as predicted by the analytical pennated model proposed by Mesin 

and Farina [125]. The effect of a different IED seems to be enhanced in the pennated 

model in terms of total power, while the filtering response is changed considerably  only 

for IED where the electrodes are close to the signal termination points (IED 30 mm). In 

addition, the amplitude of the sEMG is generally increased in the pennated simulation 

due to the small distance between the signal and the muscle surface as it starts to travel 

toward the deep aponeurosis. For the isometric condition studied here, Figure 3.11 

suggests that for pennation angles greater than 20   ͦ(more than 50 % of the source signal 

is attenuated) it is suitable to increase the IED, i.e. IED of 20-25 mm. In our simulation, 

the signal is the sum of the MUAPs, hence a simplification was made in considering it 

travelling from the top to the bottom toward the deep aponeurosis. Muscle fibre’s 

motor units end plate are usually located in the middle of the fibres [126]. This implies 

that in pennated fibres, the single action potentials travel in both directions toward the 

deep and the superficial aponeurosis. Nevertheless the direction of the potential 

detected, depends on the relative position between the bipolar electrodes, the fibres  

and the motor unit end plate [127]. Therefore, the source signal could have been 

represented in different ways, which might depend on the muscle that is being studied 

and its pennation. One major feature that this model predicted is the fact that the 

potential depends on the signal arriving at the superficial aponeurosis (closer to the 

electrodes), while the signal ending at the deep aponeurosis is strongly attenuated. This 

make it possible for signals to be recorded from different groups of muscle fibres  and 

provide spatially localized information [128].The geometry of the fibres can also change 

as the muscle is contracting as addressed in Mesin et al. [71] analytical model. Despite 
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the limitation of not including the skin and connective tissue, they showed the 

importance of considering dynamic changes, specifically for recording the activity of 

deeper fibres, which are more affected as the distance from the detecting electrode is 

changed [111]. They also showed that the shortening of the muscle influenced the 

weight of the non-propagating components (standing waves) in the signal. Therefore, 

the model presented in this paper refers only to the situation of isometric contractions. 

 

3.6 Conclusion 

From this study, it can be seen that sEMG electrode configurations become an important 

feature when dealing with pennated muscles. This is because the signal travelling along 

a diagonal plane will be filtered differently by the electrodes in a bipolar configuration 

and will be attenuated while travelling down. An experimental approach to overcome 

this problem, using current measurements instead of potentials has been proposed, 

with results suggesting an increase in the spatial resolution (32, 33). During most 

functional motor tasks there will be changes in fascicle pennation angle as a result of 

muscle activation and so this is a dynamically changing feature of the muscle, which will 

influence what the electrodes record. For this reason, it is important to consider these 

features when designing EMG electrodes. To provide a foundation from which future 

guidelines may be set, future work should investigate the effect of dynamic changes in 

fascicle geometry and include consideration of other anatomical features such as tissue 

curvature (i.e. skin surface and fascicle) and skeletal elements.  

The model presented here is able to evaluate the combined effects of electrode 

configuration and muscle architecture; it can be used to provide insight into the impact 
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of changes in muscle pennation angle, on sEMG activity measured [71]. The model in 

this study focused on a rectangular geometry with straight muscle fibres. The main 

assumption  was to consider the source signal as a representation of the activity of the 

whole muscle, while the iEMG measurement covered a limited area around the wires 

electrodes. This was motivated by the fact that the source signal was acquired at low 

isometric contractions and considering that most of the sEMG signal energy comes from 

fibres close to the electrodes (so very limited contribution of deeper motor units). To 

improve the representativeness of the model input, more than one source of signal 

acquired from different regions of the muscle should be applied. In addition the 

significantly higher amplitude at IED of 30 mm in the pennation case (Figure 3.11) is 

likely to be due to the electrode area being close to the termination zone of the signal 

rather than an increased pick up volume. This “artefact” can be avoided by continuing 

the signal path and modelling the extinction of the signal. Future work will include the 

study of fibre end effects on the detected signal, to explore the phenomenon of standing 

waves that occur as the signal reaches the termination of the fibres. Another possible 

application of this model involves errors in the estimation of the conduction velocity 

when the electrodes are not correctly aligned with the fibres direction. Misalignment 

between the electrode and the fibres leads to a lower estimation of the conduction 

velocity, since the conduction velocity is estimated through the delay that a certain 

signal pattern takes when travelling between the pick-up area of an electrode pair [67]. 

It is recognised that this model only activates a small region of muscle but in practice, 

real activations may occur across regions of muscle[22], which have different sizes or 

geometry. Further work could use medical imaging such as ultrasound to quantify active 
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regions in the muscle which could then be used to provide more accurate estimations 

of the active muscle region [129].  
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4 . Modelling the Connective Tissue 

Properties of the Muscle 

 

A detailed description of the constitutive properties of the model used for the case study 

of age-related changes in muscle fibre spatial distributions, presented in Chapter 5, is 

provided.  The work includes an analytical model, which is used to verify the defined 

constitutive properties allow the force transmission through shear of the endomysium 

to the other fibres and to define the minimum length required to for full transmission 

to occur.  
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4.1 Function and Properties of Skeletal Muscle Connective Tissue 

A description of the function and properties of the connective tissue is given in this 

section. The connective tissues of skeletal muscles present different structure and 

composition at different levels (endomysium, perimysium, and epimysium). There is a 

general pattern that consists of collagen fibres and an amorphous matrix of hydrated 

proteoglycans which contribute to mechanically link the collagen fibre network [130].  

Huijing, [8] reviewed studies with evidence of lateral force transmission between fibres 

through the connective tissue, suggesting that skeletal muscle can be considered a 

collagen fibre reinforced composite. In particular, work by Street [102] on the 

interaction between dissected myofibers and the surrounding fibres, revealed the 

existence of a lateral force transmission through the ECM when the myofiber strain was 

large enough to create passive shear stresses capable of deforming the surrounding 

fibres. In this experiment, the dissected fibre was still able to transmit 75 % of its force 

through the endomysium to the adjacent fibre when activated [13, 103], indicating that 

force transmission is possible and relevant.  

 

The collagen fibres in the endomysium change orientation as the muscle length changes 

[103], increasing the compliance in tension while deforming to accommodate the fibres 

length change [13]. The endomysium can therefore be seen as a link structure between 

the fibres which functional role is to distribute the stress transversally to the fibre 

direction [11]. The perimysium, unlike the endomysium, separates fascicles of different 

dimensions (primary and secondary fascicles) and is composed of three layers of 

collagen. The superficial layer is a random network, the intermediate has larger fibre 
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diameter, while the deep layer has increased space between collagen fibres. This 

structure underpins the mechanical role of the perimysium, which is to facilitate the 

connection between synergistic muscular fibres acting toward the same tendon and to 

act as an interface between fascicles, allowing smooth deformations (fascicle slip within 

each other) when fascicles have different activation and deformations. At the perimysial 

level shear strains seems to be greater than at endomysial level, and this could be 

explained by a rearrangement of the collagen fibres orientation (55   ͦwith respect to the 

fibre direction at resting length, to 80 ͦ during activation and 20  ͦ when stretched) [12]. 

In addition the perimysium connects continuously to the tendon, acting as an interface 

between the muscle and the tendon. This continuity in the properties is possibly due to 

the same composition of type I collagen and decorin as primary proteoglycan [131]. In 

the outer layer of the muscle, there is the epimysium which is thicker than the 

perimysium with larger diameter collagen fibres.  It has a role of containment of the 

muscle bundle and transmission of forces (from perimysium) to tendon or the 

aponeurotic expansion [132].  

 

4.2 Contribution of Fibres and ECM to Skeletal Muscle Stiffness 

Skeletal muscle tissue can be seen as a very complex composite material, which 

differentiates into sublevel structures. The myofibres are grouped together by the 

endomysium to form a fibre and the fibres are grouped by the perimysium to form a 

fascicle. When trying to assess the properties of the connective tissue (extra cellular 

matrix, ECM) and the muscle fibres experimentally, it is important to use a method that 

minimises the damage to the tissue structure and composition.  Lieber et al. [133] 
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studied the passive mechanical properties of small muscle fibres bundles of normal and 

human spastic subjects. The muscle was dissected and soaked in a relaxing solution. A 

tensile test along the fibre direction was performed. A quasi-static stretch was applied 

to avoid the influence of any viscoelastic properties and the integrity of the structure 

was verified.  The stiffness of the bundle tissue was calculated in equation 4.1: 

 

                              Ef =
∆σf

Δεf
=

(σmax−σmin)

(
SLmax−SLmin

SLmin
)
     ,         (4.1) 

 

where SLmax, SLmin are the limits of the linear region of the sarcomere length-stress 

relationship and σmax, σmin are the limit stresses. The fibres and the ECM were assumed 

to work in parallel. The results gave fibre bundles tangent modulus (470 KPa) 16 times 

greater than the single fibre tangent modulus (28 KPa). Applying the rule of mixtures of 

composite materials (95% volume fraction), the ECM modulus was estimated to be 

equal to 8.7 GPa. This value differed a lot from previous studies (1-3 GPa) that were 

affected by the fact that the samples were clamped at the tendon [47, 133, 134]. 

The passive contribution of the fibre is mainly given by titin. Titin is a giant protein acting 

as a spring in the sarcomeres that contribute to muscle assembly and resting 

tension[135]. Prado et al. 2005 [136] explored the titin contribution to the passive 

tension exerted by the muscle passive tissue of white rabbit skeletal muscles (psoas, 

EDL, soleus, gastrocnemius, and diaphragm). Results proved that passive stiffness in 

fibres scales inversely with titin size, but faster muscle fibres can have either high or low 

titin sizes (slower fibres have large sizes and hence low passive tension). For each 
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muscle, there was one titin isoform (independent of the muscle from the fibres types 

present). Some muscles had high contribution (soleus, diaphragm) of the ECM to the 

total passive stiffness, while others had a lower contribution (i.e. psoas, gastrocnemius) 

and presented with higher titin stiffness. Either cases, this study proved the substantial 

contribution of collagens (ECM) in determining the total passive tension. The properties 

of the fibres are widely discussed and reported in literature ([131]) while the ECM 

properties are still to be properly assessed because there is a  corruption of the material 

when isolated from the fibres. Corruption refers to both the structure and the 

biochemical composition, and consequently an indirect approach is generally used to 

get the stiffness of the ECM and the results of such studies are outlined below [131]. 

Ward et al. [137] studied human multifidus lumbar muscle and showed a difference in 

the passive tension of single fibres compared with a bundle of fibres (stiffer). The 

difference between single and a bundle of fibres stiffness cannot be explained simply by 

an additive effect. The single fibre stiffness can explain only 12 % of the bundle stiffness, 

suggesting a big contribution of the ECM. Meyer and Lieber [138] attempted to clarify 

which contribution is stronger. To avoid corruption of the ECM, the stiffness of the 

matrix was calculated indirectly applying the rule of mixture of composite materials (no 

digestion). Despite that, a possible corruption could have occurred at the skinning 

process of the fibres. The muscle examined was the fifth toe of the extensor digitorum 

longus muscle in mice. To exclude the possibility of the additive effect when considering 

a bundle of fibres (which might be at different sarcomere lengths), a group of dissected 

fibres (no ECM) were tested as well. While the group of fibres reported stiffness similar 

to the single fibres, the bundle of fibres (that include ECM) showed stiffness 5 folds 
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greater with a non-linear stress strain relationship.  These studies showed that the ECM 

is generally stiffer than the fibres for extension above the fibre optimal length and has a 

high non-linear stress-strain relationship. It is not possible to isolate the ECM without 

corrupting its functional conformation; therefore, indirect methods are used to estimate 

its mechanical properties. These properties are then fitted to existing constitutive model 

that best represent their behaviour. Typical models used to characterise the muscle 

tissues are hyperelastic models such as Mooney Rivlin[139], Ogden[140], Yeoh[141] and 

customized.  

