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Abstract: 

Aponeurosis is a sheath-like connective tissue that aids in force transmission from muscle to 

tendon and can be found throughout the musculoskeletal system. The key role of aponeurosis in 

muscle-tendon unit mechanics is clouded by a lack of understanding of aponeurosis structure-

function properties. This work aimed to determine the heterogeneous material properties of 

porcine triceps brachii aponeurosis tissue with materials testing and evaluate heterogeneous 

aponeurosis microstructure with scanning electron microscopy. We found that aponeurosis may 

exhibit more microstructural collagen waviness in the insertion region (near the tendon) 

compared to the transition region (near the muscle midbelly) (1.20 versus 1.12, p=0.055), which 

and a less stiff stress-strain response in the insertion versus transition regions (p<0.05). We also 

showed that different assumptions of aponeurosis heterogeneity, specifically variations in elastic 

modulus with location can alter the stiffness (by more than 10x) and strain (by approximately 

10% muscle fiber strain) of a finite element model of muscle and aponeurosis. Collectively, these 

results suggest that aponeurosis heterogeneity could be due to variations in tissue microstructure 

and that different approaches to modeling tissue heterogeneity alters the behavior of 

computational models of muscle-tendon units. 
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1. Introduction 

Aponeurosis is a sheath-like connective tissue found in many muscle tendon units that aids in 

force transmission from soft, contractile muscle to stiff, passive tendon, and thus plays a crucial 

role in the mechanical function of the musculoskeletal system [1–3]. A considerable fraction of 

muscle fibers insert directly into aponeurosis, which transitions to tendon or attaches directly to 

bone or other soft tissue. Aponeurosis enables variability in muscle-tendon unit architecture, 

which manifests in different muscle-tendon unit properties such higher forces or faster 

contraction velocities [4]. Additionally, aponeurosis geometry and material properties are closely 

related to muscle-tendon unit function, as changes to aponeurosis can affect muscle strain and 

muscle gearing [2,5–7]. It is generally observed that aponeurosis thickness is heterogeneous 

within and across muscle-tendon units, often thinning as the tissue transitions from tendon to 

muscle, and aponeurosis thickness is positively correlated to muscle size and force generating 

capacity [5,8–11]. Aponeurosis morphology also varies across muscles, species, and individuals, 

ranging from thin, exterior sheets to thicker interior structures. 

 

Aponeurosis has traditionally been viewed as an extension of tendon, acting in series with 

muscle [12,13]. However, due to the complex architecture and function of muscle-tendon units, 

the assumption of series elasticity is likely to be incorrect, suggesting that the role of aponeurosis 

in force transmission is far more complex [2,14–16]. Specifically, aponeurosis apparent stiffness 

varies depending on active versus passive muscle forces and aponeurosis is subject to biaxial 

loading in vivo, both of which negate a simple series elasticity assumption with muscle [7,14,17–

19]. It has also recently been suggested that aponeurosis could act as a type of pulley for 

connected muscle fibers, thus contradicting the age-old assumption that muscle pennation angle 

affects force output [20]. Thus, the exact role of force transmission from muscle fibers through 

aponeurosis to tendon remains unexplained by a unified model [21]. One reason for this lack of a 

unified model is a rather limited understanding of the specific structure-function mechanisms of 

aponeurosis tissue, which may help to explain this multi-axial behavior, tissue heterogeneity, and 

differences in aponeurosis function under active and passive conditions. 

 

A major challenge in muscle-tendon unit mechanics research is the difficulty of evaluating 

material properties of muscle and aponeurosis in vivo. The geometry of a muscle-tendon units 

makes direct aponeurosis force measurements a challenge that has not yet been overcome 

[19,21]. Thus, materials testing of excised tissue samples under carefully controlled experimental 

environments are the current gold standard for material property estimation, despite the fact that 

these approaches remove the tissue from the native mechanical environment. To the best of the 

authors’ knowledge, there have been two previously published studies that have combined 

materials testing and structural imaging of aponeurosis, both of which qualitatively showed a 

collagen-rich structure with aligned, wavy fibers [22,23]. Previous materials characterization 

works of aponeurosis have shown properties common to biological soft tissues such as 

anisotropy, nonlinearity, viscoelasticity, and heterogeneity [10,22–24]. Specifically, aponeurosis 

is highly anisotropic with a longitudinal modulus between 50-750 MPa and a transverse modulus 

of 0.3-100 MPa, which is greater than the approximate modulus of muscle (~0.1 MPa) and 

comparable to that of tendon (~1000 MPa) [22–24]. Aponeurosis nonlinearity can be described 

by a nonlinear toe-region followed by a linear region, which suggests collagen waviness plays a 

key role in tissue stiffness [22]. One study of gastrocnemius and soleus samples from human 

cadavers found that a region of the anterior gastrocnemius lateralis aponeurosis exhibited an 



elastic modulus of nearly twice that of a region of the anterior lateral soleus aponeurosis (324 

MPa vs 164 MPa, respectively) [10]. There is also variability in species and specific muscle-

tendon units used for aponeurosis materials testing studies, ranging from human gastrocnemius 

and soleus [10] to turkey gastrocnemius [22] and porcine triceps brachii [23]. 