4.1 Ageing of the muscle and the connective tissue 

Sarcopenia is the result of cellular processes, whose main consequence is a qualitative 

deterioration of the muscle tissues [24]. An example is the degeneration of the 

characteristics of the collagen, which is the cause of an increased stiffness in the muscle 

connective tissue [142]. This degeneration is believed to be associated with an increase 

of cross-linking within the collagen fibrils, related with the reduced fibrils turnover [143-

145]. Such occurrence was studied in the epimysium by Gao et al. [143]. From their study 

on rats, four regions were outlined in the epimysium stress-strain relationship: low 

modulus toe (no difference between young and old found), the linear region (98% 

increased stiffness in old rat population), post yield (ultimate strain lower by 12% in old 

rat population) and failure region (ultimate stress of old population two times higher). 

Moreover, the shape of the stress-strain relationship was similar to that observed for 

the endomysium [13], implying the existence of similar mechanisms and composition 

between the epi- and endomysium. Results on aged mice and rats also reported a 

decreased muscle specific force [146, 147] for different muscles. A study on the rat 



95 

 

plantaris muscle revealed a similar specific force in 13 months old rats ( 31 𝑁/

𝑐𝑚2) compared to 5 months old rats ( 27 𝑁/𝑐𝑚2), while a decrease in the specific force 

was observed when the rats aged to 25 months (24 𝑁/𝑐𝑚2) [148]. These changes could 

not be explained by different relative amounts of the non-contractile tissue, i.e. the 

connective tissue. This might challenge current understanding as during ageing, 

denervation of the fibres can cause their loss and replacement with fat and connective 

tissue [30], supposedly altering the force capacity of the muscle. Therefore, modelling 

can give a clarification on what are the consequences of a different amount of non-

contractile tissue. A recent study [149] confirmed also that the muscle aging 

determinants follow a declining pattern qualitatively consistent across species as 

confirmed by comparing results from human subjects and aged rats. For this reason, 

results and properties obtained from experiments on animals such as rats, mice can be 

meaningful in the understanding of the ageing process in humans, and value from 

literature can be used to implement mechanical muscle models. 

 

4.1.1 Aim and Objectives 

In the literature review given at the beginning of this chapter, it was discussed how 

ageing can affect the connective tissue properties and what is the tissue functional role. 

It was found that the increase in connective tissue (collagen fibres) might not be the 

reason of a decreased later force transmission, but this need to be clarified. 

Furthermore, the constitutive model formulated will be extended to study an age 

related alteration of the distribution of the muscle fibres in chapter 5. 
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Therefore: 

 A constitutive model of the muscle tissue is formulated. The properties of the 

tissues are chosen from literature and fitted to mechanical models 

 An analytical model of a single fibre will be used to verify if the properties of the 

model, are able to guarantee the lateral force transmission. A single fibre 

analytical model adapted from Sharafi and Blemker [3] is used to verify the 

consequences of increased connective tissue in transmitting the force laterally 

through shearing. The minimum fibre length required to have full force 

transmission is also assessed. 

 The constitutive model is used to build an FE model. The mechanical properties 

of the tissues are taken from literature. A single fibre stretching (to derive the 

stress-strain relationship) will be simulated first analytically to validate the FE 

model formulation.  

 

4.2 Modelling the Muscle Tissue  

In this section, the constitutive model of the muscle utilized in the mechanical 

simulations of chapter 5 is formulated. The properties used to describe the tissues 

mechanical behaviour (strain energy functions), were  obtained from literature where 

mechanical tensile/compressive tests were performed on animals muscle tissue and the 

results were fit to hyperelastic models (i.e., Monney Rivlin, Ogden, Yeoh). 

The hyperelastic constitutive models used to describe the fibre and the endomysium 

tissues, are defined through strain energy functions Ws which are a function of the 
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Cij Cauchy-Green tensor’s  invariants Ii . Once these are defined, the second Piola 

Kirchoff  stress tensor is computed: 

 

                 Sij = 2
∂Ws

∂Cij
       .   (4.2) 

 

This tensor has no direct physical meaning but has the advantage of being symmetric 

and invariant to rotations. It represents the current stress in the original configuration, 

meaning also that it tracks the fibre direction. Because of that, the myofibre stress 

equations were added in the second Piola Kirchhoff stress tensor, to the component of 

the tensor along the fibre direction. 

As a nearly incompressible material, the strain energy was divided into an isochoric and 

volumetric component:  

Ws = Wiso + Wvol        .   (4.3) 

 

The volumetric strain energy will induce a volumetric stress (pressure): 

     pp = −
∂Wvol

∂J
=  −k(J − 1)     .   (4.4) 

As a result the total contribution to the second Piola Kirchhoff stress will be: 

 

     Sij = −ppJC−1 + 2
∂Wiso

∂Cij
      .   (4.5) 
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For the myofibre specific case, the second Piola Kirchhoff, stress along the axial (fibre) 

direction was expressed as: 

     Saxial = −ppJC−1 + 2
∂Wbase

∂Cij
+ Sactive    .     (4.6) 

 

The Cauchy stress is computed afterward through the relationship with Sij: 

 

       σ =  J−1FSFT = −ppI + 2J−1F
∂Wiso

∂C
FT    .   (4.7) 

 

As previously discussed the ECM has a behaviour, which is similar to rubber like 

materials (i.e. non-linear large deformations). A hyperelastic model would generally be 

appropriate to describe the ECM mechanical contribution. In the presented model, the 

connective tissue strain energy  Wbase was described with a Mooney Rivlin strain energy 

with 5 coefficients   calibrated from experimental data (see Table 4-1)[59].  

 

Wbase = C10(I1̅ − 3) + C01(I2̅ − 3) +  C11(I1̅ − 3)(I2̅ − 3) + C20(I1̅ − 3)2 + C02(I2̅ −

3)2 +
K

2
(J − 1)2           ,            (4.8) 
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where Cij, K are the model parameters (see Table 4-1) and  J  is the jacobian. Wiso is a 

function of the deviatoric invariants  I1̅, I2̅  of the right Cauchy deformation tensor (C), 

defined as : 

 

I1̅ = I1,C(I3,C)
−1/3

=  I1 J
−

2

3      ,       (4.9) 

     

I2̅ = I2,C(I3,C)
−2/3

= I2 J
−

4

3        .       (4.10) 

The volumetric part is given as: 

Wvol =  
1

2
K(log J − 1)2      .        (4.11) 

 

 

 

 

 

 

 

 

 

𝐶10 64300 Pa 

𝐶01 -38000 Pa 

𝐶11 -43 Pa 

𝐶20 5400 Pa 

𝐶02 5 Pa 

𝐾 (bulk modulus) 5𝑥107 Pa 

ρ (density) 1000 Kg/m3  

Table 4-1 Muscle constitutive properties parameters: the 

strain energy function coefficients, the bulk property and 

the muscle density taken from Chi et al. 2011 
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The fibre base material was modelled with a Yeoh strain energy function (equation 4.6) 

[60, 141]: 

Wbase = c1(I1 − 3)1 + c2(I1 − 3)2 + c3(I1 − 3)3    .            (4.12) 

The parameters of the model are reported in      Table 4-2. 

     Table 4-2 Yeoh Model Parameters [60] 

𝑐1 6750 Pa 

𝑐2 0.0278 Pa 

𝑐3 -0.001975 Pa 

 

4.3 FE constitutive Model Validation 

To test the FE model accuracy, the analytical solution of the base material constitutive 

models were compared with an FE model of the tissue simulated on Comsol 

Multiphysics (version 5.0, Cambridge, UK) for each tissue. A uniaxial tensile stretch 

simulation (displacement applied with 0-0.5 strain range) was performed.  When having 

a uniaxial stress, for an incompressible material, the stretch 𝜆1 = 𝜆 along the stress is 

related to the stretch along the other two directions given by equation 4.7 : 

𝜆2 = 𝜆3 =
1

√𝜆
       .             (4.13) 

 

Therefore, deriving the strain energy with respect to the stretch and combining the 

equations for two stresses (knowing that along the other directions the stress 𝜎 = 0) 
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results in the following equation for the stress for a five coefficient Mooney Rivlin 

function (equation 4.8): 

𝜎𝑒𝑛𝑔 = 2𝐶10 (𝜆 −
1

𝜆2) + 2𝐶11 (
1

𝜆2 + 2𝜆 − 3) (𝜆 −
1

𝜆2) + 4𝐶20 (𝜆2 +
2

𝜆2 − 3) (𝜆 −
1

𝜆2) −

2𝐶01 (
1

𝜆3 − 1) − 2𝐶11 (𝜆2 +
2

𝜆
− 3) (

1

𝜆3 − 1) − 4𝐶02 (
1

𝜆2 +
2

𝜆
− 3) (

1

𝜆3 − 1).           (4.14) 

 

The stress generated by the fibres base material (Yeoh model) can be expressed 

analytically as (equation 4.9): 

𝜎 = 2 (𝜆2 −
1

𝜆
) [𝑐1 + 2𝑐2 (𝜆2 +

2

𝜆
− 3) + 3𝑐3 (𝜆2 +

2

𝜆
− 3)

2

]  .            (4.15) 

 

Table 4-3 reports the geometrical parameters of the simulation. These are the same as 

those used in the single fibre shear force transmission simulation. 

  Table 4-3 Parameters of the tissue simulation 

Geometric  Properties  

Length 1400 μm* 

Radius  35 μm [150] 

Endomysium thickness 0.9092 μm , 95% volume fraction [133] 
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In the FE model, stationary parametric simulations were performed. A fibre (see Figure 

4.1) was fixed at one side and a displacement was applied at the opposite side.  The axial 

strain imposed was the changing parameter.  

 

 

Figure 4.1 FE model of the tissues. A single fibre was simulated to validate the FE 

model properties against the analytical solution. The fibre properties were those 

of the endomysium in one simulation and of the fibre base material in the second 

simulation. The fibre was fixed at one side, and a displacement was applied at 

the opposite side. 

Hexahedral and quadrilateral elements (Lagrange second order shape function) were 

chosen for the mesh, as they allow a bigger aspect ratio (200 times the thickness of the 

endomysium) than tetrahedral elements (see  

 

 

Table 4-4 and Table 4-5 for properties); hence extend more along the fibre permitting a 

lower number of elements. The mesh set up used in  
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Table 4-4 is the same used in the FE model of chapter 5. 

 

 

Table 4-4 FE model mesh parameters 

Name Value 

Maximum element size 200*thickness 

Minimum element size thickness 

Curvature factor 0.1 

Resolution of narrow regions 0.3 

Maximum element growth rate 1 

Custom element size Custom 

 

Table 4-5  Mesh elements quality 

Property Value 

Minimum element quality 5.574E-4 

Average element quality 0.001619 

Hexahedral elements 1608 

Quadrilateral elements 818 
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Property Value 

Edge elements 156 

Vertex elements 8 

 

Stress-strain data were exported and compared with the analytical solution processed in 

Matalb R2013a (Cambridge, UK).  

 

4.3.1 Results 

Figure 4.2 & 4.3 show the results for the endomysium and fibre based models 

respectively. They show good agreement (R = 0.99) between the FE simulation and the 

analytical solution. This validates the mesh and the high aspect ratio used to reduce the 

number of elements, hence the computational cost. The same aspect ratio will be used 

to model a bundle of fibres in chapter 5. 
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Figure 4.2 Stress-Strain curve. FE simulation VS. the 

analytical solution for the endomysium tissue (R = 

0.9999) 

 

Figure 4.3 Stress-Strain curve. FE simulation VS. the 

analytical solution for the passive fibres  (base material 

tissue) 

4.4 Force transmission 

In this section the force transmission to the endomysium is examined analytically in a 

single fibre. The objective is to find the minimum fibre length needed to transfer the 

total force through shearing, and verify that with the tissue properties chosen, 

transmission is still possible even at a reduced volume fraction. The analytical 

equilibrium equation used by Sharafi and Blemker [3] was applied (see Appendix D for 

matlab code). The equilibrium is achieved from the force reactions of the endomysium 

through shearing that counteracts the pulling contracting force of the fibre. The 
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endomysium force (the values are normalized by the maximal isometric force) is given 

as [3]: 

𝐹𝑒𝑛𝑑 =  
2(

𝐺𝑒𝑛𝑑
𝜎𝑖𝑠𝑜

)(
𝐿0
𝑟0

)
2

𝜆(1−𝜆)

−1+√1+2𝑘(2+𝑘)(
𝜆

𝜆+1
)

    ,    (4.10) 

 where 𝜎𝑖𝑠𝑜 is the maximal isometric force, 𝐿0 is the resting length, and 𝑘 is the ratio 

between the thickness and the endomysium thickness and the initial fibre radius. 𝐺𝑒𝑛𝑑 

is the endomysium shear modulus and since the Mooney Rivlin model that represents 

the endomysium is not linear, the initial shear modulus was considered: 

 

𝐺𝑒𝑛𝑑 = 2 (𝑐10 + 𝑐01)       ,   (4.11) 

 

where 𝑐10 and 𝑐01 are the first Mooney Rivlin coefficients (the initial shear modulus 

depends always on these first coefficients independently from the number of 

coefficients used for the model). The endomysium force should be equal to the force 

exerted by the fibre to have equilibrium. The fibre force is composed of the active force 

and a passive elastic (titin contribution) force. The active force follows a Hill based force-

fibre length relationship. The shape of the function 𝑓𝑙(𝜆) was approximated with a 

polynomial function [60]: 
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𝑓𝑙(𝜆)=0.534+0.229*cos(w 𝜆)-0.095*cos(2*w 𝜆))+0.024*cos(3w)-

0.021*cos(4w 𝜆)+0.013*cos(5w𝜆)-0.421*sin(w 𝜆)+0.079*sin(2w𝜆)-

0.029*sin(3w 𝜆)+0.013*sin(4w 𝜆)+0.002*sin(5w 𝜆) + 0.002*sin(5w𝜆)  (4.12) 

 

where w = 4.957 is a waiting factor. 

 

The passive behaviour of the fibre was modelled as a non-linear elastic material, by 

fitting a second order polynomial to experimental results on soleus fibre (titin 

contribution): 

 

𝜎 = 176340(1 − 𝜆)2 − 24703(1 − 𝜆) + 505.13    .  (4.13) 

 

Both these forces were normalized by the maximal isometric stress (𝜎𝑖𝑠𝑜 = 300 𝑘𝑃𝑎) 

when calculating the equilibrium. 

 

The matlab code provided by Sharafi and Blemker [3] was modified and adapted to this 

study’s constitutive properties. A simulation of a contracting fibre with 95% volume 

fraction was compared against fibre with 80% volume fraction which corresponds to the 

difference between young and old populations as reported in experiments on rats [147]. 

The fibres keep contracting until the equilibrium is reached. The simulation was 

performed at several fibre length/fibre diameter ratios. The endomysium tissue is 
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constrained on the outer surface so that it will undergo shear stress as the fibre 

contracts in both sides. 

 

 

 

4.4.1 Results of single fibre analytical model 

Figure 4.4 shows that the force transmitted (normalized values) as the ratio between 

the fibre length and fibre diameter increases tends to be equal to the maximal isometric 

stress. The plot revealed that for fibre lengths greater than ten times the diameter, the 

force can be fully transmitted through the endomysium, while for the 80 % volume 

fraction it must be for a ratio of 20. These ratios are far lower than physiological values 

that span between 300-4000 [3], and further support the hypothesis of force 

transmission through the endomysium. Figure 4.5 shows the stretch values as the ratio 

increase. This tends to be one (no displacement) as the fibre is very long compared to 

the endomysium thickness. 
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Figure 4.4 Normalized Force transmitted Vs. fibre 

length. The figure shows that from a ratio fibre 

length/fibre diameter of ten the fibre is able to transmit 

the total maximal isometric stress (blue line 95% 

volume fraction, red line 80%). 
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Figure 4.5 Stretch Vs. fibre length.  The figure shows that 

for very long length, the endomysium is relatively very 

thin and therefore the shear is transmitted without a 

stretch (blue line 95% volume fraction, red line 80%). 

 

4.4.2 Discussion 

The main motivation of studying muscle ageing is to find ways of limiting its progression 

or reducing functional consequences.  A review on skeletal muscle passive extensibility 

studies [151] delineated the myogenic (and not neurogenic) mechanism of length 

adaptations (changes) as revealed from studies on immobilized muscles of rats and from 

studies on human calf muscle. Furthermore, the review mentioned animal studies, 

which confirmed exercises could prevent connective tissue accumulation on ageing 

muscles.  In the presented model, the properties of the tissue were chosen from 

literature and are based on experimental data. The single fibre simulation verified that 

the force transmission through the endomysium is possible as confirmed by the 
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mathematical model reported by Sharafi and Blemker [3]. A volume fraction of 80 % was 

chosen to represent the case of reduced volume fraction in aged population, as a 

consequence of increased interstitial connective tissue (thicker basal lamina, deposit of 

collagen fibrils) [147]. The force transmission was possible also for this amount of 

volume fraction, which means that causes of altered force transmission are more likely 

related to the mechanical properties of the tissue than the volume fraction. This might 

challenge current understanding of impaired lateral force transmission due to an 

increased thickness of the connective tissue [152] and indicates the importance of 

modelling to probe conclusions drawn out from experimental studies. 

A possible cause of alterations in muscle mechanical properties is fat infiltration, which 

has been studied in different FE models [153, 154] and a reduced dystrophin expression 

(the proteic complex responsible of lateral force transmission). The FE model of a 

pennated muscle presented by Rahemi et al. [154] showed that fat infiltration can be a 

cause of reduced muscle specific force since it increases the stiffness of the base 

material, hence altering the quality of the tissue. Virgilio et al. [153] model suggested 

that fat infiltration can reduce the macroscopic shear modulus, but this effect was 

minimized when the ECM was stiffer than the fibres. In this case, only the reduced 

volume fraction affected the macromechanical properties. Virgilio et al.  [153] model 

was built at a fascicle level and might suggest that volume fraction changes are relevant 

at a perimysial level rather than at an endomysial level as simulated in the current study. 

This is because perimysial shear strains are greater than endomysial and therefore shear 

stresses are lower. 
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4.5 Conclusion 

From the review of literature at the beginning of the chapter, reporting the fibres and 

the connective tissue tensile properties it is clear that connective tissue is stiffer than 

the fibres. Despite that, the connective tissue collagen fibres are oriented at certain 

angle within respect the muscle fibres. This make the tissue compliant along the fibre, 

and confirms that the force can only be transmitted laterally. This chapter presented a 

new constitutive model that will be used in the following chapter (Chapter 5) to 

investigate the tissue behaviour after age-related alterations of the muscle. An analytical 

model [3] of a fibre was used to verify that the force transmission is possible and for 

which fibre minimum length. A fibre length 20 times greater (1400 µm) than the 

endomysium thickness was found to be enough to fully transmit the force through 

shearing and since it is much lower than physiological ranges, it confirms that the 

endomysium is capable of force transmission. This will be the fibre length chosen for the 

FE model in chapter 5.  
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5  A FEM study of the consequence 

of motor unit fibre clustering in 

aged population 

Normally muscle fibres belonging to the same motor units are randomly distributed 

within a certain region [21]. Clustering of fibres within a motor unit is likely to occur in 

aged muscle, when type II fibres are innervated by slower motor units in a process 

related to collateral axonal sprouting and re-innervation [155]. Whether that region is 

localized in a certain area of the muscle or distributed over the whole muscle raised a 

controversy in the research community [156-158]. However, in this study, the focus is 

only on the fibres distribution and not the motor unit territory, with the model 

presented to investigate the effects on the distribution pattern of stress/strain values of 

the spatial distribution of fibres belonging to the same motor unit. 
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5.1 Mechanical Models of the muscle tissues 

In the previous chapter an overview of the properties of the muscle, tissue and age 

related decline was given. It was identified that the major decline in the strength of aged 

muscles is to be found in the quality of the tissue (e.g. integrity of the connective tissue 

compromised by fat infiltration) rather than quantity (fibres loss). If the muscle is 

considered as a fibre reinforced composite material [8], where the matrix is the 

connective tissue; the problem can be split into an intrinsic and an extrinsic 

degeneration. The intrinsic degeneration refers to the decreased mechanical properties 

of the fibres and the matrix tissue (i.e. Elastic modulus, Shear Modulus)[137, 143, 159-

161]; the extrinsic degeneration refers to the increased proportion of the matrix (fat 

infiltration, decreased fibres diameter)[146] relative to the fibres, the decreased length 

of the fibres and the motor unit’s reinnervation[25, 155]. Muscle models can be useful 

tools to better understand the weight of each feature in determining the muscle 

strength and therefore have the potential to delineate optimal 

approaches/interventions required to limit or recover muscle decline. 

Recent research [2-4, 105, 107, 162, 163] has focused on developing further models that 

can simulate sophisticated behaviours when considering the muscle tissue constitutive 

properties. Blemker et al.,[57] reported a constitutive model that included a component 

directly linked with the muscle’s transverse fibres and along fibres shear modulus. 

Sharafi and Blemker [2]used this model to study the effect of fibres and fascicle 

geometry in the micromechanical constitution. Histological samples were digitized to 

get the fibres and fascicles cross-sectional pattern. Results indicated that the 

microstructure of the muscle (fascicle shape) is likely to be explained by the need to 
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accommodate larger deformation along specific planes due to the macroscopic 

geometry, which is in line with the experimental findings of the role of the perimysium 

[12]. This also explained the higher anisotropy of fascicles compared to fibre geometry 

and results in significant transverse anisotropy in shear. The model showed also that the 

direction with higher shear modulus corresponded to the direction where fascicles are 

more elongated.  