 

Despite these numerous in vitro studies on aponeurosis mechanics, aponeurosis material 

properties have not been directly attributed to quantified microstructural measures. While our 

previous work [23] showed that collagen-rich aponeurosis [25] exhibits variability in collagen 

orientation, the specific structure-function mechanisms for aponeurosis heterogeneity remain 

unknown. It would be expected that aponeurosis and tendon exhibit similar structure function 

mechanisms, where measures such as collagen waviness and alignment influence tissue stiffness, 

specifically stiffer tissue exhibits highly aligned, straight collagen fibers [26–28]. Experimental 

techniques such as tissue fixing and scanning electron microscopy have been previously used for 

microstructural analysis, and can be used under undeformed and deformed conditions to study 

changes in tissue microstructure with stretch [23,29]. 

 

Parsing the role of aponeurosis in locomotion is a challenge due to the difficulties studying in 

vivo function of muscle tendon units, the wide variability of muscle-tendon unit properties, and 

the complex three-dimensional nature of muscle contraction [3]. However, computational models 

of muscle-tendon units can be used to complement and enhance experimental studies and can 

provide critical insight into musculoskeletal tissue function not easily obtained from 

experimentation. For example, studying the effects of perturbations in tissue properties such as 

stiffness on muscle-tendon unit function is considerably more straightforward in silico versus in 

vivo. Previous modeling work has shown that aponeurosis geometry significantly alters muscle 

stretch distributions [30], aponeurosis stiffness alters muscle force production [31], and muscle 

architecture affects aponeurosis stretch [32]. However, it is not known how the heterogeneity of 

aponeurosis may affect muscle-tendon unit function, and the previously detailed gap in 

aponeurosis structure-function mechanisms hampers the accuracy of computational modeling 

where material properties are not known. 

 

Thus, two major questions remain in aponeurosis mechanics. First, what are the contributors to the 

heterogeneity of aponeurosis material properties? Second, how does the heterogeneity of 

aponeurosis material properties affect muscle-tendon unit function? In an effort towards answering 

these questions, we have chosen to employ tissue-level materials testing to characterize the 

heterogeneity of porcine triceps brachii aponeurosis material properties, scanning electron 

microscopy to characterize the heterogeneity of aponeurosis microstructure, and finite element 

modeling to study the effects of aponeurosis heterogeneity on muscle-tendon unit function. We 

hypothesized that a) aponeurosis modulus would be higher near the tendon (where transmitted 

forces could be higher), b) aponeurosis collagen microstructure would be less wavy near the tendon 

(hence straighter fibers are associated with stiffer tissue behavior), and c) that the stiffness of a 

finite element model of muscle and aponeurosis would be altered by assumptions of aponeurosis 

heterogeneity. 

 

2. Methods 

2.1 Sample Preparation 



Porcine shoulder tissue was obtained from a local abattoir and aponeurosis tissue was dissected 

from the triceps brachii muscle using standard dissection techniques [22,23]. No live animal 

handling was performed by any members of the research team. All testing was completed or 

tissue fixation was initiated within two days of tissue acquisition. Throughout dissection and 

materials testing, samples were kept moist by applying a phosphate buffered saline solution [33]. 

Once the sheet of aponeurosis tissue was dissected away from the muscle (with only a small 

amount of residual muscle remaining on each sample), then 60mm x10mm tissue samples were 

extracted from the midsection of each isolated aponeurosis section using a scalpel, ensuring that 

the samples include the transition from thick (the insertion region) to thin (the transition region) 

aponeurosis tissue (Figure 1A). All samples were oriented in the longitudinal or fiber direction. 

Each dissected tissue sample was marked in 5mm increments along the tissue with a permanent 

marker. Using a standard dissection microscope, four evenly spaced thickness measurements of 

aponeurosis tissue only (ignoring any small amount of residual muscle tissue) were taken 

between each 5 mm marking in the middle 40 mm of each sample, for a total of 32 total 

thickness measurements per sample [23]. 

 

 
Figure 1. Overview of structure-function characterization methods. A) Aponeurosis tissue 

showing insertion (I – near tendon) and transition (T – near muscle midbelly) regions. B) 

Structural analysis was performed on stretched and unstretched (n=10 each) fixed samples with a 

custom tissue stretcher. C) Scanning electron microscopy was used to evaluate morphological 

characteristics of tissue microstructure. D) Uniaxial tensile testing (n=15) was performed with 

2D strain tracking through digital image correlation (transition region – red dotted box, and 

insertion region – black dotted box) along with finite element analysis of the experiment. E) 

Nonlinear optimization in MATLAB was used to fit model stress-strain curves with experimental 

stress-strain curves to extract material parameter values.  