Further implementations of the Blemker et al., [57] model were applied at a microscopic 

level  to study the fibre’s lateral force transmission through the endomysium, which 

confirmed the feasibility of full lateral force transmission at physiological length ranges.  

Further work [3] studied the force transmission of intra-fascicularly terminating muscle 

fibres at a microscopic level. An analytically simplified model (used in chapter 4) of a 

fibre surrounded by its connective tissue was implemented with some assumptions 

(shear strain constant across the thickness of endomysium, fibre rigid in shear, circular 

cross section). This simplified model predicted that both longer fibre resting length and 

higher endomysium shear modulus increased force transmission. Results also suggested 

that force transmission is more effective as fibre length and volume fraction increase, 

which is in line with the thought of age related muscle weakness, since both length and 

volume fraction of the fibres decrease.  

Zhang and Gao’s [162] 2D finite element model of a single myofibre, investigated the 

effect of the tapering end of the fibre and the stiffness of the connective tissue on the 

lateral force transmission. This model included both the tensile and the shear force 

transmission in order to be able to evaluate which one is the dominant component. 

Results indicated that an increased stiffness of the connective tissue improves the force 
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transmission and shear force transmission is dominant and significant only at the end of 

the myofibre in contrast with the role of intrafascicularly terminating fibres described 

by Sharafi and Blemker’s model [3] . Another study of the myofascial force transmission 

through modelling, was carried out by Yucesoy et al. [105]. In this study, a 3D finite 

element model of the muscle considered the fibres and the connective tissue as two 

separated domains (different meshes) linked with an elastic element through which the 

force is transmitted. The case where all the links were highly stiff (control) was 

compared against possible pathological cases where some links were complaint. The 

model gave results consistent with other works [164]. Internal excessive strain values 

were found in the models with compliant links. This resulted in a lower force 

transmission specifically when the muscle extension was above the optimal length. 

Different stiffness within the muscle can also be caused by a regionalized activation 

pattern of the muscle as was reported by Rahemi et al. [60] in a FEM of the lateral 

gastrocnemius. For the same overall muscle activity, a different regionalization of the 

muscle activity resulted in changes in muscle force magnitude, direction and hence 

architectural final configuration. In this case, as well, the connective tissue is of relevant 

importance to transfer the force to inactive regions. All these models were made to 

enable investigations of relative contributions of different muscle components for force 

production, which is not possible to do in experimental studies. From the outcomes, it 

can be confirmed that lateral force transmission is mechanically feasible and that 

features such as connective tissue stiffness, fibre length together with variation in 

activation patterns, have an influence on the overall force transmitted. This is of relative 

importance when considering age related alterations of the fibre geometry.  Aged 

muscle presents with fat infiltration and fibrosis [146] that might alter the volume 
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fraction, altering the quality of the connective tissue surrounding the fibres. The altered 

volume fraction can also be caused by a decrease of type II fibre diameter. This fact was 

studied in the previous chapter and a minimum fibre length that can guarantee full 

lateral force transmission with the constitutive model presented was found. 

Furthermore, the denervation of type II fibres and consequent collateral re-innervation 

by slower motor units might cause a regional packing of fibres belonging to the same 

motor unit. Experimental studies reviewed by Monti et al. [21] indicate that fibre 

distribution within motor unit showed a random distribution in most of the results. The 

size of the territory occupied by a motor unit depends on the muscle and motor unit 

type [21], which is subject specific. Therefore, a possible altered force transmission 

could be caused by a change in the distribution of the activated fibres (belonging to the 

same motor unit). To our knowledge this specific phenomenon has not been 

investigated yet either experimentally or through modelling. The current work will 

therefore use a micromechanical muscle model to investigate the redistribution of the 

fibres belonging to the same motor unit as a consequence of age related denervation of 

type II fibres. The phenomenon that is being investigated is the clustering of fibres 

(belonging to the same motor unit) resulting from the reinnervation of fibres in aged 

muscles. The hypothesis is that a clustered fibre distribution creates greater, 

concentrated stress or strain within a fascicle. 
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5.2 Method 

5.2.1 FE model 

Comsol Multiphysics (version 5.0, Cambridge, UK) finite element solver, which suits 

multiphysics simulations, was used. This is a general-purpose solver, which allows access 

to the constitutive equations and the state variables in order to customize the problem 

set. In these simulations, a bundle of 19 muscle fibres surrounded by the endomysium 

sheet contracts as they are activated. A mesh of hexahedral (fibre) and quadrilateral 

(endomysium) elements with a Lagrange quadratic shape function was used. The 

constitutive properties of the fibres and the connective tissue are those detailed in 

chapter 4. The bundle of 19 fibres (representative of a fascicle) was used to simulate 

different spatial distributions of activated fibres (see Figure 5.1 and Figure 5.2). 

The active fibres represent type I fibres which are distributed randomly across the area 

or due to age related re-innervation, are clumped to cover a region of the fascicle cross 

section. Therefore, two cases of clumped active fibres and two cases of distributed 

active fibres were examined (see Figure 5.1). In addition, the fibre recruitment was set 

to be 21 % and 37 % (4 fibres and 7 fibres activated).  
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Figure 5.1 Eight cases of activation pattern (red color). Top: 21 % 

activation was simulated with four conditions: two clumped 

activated fibres conditions and two randomly distributed activation 

pattern. Bottom: the same fibre distribution categories but for an 

activation of 37 %. 

Figure 5.2  shows the mesh of the model and the specifics are reported in   

 Table 5-1. These are the same as the model used for the validation of the FE 

properties in chapter 4 (the grow rate is one point higher).  
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Figure 5.2 Mesh of the bundle of fibres 
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   Table 5-1 Mesh specifics of the bundle of fibres 

 

 

 

 

 

 

 

 

5.2.2 Convergence study 

A mesh study was performed to verify the accuracy of the solution. To reduce the 

computational cost only a bundle of seven fibres was simulated using a symmetrical 

boundary condition (see Figure 5.3 ). The symmetry condition was applied only on the 

mesh study and not on the bundle of 19 fibres used in the case study. 

 

Maximum element size 

200 × thickness (aspect ratio 

50) 

Minimum element size 

0.9092 µm(endomysium 

thickness[131]) 

Maximum element grow 

rate 2 

Curvature factor 0.3 

Resolution of narrow 

region  0.1 
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Figure 5.3 Mesh (left) and domain (right) of the model for the mesh study.  A bundle 

of seven fibres was simulated applying a symmetry condition to reduce the 

computational cost. The model has two material properties: one representing the 

musculo-tendon unit and one representing the section of bundle of fibres. 

 

The bundle included the extended tissue representing the muscle tendon unit, and the 

fibre bundle. No axial displacement was set at the extremities of the whole bundle, while 

a fixed constraint was applied on the boundaries surrounding the bundle. The fibre in 

the center was activated and four probes were located in the middle of the bundle (see 

Figure 5.4). 
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Figure 5.4  Simulated bundle of fibres.  (Right) the fibre in the centre of the bundle was 

activated (red domain). (Left) four probes in the middle of the bundle recorded the 

Cauchy axial stress values at different mesh refinement.  
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The bundle of fibres in the simulation represents a small section in the middle of the 

fascicle (to exclude the tapering of the fibres end). Therefore, an extending domain was 

added to include the stiffness contribution of the continuing tissues (muscle tendon 

unit). In addition, the fascicle was enveloped by a domain representing the surrounding 

muscle tissue (see Figure 5.5). 

 

 

Figure 5.5 Fascicle surrounded by the muscle tissue. An extension of 

the fibre was added to represent the musculo-tendon complex. 
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The constitutive properties and the FE formulation are described in chapter 4.2. The 

muscle tissue passive behaviour (titin contribution) was modelled (see equation 5.1) as 

a non-linear elastic material, by fitting a second order polynomial (equation 5.1) to 

experimental results on soleus fibres (titin contribution) [136].  

 

σ = 176340ε2 − 24703ε + 505.13     .              (5.1) 

In this case the stress-strain relationship defines the axial behaviour of the fibre which 

was added as a Second Piola Kirchhoff stress in the base material stress formulation.  

The surrounding tissue represents the overall muscle and connective tissue and an 

Ogden hyperelastic  model  (see equation 5.2) was used to model it [165]: 

 

𝑊(𝜆1, 𝜆2, 𝜆3) = ∑
𝜇𝑝

𝛼𝑝
(𝜆1

𝛼𝑝 + 𝜆2

𝛼𝑝 + 𝜆3

𝛼𝑝 − 3)𝑁
𝑝=1    .              (5.2) 

 

This strain energy is a function of the principal stretches. The parameters were fitted 

using in vivo experimental compressive tests data (𝜇𝑝 = 15.6 𝑘𝑃𝑎 , 𝛼𝑝= 21.4) of the 

tibialis anterior of rats [165]. This model was chosen because as the fibres contract, it 

compresses the surrounding tissue. The extension of the fascicle tissue represents the 

muscle-tendon unit, modelled as a linear elastic material. Stiffness values were based 

on data results of the Achilles tendon of young and middle aged rats ( 1.390 ± 0.138 and 

1.984 ± 0.146 N/mm respectively) reported by Plate [159]. The rats were 8 months 

(young) and 24 months (middle) old; which correspond to 18 and 52 human years 
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assuming that 13.7 rat days is equivalent to 1 human year. Two Young’s Moduli were 

derived from these stiffness values from the linear elastic theory: 

𝐸 = 𝑌𝑜𝑢𝑛𝑔′𝑠 𝑀𝑜𝑑𝑢𝑙𝑢𝑠 =  
𝐾𝐿

𝐴
       ,         (5.3) 

where 𝐾 is the stiffness, 𝐿 is the length of the tissue considered (half of the fibre length) 

and 𝐴  is the total area. 
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5.2.3  Boundary conditions 

The model is simulating an isometric contraction; therefore, the fascicle is constrained 

to no axial displacement at the extremities. The outer layer of the surrounding muscle 

tissue domain is fixed to represent the inertia of the whole muscle (See Figure 5.6). 

 

 

Figure 5.6 Illustration of the boundary conditions. The fibre and 

the extension are constrained at the extremities (no axial 

displacement), but can expand in the z and y directions. The 

surrounding tissue is completely fixed at the outer layer. 
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5.3 Results 

5.3.1 Convergence Study 

The probes recorded the axial stress and four levels of mesh refinement (from 2716 to 

9312 elements) were simulated. The results reported in Figure 5.7 show that the model 

has converged and that a mesh with this design could be used to model the muscle

 

Figure 5.7 Mesh refinement study for a seven fibres bundle. The axial stress is 

reported for each of the four probes at different mesh refinement. All the results 

converged. 
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5.3.2 Bundle of fibre 

The results for the bundle of 19 fibres showed no differences in the total force 

transmitted to the passive fibres with different activation patterns (see Figure 5.8).  

 

Figure 5.8 Passive fibres force (20% activation). There is no difference 

in the force transmitted to the passive fibres (grey fibres) between 

activation cases and between age population. 

In the case of 37 % of activation the results are still equivalent, although the total force 

recorded is lower as there are fewer passive fibres (see Figure 5.9). 
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Figure 5.9 Passive fibres force (40% activation). There is no significant 

difference of the force transmitted to the passive fibres (grey fibres) 

between activation cases and between age populations.  