 

2.4 Microstructure Characterization 

For microstructural analysis, dissected, unstretched aponeurosis samples (n=10) were 

immediately placed in a 1:20 volume ratio of 10% formaldehyde at 4°C for 24 hours (Figure 

1B). Samples were subject to a series of graded ethanol soakings that included 15min in 30% 

ethanol, 15min in 50% ethanol, 15min in 70% ethanol, 15min in 90% ethanol, 15min in 100% 

ethanol, and finally 30min in 100% ethanol followed by soaking in a 1:2 solution of 

Hexamethyldisilazane (HMDS) to ethanol for 20min and a 20min soaking in 2:1 solution of 

HMDS to ethanol. Samples were then fully dehydrated in two 20min soakings in 100% HMDS. 

The final HMDS was poured off to just cover the top of the samples and they were left in the 

fume hood to evaporate overnight [34,35]. For stretched tissue, dissected aponeurosis samples 

(n=10) were immediately placed in a custom tissue stretcher with serrated grips and stretched to 

five percent of initial manually pre-tensioned length using digital calipers to measure grip 

distance (Figure 1B), based on materials testing data collected in this work that suggests at 5% 

strain, aponeurosis is within the linear region of the stress-strain curve and is sub-failure. The 

same fixative approach described above was used. 

 

After full dehydration, a Hitachi SU5000 Field Emission Gun Microscope was used for scanning 

electron microscopy (Figure 1C). First, samples were imaged under low vacuum pressure to 

observe low magnification (50x-100x) structural features [36]. Following low magnification 

imaging, samples were sputter coated with gold and placed back into the SEM for imaging under 

high vacuum pressure at high magnification (1,000x-3,500x) (Figure 1C). Images were taken at 

50, 100, 1,000, and 3,500 magnifications along each aponeurosis sample. Additional images 

were taken at 10,000 and 50,000 magnifications for some of the unstretched samples to help 

characterize the general microstructure of the tissue. Scanning electron microscope images were 

loaded into FIJI/ImageJ to evaluate collagen fiber waviness using the NeuronJ plugin [37]. For 

each sample, 2-3 waviness measurements were made at 3 locations, totaling 6-9 measurements 

per sample. Waviness of the stretched and unstretched aponeurosis was quantified as the ratio of 

the true length of the collagen fiber to the tangent of that same collagen fiber [29].  

 

2.3 Materials Testing 

Uniaxial tensile testing was completed on a custom planar biaxial material testing system 

(ADMET, Inc., Norwood, MA) on n=15 samples. All samples were clamped with serrated grips 

with a 40 mm gage length (10 mm of aponeurosis in each grip) and the strain rate for the tensile 

test was set to 0.05% sec-1 elongation after a 0.1 N pre-load [23,38,39]. Charcoal powder was 

lightly dusted onto the sample through a sifter for digital image correlation (DIC) (Figure 1B) 

with an image capture rate of 0.5 seconds. Grip slippage was addressed with interlocking 

pyramid grips and digital image correlation. Digital image correlation was performed using 

commercial software to measure the heterogeneous Lagrange strain of each sample (Vic2D, 

Correlated Solutions, Inc.) [23,39]. One midsection region of interest was manually selected to 

avoid edge effects near the grips, which was then subdivided into two equal areas in post 

processing (Figure 1D). Force-displacement curves were manually condensed to only the toe-

region and linear elastic regions (all damage and failure data was removed based on visual 

inspection) [39,40]. Using the uniaxial force data, inhomogeneous 2D DIC data, and thickness 

measurements, the average nominal (engineering) stress and Lagrange strain values were 

determined for two sections of each sample, one considered the ‘transition region’, where the 



aponeurosis tissue connects to muscle fibers and is thinner, and the other considered the 

‘insertion region’, where the aponeurosis tissue connects to the tendon tissue and is thicker.  

 

2.4 Finite Element Modeling 

Two different finite element model geometries were implemented in this study – one model of 

isolated aponeurosis tensile testing samples and one model of idealized muscle and aponeurosis 

tissue. All finite element modeling was performed in FEBio [41]. First, a simple hexahedral 

shaped geometry to mimic experimental tensile tests was developed with a 40 mm nominal 

length, 10 mm nominal width, and mean thickness values at each of the 32 measurement 

locations along the aponeurosis from all samples (Figure 2A, 100 first-order hexahedral 

elements). To generate this geometry, a 3D model was developed in SolidWorks that connected 

the 32 points with a spline, which was then exported for hexahedral meshing. This mesh density 

was chosen based on prior modeling of similar simple geometries of biological soft tissue [42]. 

To mimic experimental materials testing, one end of the model was pinned while the other end 

was displaced 4 mm (10% nominal strain). Reaction force and mean Lagrange strain of each 

region (insertion and transition) was recorded and converted to stress-strain curves similar to 

experimental procedures. All model data above experimentally observed strain (~6% Lagrange 

strain) were then discarded. 