 

Considering one activation pattern (distribution 1 of 20 %, see Figure 5.1 Eight cases of 

activation pattern (red color).) case, two more simulations were performed with a 

compliant extended tissue (E = 5 kPa) and a stiffer (E = 30 MPa) extended tissue. This to 

verify whether changes occur with more radical properties. These simulations did not 

show a significant difference, in line with the previous results (see Figure 5.10). 
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Figure 5.10 Passive fibre forces with a range of tissue stiffnesses 

simulated. There is no difference in the passive force transmitted to the 

fibres between stiffness cases of the extended tissue. A compliant 

stiffness (5 KPa), a young (8 months rat) and middle age (24 months rat) 

stiffness taken from literature and a stiffer case (30 MPa) were 

considered.  

A  cross section in the middle of the fibre was considered to explore the distribution of 

the strain and the stresses (see Figure 5.11 and Figure 5.12). No significant differences 

were found between the young and the middle age cases. In Figure 5.11, the axial stress 

is represented, normalized by the maximal isometric stress (101800 Pa). Hence the 

active fibres have a value of one while the surrounding fibres reach a value of almost 2 

%  (    ̴2000 Pa) due to the force transmission. The strain seems to be greater (see Figure 

5.12) toward the middle of the fascicle away from the interface with the surrounding 

tissue which is stiffer and has a bigger dimension.  Similar results were found for a 40 % 
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activation (see Figure 5.13 and Figure 5.14 ),  with higher value of strain due to the fact 

that more fibres are activated. 

 

Figure 5.11 Cross Section (Stress).  A cross section in the middle of the bundle of fibres 

reveals the activation pattern (in the colour bar, red= maximum stress). 
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Figure 5.12 Cross Section (strain). The strain tends to be higher toward the 

centre of the bundle, specifically for the second clumped activation (top 

right). These differences are very small due to the isometric nature of the 

simulated contraction. 
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Figure 5.13 Cross Section (Stress). Activation stress pattern when 40 % activation, 

the stress values are normalized by the maximal isometric stress. 
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Figure 5.14 Cross Section (Strain). The strain tends to be higher in the middle of the 

bundle, away from the stiffer surrounding tissue the same as the 20% activation 

pattern.  
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5.4 Discussion 

The fibre packing is the clustering of fibres belonging to the same motor unit. This is not 

a normal physiological condition as fibres belonging to the same motor unit are 

randomly distributed across the muscle or across a region of the muscle[157]. This fibre 

packing/clustering occurs in aged muscle [25, 35] and is the consequence of what is 

called axonal sprouting where slower motor units recruit denervated fibres from faster 

motor units[166]. The consequence of this remodelling (change in the fibre number per 

motor unit and number of motor units) is a decrease of the total muscle force [25, 155]. 

There are not many sources in the literature, which specifically discuss the consequence 

of the altered distribution of the muscle activation due to aging. A new method to 

quantify the age-related packing or clustering  was implemented only recently by 

Greising et al. [167]. The focus is more on the phenomenon of slower motor units 

recruiting fibres of faster (type II) motor units [25] and not on the morphological 

consequences of it, which is the fibre packing.   

 There are not muscle models that address this either and that is the reason that 

motivated this investigation. The results showed no significant differences in 

transmitting the force when the activation pattern is changed, but the strain pattern 

showed in Figure 5.12 and Figure 5.14 revealed that in the fascicle the strain is higher in 

regions far from the interface with the surrounding tissue. And when the active fibres 

are activated and packed close to the interface, higher strains are observed on the  

opposite side (see Figure 5.12 first clumped activation and Figure 5.14 second clumped 

activation). The potential effect of this is an unbalanced distribution of the stress, which 

could cause damage of the fascicle during dynamic and/or high loading conditions. In 
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the performed simulation, the strains were small since only an isometric contraction was 

considered and the stress transmitted to the passive fibres was only 2 % of the maximal 

isometric stress. Therefore, an implication of the outcome of this work is that the motor 

units remodelling associated with aging, does not decrease the force capacity only, but 

could lead also to unbalanced strains and a damage of the tissue at high strain levels and 

dynamic conditions.  

When changing the stiffness of the extended tissue, no significant changes occurred to 

the force transmitted (see Figure 5.10), indicating that strains are unaltered within the 

muscle tissue. A possible alteration can occur at the muscular-tendon junction as 

suggested by Sharafi et al. [4]. The model showed that peak strains occur when the 

endomysium is more compliant, and that this peak strains are located near the 

muscular-tendon junction. 

This model was built using constitutive properties taken from literature. The bundle of 

fibres model represents only a portion of the total fascicle length, and that motivated 

the addition of a domain as an extension to the tendon. Considering only a portion is a 

limitation in term of representing the whole fibre, but gives the advantage of a less 

computational cost plus the exclusion of the tapering of the fibre, which was not meant 

to be part of the study. Each material property was taken from a different source and 

ideally, a study, which is carried out along with experimental micromechanical tests 

would be ideal. Future studies will take into consideration the portion of fibres at the 

muscular-tendon junction. In this case, the tapering of the fibres should be taken into 

consideration. This model can also represent a bundle of fascicle (bigger scale) and the 

consequence of different volume fraction studied in chapter 4, must be revisited since 
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bigger dimensions are involved. Indeed fascicle seems to play a different role from the 

endomysium [11], allowing higher strain to accommodate the shape changes of the 

muscle. 

 

5.5 Conclusion 

The clustering of fibres of the same motor units is one of the consequences of motor 

unit loss and reinnervation. In this study, isometric contractions of a bundle of fibres 

were simulated at different activations patterns. Two patterns described the normal 

physiological condition (random distribution), and the other two described the 

condition of fibres clustering. Results did not reveal significant quantitative changes, but 

the strain pattern might suggest an uneven redistribution of the force within the fascicle 

that can cause damage for higher level of strains.  
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6 . Thesis Discussion 
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6.1 Overview 

In this thesis two factors that contribute to features of skeletal muscle mechanics were 

considered: i) the activation signal that triggers muscle contraction and ii) the connective 

tissue, which contributes different roles at different dimensional scale levels. The 

activation signal can be analysed through sEMG, but research need to be done to be 

able to properly interpret these measurements. The role of the connective tissue is 

another research area, which is becoming important due to the discovery of its 

functional role in force transmission.  In the literature review (chapter 2), It has been 

shown how FE models can answer some of the research questions in these areas. New 

FE models that used a different approach were proposed and discussed in chapter 3 and 

chapter 4,5. In this chapter, the contribution to the knowledge and the conclusion will 

be discussed. Furthermore, future perspective will be presented. 

 

6.2 sEMG Electrode Design Study 

Skeletal muscle activation can be monitored through sEMG or iEMG. These 

measurements are affected by noise or other signal sources and by the complex muscle 

structure and the dielectric property that alters the input signal detected. For instance, 

the pennation will lead the signal to travel away from and toward the detecting 

electrodes, a consequence of which is an alteration of the signal, which should not be 

accredited to a different motor unit’s activity or tissue properties. Therefore, methods 

that optimize and increase the selectivity and accuracy of these measurements are 

needed. The findings presented here can be useful to work focused on updating current 

guidelines [92] on electrodes configuration for sEMG recording. This has been a topic 
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brought to the attention in the ISEK (International Society of Electrophysiology and 

Kinesiology) Conference in 2014, which dedicated a specific session: “Is it time to update 

recommended sEMG?”. The reason the guidelines were drawn out was not only to 

promote good practice, but also to guarantee common recognized standards that help 

evaluation of the validity of research outcomes. Further guidelines can be added to take 

into account the muscle sizes (fibre length, muscle CSA, skin and fat tissues thickness, 

etc.), the three dimensional pennation and the interpretation of the EMG during 

dynamic contractions. Muscle FE models can provide a very useful tool to explore 

different scenarios that can lead to new guiding principles for different muscles. Several 

models have previously been implemented to describe the muscle tissue volume 

conductor properties. From analytical models [66-68] to more advanced FE models [5, 

6, 76]. Mesin et al. [71] FE model considered the curvature of the fibres while 

contracting. The implications of dynamic contractions are changes of the conductivity 

properties of the tissue, the relative distance between the electrode and the source and 

the relative position of the tendons (the end-effect of action potential becomes more 

relevant). The consequences of these are changes in the amplitude and frequency 

content. For instance, the model showed that the average rectified value can be reduced 

of one third when the fibre shorten to 50% and this effect is less pronounced for 

superficial fibre since their relative position respect to the electrodes does not change 

significantly. The shortening muscle also affects the detection systems differently. 

Monopolar measurements are less affected than bipolar because of a higher 

contribution of the non-propagating component (standing wave at the interface 

between muscle and tendon). A limitation of this model was the lack of the skin and fat 

layer, which are essential to represent properly the filtering properties of the muscle as 
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discussed in chapter 2. Lowery et al.[6] cylindrical model showed that the presence of 

the fat and skin layer increase the potential amplitude while the rate of decay with 

angular displacement  of the detecting electrodes from the source signal decreases. 

Lowery et al.[6] investigated also the consequence of the presence of the bone. It was 

shown that the potential on top of the bone increases when the source is close above 

the bone (decreases on the opposite side) and when bone is close to the surface. The 

presence of the bone did not bring significant variations when located in the middle of 

the muscle and far from the source signal. Later on Lowery et al [5] proposed a detailed 

anatomical based FE model and compared it with a cylindrical layered symmetric model. 

The anatomical model included the fat and skin layers, the bone and vessels. 

Furthermore, the model presented an asymmetry geometry. All these factors 

contributed significantly to change the shape of the single action potential detected, but 

for general feature of the EMG such as the rate of decay and firing rates, the cylindrical 

model was revealed enough representative.  

The main limitation of these FE models is the fact that they are phenomenological and 

no direct comparison with experimental data is possible since the source signal is also 

simulated. A mutli-scale chemo-electrical mechanical FE structural model was recently 

implemented by Mordhorst et al. [168]. This model incorporated an electrical model to 

an improved version of the physiologically based mechanical model proposed by Rohrle 

et al.[106]. The bidomain continuum model (defined in all the space), typically used to 

describe the heart electrophysiology, was used to link the intracellular and extracellular 

potential. This model opened perspective in study physiological aspects of the muscle, 

such as the muscle fatigue reflected into the electrical activity. Despite this, it is very 
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complex and it would not be suitable for the phenomenological aspects described so 

far. The main reason being the fact that it is not possible to estimate the number of 

fibres unless the muscle is dissected and analysed in vitro. In addition, the motor units’ 

distribution is unknown and cannot be accurately estimated. The proposed model tried 

to overcome this issue by using experimental data as source signal. This implies some 

assumptions as well that will be discussed. 

 

 

6.2.1 Contribution to existing knowledge 

 Previous FE models were able to clarify the effect of some muscle characteristics on the 

detected surface EMG. These models used a phenomenological approach that simulate 

the current/potential source of a single action potentials or group of single action 

potentials distributed in the muscle. The main limitation of this models, is that fact that 

they cannot replicate the experimental source condition, since it is not possible to know 

some features such as the number of fibres and motor units distribution. 

In the work presented within this thesis (Chapter 3), a new approach is used. An 

experimental iEMG is used as source signal and represents the total sum of the action 

potentials from different MUs. The models study the effect of different electrode 

configurations on the time-frequency properties of the sEMG signal, whilst also 

considering the implications of a pennate architecture. To my knowledge, these factors 

have not previously been deeply investigated using the more representative FE 
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modelling approach, although the surface potential solution of an analytical model of a 

bipennate architecture was given by Mesin and Farina [125].  

The novelty of the work presented in this thesis is to consider the source signal as the 

overall MUAPs acting at a certain depth in the muscle, hence use experimentally 

recorded myoelectric signals. This allows a direct way of evaluating the results with 

experimental sEMG (given a realistic anatomical model). In addition, the time-frequency 

analysis applied gives insight into the filtering properties of the tissues and can be used 

to estimate a correction or weighting factor in muscle models where slower and faster 

motor unit activities are considered independently [20]. Specifically, the study reported 

in chapter 3 revealed a strong low pass filtering of the signal when pennation is high. 

The higher frequency signal components were more affected, which indicates that 

interpretation of motor unit recruitment may be influenced by pennation angle.  

Limitations in the acquisition of the source signal used in the presented work did not 

allow a direct validation of these data, as the fine-wire electrodes and amplifier used 

had a bipolar-configuration which detected only a limited amount of fibre activity in the 

pick-up volume range, so no comparison is presented with the surface signal. 

Furthermore, the experiment involved low level isometric contractions to reduce the 

number of motor units involved so that the iEMG could be more representative. The 

capacitive effect of the tissue were not included in this work. Lowery et al. [5] model 

showed that capacitive effects induce a temporal low pass filtering (phase shift) of the 

measured potential, and a decreased amplitude of the end-fibre effect component. In 

the presented model, there is one source signal representing the sum of the MUAPs. 

Therefore the whole signal will be delayed and the consequences are not as relevant as 
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with multiple sources being filtered in different way and time. Despite this, a further 

investigation is needed to clarify the capacitive effects. This model presented also a 

planar geometry, which allowed the control of the pennation and the travelling source. 

Despite this, it is necessary to include the curvature and eventually the bone to be able 

to compare the results with experimental data. This approach can be of direct use for 

developing electrodes systems with the best configuration and design for a given muscle 

or activity to be studied. An early example of application was presented in chapter 3 

along with the formulation. 

 

6.2.2 Future perspective 

The electrical model presented within this thesis should be considered to be an early 

work, aimed at laying the foundations for future development of more anatomically 

realistic FE models where the source signal is based on experimental data. Therefore 

future development of the presented work should include: 

 The fibres curvature and the bone in the model: 

The curvature of the fibres can change the action potential shape and hence the spectral 

content of the signal [71, 169, 170].  In addition, the curvature and inhomogeneity of 

the whole muscle tissue is also an influencing factor [6]. The model proposed by Lowery 

et al.  [6] had also showed how the bone can increase the amplitude of the sEMG if it is 

close to the skin, while the effect is negligible if it is located deeper. Mesin et al. [71] 

introduced a conductivity tensor to take into account the curvature of the fibres, 

demonstrating that this feature changed the detected potential spectral content when 
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the muscle is shortening. Therefore, an improvement to the model presented within this 

thesis would be to extend it to include the curvature of the tissue and the bone, which 

in turn would require the source signal to run also on a curved surface. 

 Incorporation of monopolar signal acquisition to improve the representativeness of 

the source signal: 

As monopolar acquisitions have wider pick up volume [68] they can give a source signal 

that is more representative of the motor units action potentials of the whole muscle. A 

further study comparing monopolar iEMG at different depths can further confirm the 

validity of using one source signal in the model for lower values of isometric activation. 

 Validation and applications of the model: 

To validate the model reported here, the geometry should first include features that are 

proven to consistently influence the potential detected on the surface (e.g. curvature, 

bone and source signal, as described above). Once the model is improved, it can be 

adjusted to fit the anatomical dimension of the muscle(s) of interest. A comparison then 

will be possible between the experimental surface potential and the simulated surface 

potentials. Another validation involves the comparison of the model results with sEMG 

of pennated muscles where the pennation geometry is known. Based on Darby et al. 

[171] work (see Figure 6.1), it is possible to track the fascicle curvature of muscle fascicles 

through B-mode ultrasound image sequences. The gastrocnemius has short fibres 

compared to other propulsive muscles of the lower limb; hence, it is suitable for 

ultrasound imaging where the scanning transducers are small and can detect only a 

limited portion of the muscle tissue at a time. A novel technique allows a simultaneous 

detection of ultrasound images and sEMG [129]. This can help to set the model 
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geometrical parameters and compare the sEMG recorded with the sEMG simulated, or 

confirm the filtering behaviour. 

 

 

 

Figure 6.1 Fascicle tracking technique from ultrasound imaging (adapted 

from [171] ) of the gastrocnemius. It is possible to see how the algorithm 

detect the deep and superficial aponeurosis (yellow markers) and 

estimate/track the fascicle orientation (blue line) as the fascicle is 

contracting. 

 

6.3 Micromechanical Model of Skeletal Muscle 
 

The connective tissue in skeletal muscle is composed of layers of collagen fibres in an 

amorphous matrix. The type of collagen fibres and their organisation changes according 

to the dimensional scale. This is because the connective tissue assumes different roles 

in different scales [131]. The endomysium surrounds the myofibers and its role is to 

transmit the force laterally, the perimysium has more collagen layers and its role is to 
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accommodate shape changes and transmit the force to the tendon aponeurosis. The 

epimysium contains the muscle and also contributes to the force transmission [130]. 

Purslow  [13] showed how the perimysium allows fascicle translation whereas the 

endomysium transmits the force laterally and drags the passive fibres as the active ones 

are contracted.  

Age related alterations of the muscle tissue, such as those related to sarcopenia, 

presents serious personal, societal and economic challenges related to the increasingly 

ageing demographic. These challenges are largely related to reduced capabilities to live 

independently and increased risk of injuries related to falls, which occur due to muscle 

weakness that compromises the normal muscle function, co-ordination and hence 

completion of motor tasks. The higher injury risks are exacerbated by co-factors such as 

bone frailty (osteoporosis) [172]. Clinical conditions such as sarcopenia reflect 

alterations in skeletal muscle properties. The stiffness  and content of the connective 

tissue can increase [143, 160] and motor unit remodelling can lead to clustering of active 

fibres [167]. Investigation of the specific functional consequences of these changes to 

the material properties of the muscles is required to lead to a better understanding of 

how to improve the quality of life of people affected by sarcopenia. Modelling is a 

method to explore these consequences and overcome the limits of experimental study, 

specifically when carrying out invasive experiments on human subjects.  

The FE method upgrades and extends the capabilities of lumped parameters muscle 

models. The advantages of FE models mainly relate to the possibility to extend the 

physical problem to complex “non-ideal” geometries, whereas analytical problems often 

require an idealization of the architecture such as infinite layers or symmetric and 
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simpler geometries. Currently, mathematical models are being developed to enable 

investigation of how this force is transmitted and which mechanical or geometrical (such 

as fibres length) properties can permit such transmission [3, 143]. Blemker et al. [57] FE 

model, introduced a new formulation that can be used for macro and micro studies, and 

where the longitudinal/transverse to fibres shear properties were incorporated in the 

constitutive model. These characteristics made the model suitable for studying the 

interaction between the fibres and the endomysium. Sharafi and Blemker [3] 

mathematical model verified how lateral force transmission through endomysium is 

possible at physiological ranges even with a low shear modulus due to the very thin 

endomysium layer (while the fibre is much longer). Another Sharafi et al. [4] model 

suggested that higher likelihood of injuries during muscle active lengthening, could be 

because of higher strain at the myotendinuos junction and that the endomysium play 

an important role in reducing these strains. In this thesis, the focus is to build a 

micromechanical model that can be used to study age related alterations of the muscle 

tissue. The mechanical study in chapter 5 investigated the micromechanical properties 

of the muscle tissue when affected by tissue stiffness and spatial organisation of 

activated fibres, which reflect changes reported to occur with age related degeneration. 

 

6.3.1 Contribution to the knowledge 

The FE model implemented in this thesis (bundle of fibres, Chapter 5) offer tools that 

can be used to investigate the functional implications of altered properties of the muscle 

tissue at a microscopic level. The functional effects of clustering of fibres belonging to 

the same motor units, to my knowledge had not been investigated in detail before, but 
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is known to be a consequence of age-related motor unit remodelling [167]. Results in 

the presented study showed that at the microscopic level there is a very small variability 

of the stress in the passive fibres due to the nature of the simulation applied (small 

bundle, isometric contractions), however high stress concentrations might occur if 

larger, deformations were considered. From the results presented, it can be inferred 

that higher strains occur toward the middle of the fascicle. These higher strains can lead 

to an injury of the fascicle in a similar way described by Sharafi et al. [4]  when 

considering higher strain at the myotendinous junction. This model present the 

limitation of considering low level of activation contractions  and higher stress/strain 

can occur during muscle dynamic. The possible variability of the fibre geometry was not 

considered, but it was showed that the myofibers are more uniform and tend to have a 

rounded shape [2], therefore an homogeneous structure is a good approximation of the 

fibre bundle. 

 

6.3.2 Future Perspectives 

This study is part of a bigger project that aims to combine computer simulations with 

experimental studies, because this approach can provide a better understanding of the 

functional role of each determinants of the muscle force (activation, connective tissue, 

geometry, etc..). For this reason, future work will include validation of the model with 

experimental studies and the creation of new homogenous constitutive properties 

based on experimental tests.  One component of future work it is  hoping to achieve is 

to test mice myofibers in vitro to evaluate the force exerted, the fibre type and the shear 

interaction with the connective tissue. This work is required, as the literature review 
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revealed that one of the main gaps in the literature is the availability of experimental 

values of muscle properties, which are required to develop FE models such as the ones 

presented. Collecting such experimental data is technically challenging, and it may not 

be possible to gain data from individual fibres within a small bundle as currently no 

technique exists to activate only one or a few fibres within a bundle as the whole bundle 

is stimulated altogether. In addition, due to the chemical process involved in fibre 

typing, the type of fibres can be estimated only after the mechanical test which means 

that a selection of the fibre type to test cannot be made prior to the mechanical test.  In 

addition to these ideas the presented work also lays the foundations for further studies 

of the functional significance of changes in skeletal muscle properties which may occur 

as a result of ageing, injury, pathology or therapeutic interventions.   

 

Suggestions for such studies include: 

 Studying the effects of changes in material properties associated with ageing:  

From mechanical tests, it is possible to acquire the fibre behaviour (stress-strain 

relationship. These data can be used to be fitted to hyperelastic mechanical models. 

Equipment to perform mechanical tests on single or bundle of fibres, are available in the 

. Dissected muscle sample from old mice and rats, can be available and therefore 

constitutive models of young and aged muscle can be obtained. 

 Extension of the proposed model to a macroscopic level  

Changes in muscle functional capabilities may be significantly affected by factors such 

fat infiltration  and fibrosis [154], which occur in relation to ageing, myopathies (e.g. 
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Musclular dystrophy), neuropathies (e.g. Motor Neurone Disease) and other diseases 

(e.g. diabetes).  It is therefore proposed that the model presented here could be 

extended to a macroscopic level to verify whether decreased volume fraction due to fat 

infiltration has a bigger impact at a fascicle/muscle level than it has at endomysium level. 