 

A transversely isotropic, hyperelastic constitutive model was used for aponeurosis tissue that 

combined an isotropic, uncoupled first-order Ogden model and an anisotropic, fiber-reinforcing 

component (Equation 1). The first-order Ogden model (Equation 2) uses material parameters 𝑐 

and 𝑚 and is a function of the deviatoric (volume-constant) principal stretches 𝜆̃1−3 and the 

volumetric component (Equation 3) incorporates a bulk modulus 𝑘 and is a function of the 

volume ratio 𝐽. For this study, 𝑐 = 0.2 MPa, 𝑚 = 40, and 𝑘 = 1 GPa values were used based on 

our prior work characterizing anisotropic material properties of aponeurosis tissue [23]. The 

anisotropic, tension-only reinforcing fiber contribution (Equation 4) is a function of deviatoric 

fiber stretch 𝜆̃4 and includes a power law toe-region and a linear region. Here the material 

parameters are the transition stretch 𝜆0 (the stretch at which the material transitions from the toe-

region to the linear region), toe-region nonlinearity 𝛽, and the linear region modulus 𝐸(𝑋). It 
should be noted the parameters 𝜉 and 𝐵 are calculated to maintain continuity of the tangent 

modulus function for model stability and are thus not inputs into the constitutive formulation. 

 

𝛹(𝜆̃1, 𝜆̃2, 𝜆̃3, 𝐽, 𝜆̃4) = 𝛹𝑖𝑠𝑜(𝜆̃1, 𝜆̃2, 𝜆̃3) + 𝛹
𝑣𝑜𝑙(𝐽) + 𝛹𝑎𝑛𝑖𝑠𝑜(𝜆̃4)   (1) 

 

 

𝛹𝑖𝑠𝑜(𝜆̃1, 𝜆̃2, 𝜆̃3) =
𝑐

𝑚2
(𝜆̃1
𝑚 + 𝜆̃2

𝑚 + 𝜆̃3
𝑚 − 3)        (2) 

 

𝛹𝑣𝑜𝑙(𝐽) =
1

2
𝑘 ln(𝐽)2     (3) 

 

𝛹𝑎𝑛𝑖𝑠𝑜(𝜆̃4) =

{
 
 

 
 0, 𝜆̃4 < 1

𝜉

𝛽
(𝜆̃4
2 − 1), 1 ≤ 𝜆̃4 ≤ 𝜆0

𝐵(𝜆̃4
2 − 𝜆0

2) − 𝐸(𝑋)(𝜆̃4 − 𝜆0) +
𝜉

𝛽
(𝜆0
2 − 1), 𝜆0 < 𝜆̃4

     (4) 



 

To investigate the effect of aponeurosis location on material properties using finite element 

analysis, the linear region elastic modulus was defined as a function of initial reference 

coordinate system location along the 𝑋 axis. For this study, we used three different functions to 

study a range of possible aponeurosis behavior – 1) a constant modulus (Equation 5, where 𝑎1 is 

the elastic modulus MPa and 𝑏1 = 0), 2) a linearly varying modulus (Equation 5, where 𝑎1 and 

𝑏1 are material parameters in MPa), and 3) a log-normal function (Equation 6, where 𝑎1 and 𝑏1 

are material parameters in MPa and 𝜇 mm and unitless 𝜎 are chosen, fixed values). 

 

𝐸(𝑋) = 𝑎1 + 𝑏1𝑋     (5) 

 

𝐸(𝑋) = 𝑎2 + 𝑏2erfc [−
ln(

𝑋

𝜇
)

𝜎√2
]          (6) 

 

An inverse finite element modeling optimization approach was employed to fit finite element 

model stress-strain curves to experimental stress-strain curves and extract finite element model 

constitutive parameters (Figure 1E). This approach has been employed in myriad studies to 

generate material properties of biological soft tissues where an analytical approach is not feasible 

[39,43–45], including our previous work characterizing biaxial tensile properties of aponeurosis 

[23]. Briefly, the nonlinear optimization function lsqnonlin in MATLAB (The Mathworks, Inc.) 

was used to reduce the residuals between mean experimental and model stress-strain curves 

(both the transition region and insertion region) by varying the following four constitutive 

parameters: transition stretch 𝜆0, toe-region nonlinearity 𝛽, and linear region modulus 

parameters 𝑎1/𝑎2, and 𝑏1/𝑏2. A range of different initial guesses were used to ensure global 

convergence. The log normal formulation (Equation 6) was fit to both the mean stress-strain 

curves for the transition and insertion regions (model denoted as “LNM” for log normal mean) as 

well as a set of stress-strain curves generated by the mean and standard errors of experimental 

data (model denoted as “LNS” for log normal standard error) to explore extreme ranges of the 

data set. Thus, this optimization produced four sets of aponeurosis parameters with variable 

heterogeneity for the same constitutive model – constant, linear, LNM, and LNS (Figure 2C).  

 

The second finite element model used in this study was developed based on the 2D geometry of 

a slice of a full skeletal muscle (Figure 2B, 560 second-order hexahedral elements). Mesh 

convergence was achieved based on comparisons to a model of 954 elements, which yielded less 

than a 1% difference in all outputs reported in this study. Similar geometries have been used in 

finite element analysis of skeletal muscle and muscle-tendon unit function to study the effects of 

various assumptions on muscle and aponeurosis behavior [32,46]. This model incorporated two 

separate aponeuroses and unipennate skeletal muscle. The overall model length was 100 mm 

(each aponeurosis of length 80 mm), muscle pennation angle was 40º (thus muscle fiber length 

was 24.4 mm), model thickness was 2 mm, and aponeurosis thickness linearly decreased from 

1.25 mm to 0.25 mm from the insertion to the transition regions, which approximately matches 

our experimentally measured thickness values.  

 

The validated muscle constitutive model used in this study is detailed in Wheatley et al., 2018. 

Briefly, muscle is modeled as a transversely isotropic material with a set of passive reinforcing 

3D fibers (representing the stiffness of the extracellular matrix and muscle fibers) and a set of 



active 1D fibers (representing the contractile components of muscle tissue). The model was 

pinned at one end and subject to two sets of boundary conditions: one passive condition where 

the other end was displaced in the X-direction 20 mm (simulating 20% passive strain of the 

whole system) and one active condition where the other end was fixed in the X-direction and the 

muscle material generated 0.5 MPa of active stress (simulating an isometric contraction of 30 

N/cm2) [48–50]. All four sets of optimized aponeurosis constitutive parameters, as detailed 

above, were employed in otherwise identical simulations – constant, linear, LNM, and LNS 

(Figure 2C). Full model aponeurosis fiber strain, muscle fiber strain, and reaction force were 

recorded from each simulation for comparisons. 

 

 
Figure 2. Finite element modeling approaches. A) Isolated aponeurosis model mesh, geometry 

(40 mm length in X, 10 mm width in Z, and variable thickness in Y) and boundary conditions 

(left face pinned, right face fixed in Y and Z and displaced in X). B) Muscle slice model mesh, 

geometry, and boundary conditions (top left point pinned, bottom right point displaced in X-

direction with no other boundary conditions, and front face fixed in the Y-direction). C) 

Variations in aponeurosis linear modulus as a function of location for various models. The 

isolated aponeurosis model and muscle slice models are aligned in the background such that the 

linear modulus values in the graph correspond to the specific model locations. 

 

2.5 Statistics  

A linear regression was performed on all thickness data to evaluate any relationship between 

aponeurosis location and tissue thickness (significance set at p<0.05). For microstructural 

waviness comparisons between regions and the unstretched/stretched groups, unpaired, two-way 

t-tests were used with significance set at p<0.05. For stress-strain comparisons between regions, 

tangent moduli for each region were calculated by a linear fit to a moving subset of 100 data 

points throughout the stress-strain curves and stress:strain ratios of each region were determined 

at each time point by dividing nominal stress by Lagrange strain. Paired t-tests (significance set 



at p<0.05) were performed on the tangent moduli and stress:strain ratios at each time point using 

statistical parametric mapping to determine any statistically significant differences in the stress-

strain curves between the transition and insertion regions [51]. Inverse finite element 

optimization fits were quantified by calculating the normalized root mean square error, which is 

a measure of overall fit error reported as a percentage [44]. All error bars shown in results figures 

are standard error of the mean. 

 

3. Results 

Aponeurosis increased in thickness from the transition region (near muscle midbelly) to the 

insertion region (where muscle and aponeurosis connects to tendon) (Figure 3). The mean 

thickness of the first transition region (least thick) was 0.56 mm and the mean thickness of the 

final insertion region (most thick) was 0.87 mm (Figure 3A). Linear regression results showed a 

wide spread in thickness values across samples and a positive correlation between thickness and 

location (R2=0.50, p<0.001, Figure 3B). 

 

  
Figure 3. Aponeurosis thickness results. A) Mean thickness values (with standard error bars) as a 

function of aponeurosis length within the materials testing region of interest for transition and 

insertion regions. B) Linear regression results (R2=0.18, p<0.001) showed an increase in 

aponeurosis thickness from the transition to the insertion region. 

 

Scanning electron microscopy showed that aponeurosis tissue exhibits a hierarchical structure, 

similar to that of tendon or ligament, with collagen-rich fascicles (75μm to 200μm diameter), 

fibers (50μm to 20μm diameter), and fibrils (10-300nm) (Figure 4). Waviness and alignment in 

the collagen fibers was observed at lower magnifications (Figure 4A), while at higher 

magnifications aponeurosis exhibits a sheet-like structure with less organization (Figure 4B).  

 

 



Figure 4.  SEM images of unstretched porcine triceps brachii at (A) 300x magnification, (B) 

10,000x magnification, and (C) 50,000x magnification. Collagen crimp and waviness in the 

fibers is highly observed at lower magnifications while the sheet like structure is observed in the 

higher magnifications. 