Within such work, at a fascicle level the formulation can be the same, while when 

considering the whole muscle, the model should be able to track also the fibres direction 

during the contraction. A typical formulation that can satisfy that criteria is a strain 

energy function which depends on the invariants defined by Weiss et al  (as in Rahemi 

et al., [60] Rohrle et al.[168]) and eventually the invariants defined by Criscione et al. 

[101] to include the shear properties as was successfully implemented by Blemker et al. 

[57].  In this way, the work presented can be used to provide a multi-resolution 

assessment of the skeletal muscle properties which can aid understanding of basic 

principles related to form and function and contribute to better clinical understanding 

of disabilities related to diseases of the musculoskeletal system. 

 

6.4 FE model limitations 

Both the electrical and micromechanical models could be further improved and by more 

rigorous validation with experimental studies. The general limitations are the numerical 

instability meaning that the FE simulation does not always converge; the complexity of 

anatomically based geometry (very challenging in the mechanical simulations) and the 

acquisition of experimental data. In this thesis, assumptions were made to overcome 

these problems, such as using a planar surface for the electrical model or considering a 

small portion of the fibres bundle. But future implementation will consider these 
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features. For the simulation, an intel core i7 machine with 3.40 GHz CPU clock speed and 

16 MB of RAM was used. This machine allowed simulation times that range between 50 

minutes (electrical model) to 120 minutes (mechanical models).  A direct linear system 

solver was chosen. An iterative solver would have decreased the simulation time by 

reducing the memory and computational cost. The issue with the iterative solvers is that 

it does not guarantee always a convergence. 
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7  Thesis Conclusion 
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7.1 Conclusion 

This thesis has focused on developing and evaluating the capabilities of FE muscle 

models, with respect to understanding skeletal muscle form and function. It lays the 

foundation for future work by developing two new FE models that can be used for an 

electrode design/experimental protocol and investigation of factors, which influence 

muscle force production.  Two types of studies were presented. The first study is a 

design study that can be used either for designing new EMG electrodes with the best 

configuration according to the muscle properties (mainly architecture) and may be 

valuable in the development of new guidelines for the use of bipolar EMG electrodes, 

revising the current internationally recognized SENIAM guidelines [92]. The second 

study is a micromechanical model of the muscle, which can explore some of the 

functional consequences of age related alterations of the muscle properties. The main 

findings from this work are that experimental EMG studies may not have yet optimised 

the experimental, hardware design to enable collection of the most insightful 

myoelectric data. For example, for pennation angle greater than 20 ,ͦ more than 50% of 

the source signal was attenuated, which can be compensated by increasing the IED to 

25 mm.  In terms of the micromechanical properties of skeletal muscle, connective 

tissue is clearly important for force transmission.  While no significant differences in 

strain were identified in the conditions simulated, changes in the strain patterns might 

suggest an uneven redistribution of the force within the fascicle that could cause 

damage at higher levels of force production or dynamic contractions.  Both the models 

could be further improved and by more rigorous validation with experimental studies. 

The general limitations are the numerical instability meaning that the FE simulation does 

not always converge; the complexity of anatomically based geometry (very challenging 
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in the mechanical simulations) and the acquisition of experimental data. In this thesis 

assumptions were made to overcome these problems, such as using a planar surface for 

the electrical model or considering a small portion of the fibres bundle. Taken together 

however, the work represents a new approach to link experimental results with 

computer simulations that explore the functional significance of the muscle force 

determinants. The final aim is to be able to understand the impact of these determinants 

on aged muscle deterioration. Future work should aim to extend the models presented 

here to enable multi-resolution evaluation of skeletal muscle properties and fuller 

understanding of the consequences of electrode design on recorded experimental data. 
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Appendix A 

 

Cross Bridge Theory 

Sarcomeres and cross-bridge binding [173] 

The smallest unit of skeletal muscle is the sarcomere, which is the contractile element 

of a muscle (see Figure A.1). The sarcomere is a compartment bordered by a protein 

indicated as a Z-line and where thin filaments are alternated with thick filaments along 

the fibre direction. The thick filament is a group (~180) of myosin proteins with tails 

pointing at the centre of the sarcomere and an outward head pointing in the opposite 

direction. The thin filament is a helical double woven actin filament, stiffened by the 

protein tropomyosin, with troponin proteins complexes attached along the actin 

filament.  
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Figure A.0.1  A sarcomere unit scheme. The actin (thin) filaments are located between 

the myosin (thick) filaments and bonded to them through the troponin complexes. 

The sarcomere unit is bordered by a proteic structure called Z-line. Note that the 

myosin are connected to the Z-line through the titin proteins which act like springs 

and balance the tension in the sarcomere so that it is equal on both sides. 

When an action potential spreads along the fibres, Ca2+ ions are released from the 

sarcoplasmic reticulum into the sarcomere. The calcium attaches to troponin C and the 

Troponin complex changes structure in order to make available an active binding site on 

the actin filament and thus allowing the myosin head attachment to form the so called 

Cross-Bridge (see Figure A.0.1). The hydrolization of ATP bound to the myosin head, 

liberates the energy necessary to move the head and so the actin filament toward the 

centre of the sarcomere. During a contraction, the interaction between actin and myosin 

is cyclic, requiring a continuous ATP supply with the amount of Ca2+ released in part 
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determining the number of cross-bridges formed. In addition the myosin is attached to 

the Z-line through a protein called titin, which is believed to act as a spring and maintain 

the equilibrium between the two halves of the sarcomere contractions [174].  

 

Huxley’s Cross Bridge Model 

A structural model that describes the cross-bridge force production is the Huxley’s Cross 

Bridge Model [41]. In this model, the myosin and the actin are considered as rigid 

filaments that can slide over each other. The constitutive equation is the Huxley-Zahalak 

equation: 

 

𝜕𝑛

𝜕𝑡
+

𝜕𝑛

𝜕𝑥
 𝑣 = (

1

𝑙𝑎
− 𝑛) 𝑓(𝑥) − 𝑛𝑔(𝑥)         (A.1) 

 

This equation describes the rate of proportion of attached n(x, t) sites along the 

direction x, based on the distribution functions f(x) the probability of attachment and 

g(x) the probability of broken connection. la is the distance between two consecutive 

actin attachment sites. Knowing the force exerted from a single site, makes it possible 

to obtain a Force-Velocity relationship at a macroscopic level of a muscle section: 

 

𝐹(𝑡) =  
𝑚𝐴𝑠

2
∫ 𝑘𝑥𝑛(𝑥, 𝑡) 𝑑𝑥

+∞

−∞
        (A.2) 
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Where m is the number of sites per volume, s the average sarcomere length, A the cross 

sectional area, k is the elastic constant and n(x, t) will act as a weighting function. 

Integrating this equation provides an estimate of the total force: 

 

𝐹 =  
𝑚𝐴𝑠𝑘𝛼

2(𝛼+𝛽)𝑙𝑎
[

1

2
ℎ2 + (1 − 𝑒(

(𝛼+𝛽)

2𝑣
)ℎ2

) (
𝑣

𝛼+𝛽
− (

𝑣

𝑔𝑜
)

2

)]   (A.3) 

 

Where, h is the initial x point, and  α, β , are two parameters belonging to the solution 

of the first order differential equation of Huxley-Zahalak equation. The constitutive 

parameters are directly obtainable from the underlying chemical reactions occurring 

during attachment. . The cross-bridge model can explain the discontinuous stress-

stretch behaviour on a micro scale (see), of the single sarcomere as proved by [175] in 

its their experiments on isolated fibres of frog muscle, where the force depends on the 

proportion of overlapping cross-bridges . This function becomes a continuous smoothed 

bell shaped function at a macroscopic level, defining the force-fibre length relationship 

(see section 1.3). 
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Figure A.0.2 force-sarcomere overlapping curve. The tension generated 

between the myofilaments is related with to the proportion of 

overlapping cross-bridges (striation spacing on the x-axis) as it was 

proved in Gordon et al., 1966 experiment on a frog muscle. This 

experiment validated the cross-bridge model at a microscopic level. 
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Appendix B 

 

Continuum Mechanics 

In continuum mechanics, a material body B can be considered as a set of material points 

(particles) which can be put with a one-to-one correspondence within the points of a 

regular region R of physical space [176]. The changes of the body physical and kinematic 

properties can be expressed in terms of a reference (initial, X) configuration according 

to the Lagrangian description. Thus, changes to the spatial coordinate can be written as: 

 

x = χ(X, t)         (B.1) 

 

Deformation 

 

Where x is the current configuration and X is the reference configuration. χ is a mapping 

function that relates the current configuration to the reference one. Assuming non-

dependence on time and a smooth mapping function, the distance between two points 

in the current configuration (see Figure B. 0.1) is given by: 

 

dxi =  
∂χi

∂XA
dXA     ,   (B.2) 
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∂χi

∂XA
 is the deformation gradient referred as FiA (invertible due to smoothness condition 

of χ).  

 

 

Figure B. 0.1 Deformation of a material body 

 

In the figure the displacement vector (u) and the distance between particles dX 

(reference configuration), dx(current configuration) are showed. 

Moreover, the deformation can be expressed in different ways. When it is considered 

as the change of the squared magnitude of the distance between the particles (see 

Figure B. 0.1), the Cauchy Green’s right deformation tensor C is obtained:  

 

C = FT ∙ F       .    (B.3) 

 

The Green’s deformation tensor is a symmetric second order tensor. Thus it follows the 

same mathematical consideration as the Cauchy stress tensor, and an analogous 

definition of strain invariants, spherical strain tensor and principal strains. From the 
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Green’s deformation tensor it is possible to define the Green-Lagrangian finite strain 

tensor E that is related with C as follows: 

 

2E = C-I    (C, Cauchy Green’s deformation tensor, I, identity matrix).  (B.4) 

 

This tensor can be expressed in terms of displacement gradient. 

 

 

 

 

Stress 

The current state of stress of a homogenous isotropic material, within respect a certain 

cutting plane is defined by the Cauchy second order (rank 2) symmetric stress tensor. 

The physical meaning of this tensor can be understood by idealizing the infinitesimal 

point as a cube, with three force vectors applied to each face. The vectors normal to 

each face are the normal stresses, while the vectors tangents are the shear stresses. In 

total there are 9 component, which can be reduced to 6 component since the tensor is 

symmetric (see Figure B.2). 
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Figure B.2 The stress components of the Cauchy stress 

tensor. The stress components of the Cauchy stress tensor 

in an ideal cube that represent an infinitesimal point. The σ 

components are the normal stress while the τ components 

represent the shear stresses. The Cauchy stress tensor is 

symmetric, which means that only six components are 

required to be known. Besides, it expresses the current state 

of stress of a point in a body. 
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The Cauchy stress tensor expresses the stress relative to the present configuration. 

Furthermore, Cauchy stress is variant to pure rotation while the deformation strain is 

not. For these reasons, it is useful to express the stress in another form, since in muscle 

models it is required to express stresses in the reference configuration. The second 

Piola-Kirchoff stress tensor expresses the stress relative to the reference configuration; 

in particular, the second Piola-Kirchoff stress tensor relates forces in the reference 

configuration to areas in the current configuration: 

 

S = J ∙ F−1 ∙ σ ∙ F−T     ,    (B.5) 

 

S=second Piola Kirchoff stress tensor ,  F= deformation gradient, 

J= determinant of F, Jacobian determinant,  σ= Cauchy stress tensor. 