 

Unstretched tissue had an average waviness value of 1.17, with values ranging from 1.00 to 1.45 

(Figure 5A-B). Waviness values from the insertion region were found to be 1.20 ± 0.24 (mean ± 

standard deviation) and 1.12 ± 0.14 for the transition region, although statistically these 

differences were trending but not significant at α<0.05 (p = 0.055, Table 1). In contrast, the 

stretched tissue had an average waviness value of 1.05, which was statistically significant 

compared to unstretched tissue (p<0.001) (Figure 5C-D). Waviness values from the insertion and 

transition regions in the stretched tissue were not different (p=0.45). 

 

 
Figure 5.  (A/B) SEM images of unstretched porcine triceps brachii at (A) 40x magnification and 

(B) 100x magnification. Collagen crimp is highly observed in the 40x and 100x magnification 

and the average waviness values of the unstretched aponeurosis tissue was 1.174 ± 0.211. (C/D) 

SEM images of five percent stretched porcine triceps brachii at (C) 40x magnification and (D) 

100x magnification. The waviness of collagen fibers is drastically reduced once stretched five 

percent. 

 

Table 1. Waviness values of the unstretched and stretched tissue including combined and by 

region (mean ± standard deviation). Comparing the combined waviness values of the unstretched 

and stretched tissue shows that there is a statistically significant difference in the waviness 

values. There was not a statistically significant difference comparing the insertion and transition 

regions within the unstretched and stretched tissue respectively, while there is a statistically 

significant difference when comparing the insertion and transition region across the two different 

groups. 
 Unstretched Tissue Stretched Tissue p-value 

Combined 1.17 ± 0.21 1.05 ± 0.06 <0.001  
    

Insertion Region 1.20 ± 0.24 1.05 ± 0.05 <0.001 



Transition Region  1.12 ± 0.14 1.05 ± 0.08 0.0054 

p-value 0.055 0.45  

 

The stress-strain curves for both regions exhibited a nonlinear toe region and linear region 

(Figure 6A). The transition region (thinner, towards the muscle midbelly) exhibited a higher 

stress response and stiffer behavior, as characterized by the statistical parametric mapping paired 

t-tests. Specifically, the statistically significant differences were observed in tangent modulus 

throughout the toe-region and early linear region (Figure 6A, region where p<0.05 denoted by 

solid blue line) and stress:strain ratio throughout much of the stress-strain curve (Figure 6A, 

region where p<0.05 denoted by dashed blue line).  

 

Fits to experimental data from the inverse finite element optimization (Figure 6B) showed the 

constant modulus approach (solid black curve) failed to capture the stress-strain response of the 

two regions (normalized root mean square error 32%). However, the linear and LNM approaches 

provided strong fits to the mean transition and insertion stress-strain data (dashed red and black 

curves, normalized root mean square errors of 6.6% for the linear model, and 6.1% for the LNM 

model). It should be noted that the linear varying modulus and LNM varying modulus fits were 

nearly indistinguishable visually, and thus the linear varying modulus fit is only shown. Finally, 

the LNS model (Figure 6B, dotted red and black curves) provided a set of parameters for an 

exaggerated range in stress-strain behavior between regions (normalized root mean square error 

of 58%). Optimized parameters (Table 2) showed a wide range of optimized modulus values and 

very little variation in toe-region nonlinearity (𝛽 ≈ 4.25) and transition stretch (𝜆0 ≈ 1.017) 

across modeling approaches. 

 

 
Figure 6. A) Mean stress strain data (with standard error bars) graphed for the insertion (black 

circles) and transition (red squares) regions. The blue solid bar above the graph denotes the 

region of the stress-strain curve where the differences in tangent moduli between the two data 

sets are statistically significant (p<0.05), and the dashed blue bar above the graph denotes the 

region of the stress-strain curve where the differences in stress:strain ratio between the two data 

sets are statistically significant (p<0.05). B) Optimized finite element model fits to experimental 

data for various modulus modeling approaches. Optimizations include a homogeneous modulus 

fit (solid curve), varying moduli fits (linear and LNM – dashed curves) to the mean transition 

and insertion stress-strain data, and LNS (dotted curves) to the mean +/- standard error data. 



Note that the linear and LNM fits to the mean data were virtually indistinguishable visually, thus 

only the linear fit is shown here. 

 

Table 2. Optimized aponeurosis material parameters for all four approaches to modeling 

aponeurosis heterogeneity. The log normal optimizations each used a value for 𝜇 = 40 mm and 

the LNM and LNS optimizations used 𝜎 values of 0.3 and 0.5, respectively. 

Parameter Constant Linear 
LNM  

(Log Normal Mean) 

LNS  

(Log Normal Mean/SEM) 

𝑎1 or 𝑎2 [MPa] 281 161 185 44.7 

𝑏1 or 𝑏2 [MPa] 0 7.69 140 499 

𝛽 [-] 4.25 4.25 4.26 4.64 

𝜆0 [-] 1.0169 1.0169 1.0170 1.0168 

 

Muscle slice finite element modeling results showed that the constant and LNM models 

exhibited similar characteristics (aponeurosis and muscle fiber strains and reaction forces), while 

the linear and LNS models exhibited similar characteristics (Figure 7). Specifically, the mean 

aponeurosis strain was nearly double in the linear model compared to the constant model under 

both passive stretch (0.12 versus 0.070) and activation (0.056 versus 0.032) (Figure 7A). Muscle 

fiber strain showed less variability, but mean values ranged from 0.31 to 0.45 under passive 

stretch and -0.15 to -0.24 under active contraction (Figure 7B). Reaction force curves showed a 

wide range of behavior, as the constant and LNM models exhibited highly nonlinear, stiff 

passive behavior and a higher reaction force under active conditions when compared to the linear 

and LNS models (Figure 7C). At a passive stretch of 0.2 whole muscle strain, the constant model 

reaction force was 45.9 N versus 3.80 N for the linear model. These differences were smaller for 

active contraction conditions, as the constant model reaction force was 17.1 N versus 3.63 N for 

the linear model. 

 

 
Figure 7. Muscle slice finite element modeling results. A) Mean (with standard deviation bars) 

aponeurosis fiber strain during passive stretch and activation. B) Mean (with standard deviation 

bars) muscle fiber strain during passive stretch and activation. C) Whole model reaction force 

(measured at displacement node) for both passive stretch and activation. 

 

4. Discussion 

 



This work characterizes heterogeneous structure-function properties of aponeurosis tissue and 

uses finite element analysis to study the implications of aponeurosis heterogeneity on muscle-

tendon unit function. We present here, for the first time, a study that measured the heterogeneous 

collagen microstructure of aponeurosis tissue and how that microstructure is altered by stretch. 

We also performed uniaxial tensile testing, 2D digital image correlation, and inverse finite 

element analysis to determine material parameters of aponeurosis tissue given various 

assumptions of elastic modulus heterogeneity. Finally, we studied how these assumptions affect 

skeletal muscle modeling results with a finite element model of a muscle-aponeurosis structure. 

Our findings can be used to better understand how aponeurosis transmits force in vivo and to 

inform future models of the musculoskeletal system. 

 

This work is not without limitations. First, we subdivided aponeurosis samples into only two 

regions (transition and insertion) based on dissection variability and digital image correlation 

accuracy and did not measure variations in thickness across the width of each sample (only 

sample length). Future work to investigate heterogeneity with greater spatial resolution would 

benefit the field. We have also chosen to neglect viscoelastic effects and test samples at quasi-

static strain rates for simplicity. Additionally, the use of scanning electron microscopy for 

microstructural analysis provides surface imaging only. Future work to investigate through-

thickness aponeurosis structure and imaging of the muscle-aponeurosis junction would be a 

major contribution to our understanding of aponeurosis structure. Our optimized material 

parameter 𝜆0 ≈ 1.017 also did not agree with our experimentally observed initial collagen 

waviness values between 1.12-1.20, which may be due to tissue shrinkage from fixing or more 

intricate deformation mechanisms than those captured from a tissue-level constitutive model. 

However, we expect the effect of tissue shrinkage to be minimal based on previously published 

work [52–54]. While the modeling completed in this work uses a particular constitutive model 

for skeletal muscle tissue based on our prior work [47,55], other formulations in literature 

[46,56–60] could possibly lead to differences in predicted model strains and stiffnesses. We also 

used thin, superficial, sheet-like porcine triceps brachii aponeurosis tissue, and while one might 

expect aponeuroses of similar structure to exhibit similar mechanical characteristics, it is not 

known exactly how the structure-function properties of human and porcine aponeurosis differ or 

how thin, superficial, sheet-like aponeurosis differs from thicker internal aponeurosis. 

 

Finally, one important limitation of this work is that materials testing of in vitro aponeurosis 

samples removes aponeurosis from the in vivo environment, where muscle fibers insert into 

aponeurosis along the length of the tissue. As discussed in the introduction, direct force 

measurements in aponeurosis in vivo or in situ remain elusive in muscle physiology and 

mechanics research, which is the reason for the materials testing methods employed here [21]. 

Grip clamping each end of the tissue and applying a tensile load doe not capture the native 

application of force from muscle fibers to aponeurosis tissue, which causes heterogeneous strain, 

biaxial loading, and differences in aponeurosis strain under active and passive conditions 

[14,19,61,62]. Nonetheless, our findings of structure-function mechanisms in aponeurosis tissue 

can be used to inform future work and are relevant for interpreting aponeurosis behavior under 

tensile conditions, which are common but not exclusive for aponeurosis in vivo. 