 

This tensor is symmetric and invariant to pure rotations and can be used to express the 

initial muscle fibres stress. In the linear simulation, the stress is added as a second Piola-

Kirchoff stress since it must be in the reference configuration.  
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Appendix C 

Hyperelasticity  

During deformation the work done by external forces is stored in the material in the 

form of strain energy W, expressed as a scalar function of the deformation. When 

formulating the problem, it is good to have quantities that are not influenced by rigid 

body rotations. For this reason, the strain energy is derivate from the stretch invariants 

that are invariant to both the coordinate system and the strain measure. Due to an 

easier computation the Cauchy Green right  (C ) or left (B) tensors are used to calculate 

the stretch invariants[96]: 

 

 

I1 =  λ1
2 + λ2

2 + λ3
2 =  tr(C)    ,   (C.1) 

    

I2 = λ2
2λ3

2 + λ3
2λ1

2 + λ1
2λ2

2 =  
1

2
 (I1

2 −  tr(C2)) ,   (C.2) 

    

I3 = λ1
2λ2

2λ3
2 + λ3

2λ1
2 + λ1

2λ2
2 =  det(C) =  J2   ,   (C.3) 

 

where: 

J = det(F) = I3

1

2   is called the Jacobian. 
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A strain energy for an isotropic material using the stretch ratios should satisfy the 

following criteria: 

 

 The energy function is zero for the ground state       λ1 =  λ2 =λ3 = 1; 

 The energy function is symmetric in                          λ1 −λ3; 

 The energy function is always                                          ≥ 0. 

 

A function that satisfies these criteria has the following form: 

 

φ =  ∑ Cpqr ∞
p,q,r=0 (I1 − 3)p(I2 − 3)q(I3 − 1)r  .  (C.4) 

 

From this function is derivate a special form used for incompressible rubber like 

materials, implemented by Mooney-Rivlin: 

 

φ = C10(I1 − 3) + C01(I2 − 3)    .  (C.5) 

 

Pure compressible materials formulation leads to numerical problems, for which an 

additional term is used to treat the material as a nearly incompressible (where the bulk 

modulus K tend to be infinite) material: 

 

φb =
K

2
(J − 1)2      .  (C.6) 

 

Furthermore, the function can be split into the deviatoric and volumetric component 

defining modified stretch ratio as follow: 
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λ̅ = J−
1

3 λ       ,  (C.7) 

 

 

which preserve the volume:   

 

 J̅ = λ̅1λ̅2λ̅3 = 1      .  (C.8) 

 

 

Following the modified invariants are: 

 

I1,M = I1,C(I3,C)
−1/3

=  I1̅ J
−

2

3       (C.9) 

 

      

I2,M = I2,C(I3,C)
−2/3

= I2̅ J
−

4

3        

 (2.27) 

 

I3,M = (I3,C)
1/2

      (volume dependent quantity)  ,  (C.10) 

 

And the resultant modified Mooney-Rivlin function will result to be: 

 

φ = φd + φb =  C10(I1̅ − 3) +  C01(I2̅ − 3) +
K

2
(J − 1)2 .  (C.11) 
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This function is used to describe rubber materials, and its behaviour fits also the typical 

behaviour of the muscle connective tissue, i.e. large deformation and non-linear stress 

strain. 
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Appendix D 

Matlab Code  

 

Mechanical model of the shear force transmission  

 

The following code is a modified version of the code provided by Sharafi and Blemker 

[3]. 

 

Author: Bahar Sharafi 

% This program is part of the supplementary material for the article 

% B. Sharafi, S. Blemker, "A mathematical model of force transmission 

from  

% intrafascicularly terminating fibers", J Biomech, in review 

% Please cite this article if you use the program in your work.  

% 

% 

% This script calculates and plots the ratio of force to peak isometric 

% force as a function of fiber resting length to fiber diameter, assuming 

% the fiber is initially at resting length 

clear all; 

close all; 

clc; 

  

global alpha beta beta_old sigma_star  

alpha = 1;                                % activation level 
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sigma_star = 300e5;                       % peak isometric stress (Pa) 

  

w=4.957; 

  

  

fiber_volume_fraction = 0.95; 

beta =2*(1-sqrt(fiber_volume_fraction))/sqrt(fiber_volume_fraction); 

  

fiber_volume_fraction_old = 0.8; 

beta_old =2*(1-

sqrt(fiber_volume_fraction_old))/sqrt(fiber_volume_fraction_old); 

  

% endomysium shear moduli, normalized by sigma_star 

L_hats = [[1:100],[102:2:300],[310:10:4000]]; 

  

  

  

%% Solving the equilibrium equation  for lambda (lambdas)  

  

lambdas = zeros(1,length(L_hats)); 

     

   

    for i = 1:length(L_hats) 

        global L_hat term1 term3 

        L_hat = L_hats(i); 

      % Solving the equilibrium equation for lambda: 

        lambdas(i) = fzero(@eqnfunc_shear,1.0); 

        clear L_hat 

    end 
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    % Calculating fiber force : 

    for k = 1:length(lambdas) 

        

        force_ratio(k) = (0.534 + 0.229*cos(w*lambdas(k))-

0.095*cos(2*w*lambdas(k))+ 0.024*cos(3*w*lambdas(k))-

0.021*cos(4*w*lambdas(k))+0.013*cos(5*w*lambdas(k))-

0.421*sin(w*lambdas(k))+0.079*sin(2*w*lambdas(k))-

0.029*sin(3*w*lambdas(k))+0.013*sin(4*w*lambdas(k))+0.002*sin(5*w*lamb

das(k)) + 0.002*sin(5*w*lambdas(k))) ; 

             

    end 

     

     

    lambdas_old = zeros(1,length(L_hats)); 

     

    for i = 1:length(L_hats) 

        global L_hat term1old term3old 

        L_hat = L_hats(i); 

      % Solving the equilibrium equation for lambda: 

        lambdas_old(i) = fzero(@eqnfunc_shear_old,1.0); 

        clear L_hat 

    end 

     

     

    % Calculating fiber force : 

    for k = 1:length(lambdas_old) 
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        force_ratio_old(k) = (0.534 + 0.229*cos(w*lambdas_old(k))-

0.095*cos(2*w*lambdas_old(k))+ 0.024*cos(3*w*lambdas_old(k))-

0.021*cos(4*w*lambdas_old(k))+0.013*cos(5*w*lambdas_old(k))-

0.421*sin(w*lambdas_old(k))+0.079*sin(2*w*lambdas_old(k))-

0.029*sin(3*w*lambdas_old(k))+0.013*sin(4*w*lambdas_old(k))+0.002*sin(

5*w*lambdas_old(k)) + 0.002*sin(5*w*lambdas_old(k))) ; 

             

    end 

     

     

    % Plotting force ratio as a function of fiber resting length/diamter 

    figure(1) 

    plot 

(L_hats/2,force_ratio,L_hats/2,force_ratio_old,'r','LineWidth',3) 

%     title('Force Vs. Fibre length','FontSize',24,'FontWeight','bold'); 

    xlabel('resting 

length/diameter','FontSize',24,'FontWeight','bold'); 

    ylabel('Force ratio','FontSize',24,'FontWeight','bold') 

    set(gca,'FontSize',15,'FontWeight','bold') 

    axis([0 50 0 1.1]) 

    hold on 

    grid on 

     

     

    % Plotting lambda as a function of fiber resting length/diamter 

    figure(2) 

    plot(L_hats/2,lambdas,L_hats/2,lambdas_old,'r','LineWidth',3) 

%     title('Stretch Vs. Fibre 

length','FontSize',24,'FontWeight','bold'); 
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    xlabel('resting 

length/diameter','FontSize',24,'FontWeight','bold'); 

    ylabel('stretch (lambda)','FontSize',24,'FontWeight','bold') 

    set(gca,'FontSize',15,'FontWeight','bold') 

    axis([0 50 0 1.1]) 

    hold on 

    grid on 

hold off 

 

 

Two equilibrium equation functions were defined. One for a young adult population 

with fibre volume fraction 95% and the other for an old population with fibre volume 

fraction of 80%. 

 

Function for 95 % volume fraction 

% eqnfunc_shear(lambda) = 0 is the equation of equilibrium (2.1.1.2) 

function y = eqnfunc_shear(lambda) 

  

global L_hat  sigma_star  beta 

 

% Mooney Rivlin coefficient of the connective tissue  

c10 = 64300; 

c01 = -38000; 

c20 = 9400; 

c11 = -43; 

c02 = 5; 
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Gend = 2*(c10+c01); 

w=4.957; 

r0 = 35e-6; 

radius = 35e-6/sqrt(lambda); 

thickness = 0.9092e-6; 

  

kappa = thickness/r0; 

Af = pi*(r0^2); 

  

  

  

% Terms of eqn (2.1.1.2) 

term1 = 2*(Gend/sigma_star)*(L_hat^2)*(1-lambda)*(lambda)./(-

1+sqrt(1+2*beta*(2+beta)*lambda./(lambda+1))); 

  

term2 = -(1/sigma_star)*((2.499e5)*(lambda-1)^2 + (5.056e4)*(lambda-1) 

+ 2198); 

  

term3 = -(0.534 + 0.229*cos(w*lambda)-0.095*cos(2*w*lambda)+ 

0.024*cos(3*w*lambda)-0.021*cos(4*w*lambda)+0.013*cos(5*w*lambda)-

0.421*sin(w*lambda)+0.079*sin(2*w*lambda)-

0.029*sin(3*w*lambda)+0.013*sin(4*w*lambda)+0.002*sin(5*w*lambda) + 

0.002*sin(5*w*lambda)); 

  

y = term1+term2+term3; 
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Function for 80 % volume fraction 

% eqnfunc_shear(lambda) = 0 is the equation of equilibrium (2.1.1.2) 

function y = eqnfunc_shear(lambda) 

  

global L_hat  sigma_star   beta_old 

 

% Mooney Rivlin coefficient of the connective tissue   

c10 = 64300; 

c01 = -38000; 

c20 = 9400; 

c11 = -43; 

c02 = 5; 

  

Gend = 2*(c10+c01); 

w=4.957; 

r0 = 35e-6; 

radius = 35e-6/sqrt(lambda); 

thickness = 50.1312e-6; 

  

kappa = thickness/r0; 

Af = pi*(r0^2); 

  

  

  

% Terms of eqn (2.1.1.2) 
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term1 = 2*(Gend/sigma_star)*(L_hat^2)*(1-lambda)*(lambda)./(-

1+sqrt(1+2*beta_old*(2+beta_old)*lambda./(lambda+1))); 

  

term2 = -(1/sigma_star)*((2.499e5)*(lambda-1)^2 + (5.056e4)*(lambda-1) 

+ 2198); 

  

term3 = -(0.534 + 0.229*cos(w*lambda)-0.095*cos(2*w*lambda)+ 

0.024*cos(3*w*lambda)-0.021*cos(4*w*lambda)+0.013*cos(5*w*lambda)-

0.421*sin(w*lambda)+0.079*sin(2*w*lambda)-

0.029*sin(3*w*lambda)+0.013*sin(4*w*lambda)+0.002*sin(5*w*lambda) + 

0.002*sin(5*w*lambda)); 

  

y = term1+term2+term3; 

 

 

 

 

 

 

 

 

 