 

Scanning electron microscopy confirmed the hierarchical structure of aponeurosis tissue from 

collagen fibrils to fibers and finally bundles, which mimics that of tendon and ligament [63,64], 



but with a higher order sheet-like structure in place of a cylindrical structure (Figure 4). Azizi et 

al [22] imaged higher order aponeurosis structures, which showed aponeurosis fibers align with 

the orientation of tendon, and in our prior work [23] we showed that collagen microstructure 

orientation ranged within a single sample, suggesting aponeurosis exhibited heterogeneous 

structure. When paired with findings that aponeurosis is predominantly type I collagen [25], it is 

likely that collagen dominates the mechanical behavior of aponeurosis tissue. 

 

Image analysis of scanning electron microscopy showed a collagen fiber waviness ratio in the 

insertion region of 1.20 ± 0.24 (standard deviation) compared to the transition region value of 

1.12 ± 0.14 (standard deviation), which was trending towards statistical significance but not 

significant at α=0.05 (p=0.055, Figure 5 and Table 1). Nonetheless, waviness values of 1.20 and 

1.12 between regions could certainly result in physiological differences, and may be statistically 

significant with a greater sample size. More waviness in the insertion region contradicts one of 

our prior hypotheses. With limited prior microstructural imaging of aponeurosis tissue, 

comparing these values to previously published work is a challenge, however mean waviness 

values of 1.17 compare favorably to similar measures of collagen waviness in muscle 

extracellular matrix [29,65]. We also observed a clear decrease in waviness from 1.17 down to 

1.05 with only 5% stretch, suggesting that aponeurosis is experiencing heterogeneous stretch 

when loaded. These decreases in waviness agree with similar uncrimping observed in tendon 

[26,66]. These observations suggest that while muscle, aponeurosis, and tendon exhibit 

considerable differences in macrostructure and function, there may be similarities across tissues 

in collagen microstructure.  

 

We also observed differences in stress-strain behavior between the two aponeurosis regions with 

tensile testing and digital image correlation. Specifically, the transition region exhibited more 

stiff behavior than the insertion region as characterized by both tangent modulus and stress:strain 

ratio (Figure 6), which also contradicts one of our prior hypotheses. In contrast to our findings, 

Zuurbier et al found greater strain in the transition region of aponeurosis with an in situ whole 

muscle-tendon unit study [19]. However, this disagreement could be due to differences in 

experimental protocols (whole muscle-tendon unit versus sectioned sample), specifically that in 

situ aponeurosis is not likely to experience a constant force across its length as compared to in 

vitro materials testing. Also, it should be noted that the stress-strain curves for each region 

reported in this work incorporate the surface strain and sample thickness for each region, while 

in Zuurbier et al only the surface displacement is reported. More collagen waviness in the 

insertion region would explain some of the differences in stress-strain behavior, especially in the 

toe-region of the stress-strain curve (Figure 6 solid blue line, which denotes statistical 

significance between tangent moduli at p<0.05). Theoretically, differences in collagen waviness 

should primarily influence toe region length, which was not observed in our experimental data, 

suggesting more work is needed to predict aponeurosis stress-strain behavior with a 

microstructural model. Despite these challenges, we suggest, for the first time, that 

heterogeneous properties of aponeurosis tissue may be due to microstructural differences, 

specifically collagen waviness. 

 

Our inverse finite element model optimization fits to experimental data (Figure 6B) show that a 

constant modulus is not capable of capturing the heterogeneous stress-strain behavior of 

aponeurosis tissue (32% normalized root mean square error), while our linearly varying and 



LNM varying modulus models showed strong fits (~6% normalized root mean square error). Our 

optimized material properties, specifically modulus values that range from ~50-500 MPa, agree 

with previously published moduli values of aponeurosis tissue [10,22]. Prior work has shown 

that longitudinal aponeurosis fails approximately between 5-10% strain, thus our model fitting 

procedure appropriately characterizes the range of elastic tensile deformation of aponeurosis 

tissue [22,23]. Curiously, experimental heterogeneity was captured by variations in the modulus 

of our constitutive model, and not in the transition stretch or toe region nonlinearity (Table 2). 

Again, these differences between tissue structure-function mechanisms and our optimized model 

may be due to complex interactions at the microstructural level, which cannot be captured by our 

tissue-level model. Further work is needed in this area to explore this disconnect. 

 

Our muscle slice modeling results show that differences in aponeurosis heterogeneity alter 

aponeurosis and muscle mechanics in a finite element model of a muscle-aponeurosis structure 

(Figure 7). Our model predicted a range of mean aponeurosis strain from 0.032 to 0.12, which 

agrees with experimental findings of maximum first principal aponeurosis strain between 0.075 

and 0.25, even in maximal conditions [7,14,17,67]. We observed a nearly twofold increase in 

simulated mean aponeurosis fiber strain when transitioning from the constant modulus model 

(281 MPa) to the linear modulus model (increases of 615 MPa along aponeurosis length) 

(Figures 2 and 7). Our overall predicted mean muscle fiber strain (~0.2 shortening in isometric 

contraction and ~0.35 in passive elongation) agrees with experimental and computational studies 

that suggest muscle fibers can shorten as much as 0.3 strain (but typically 0.1-0.2) during 

isometric contractions [68,69] and withstand elongations up to 100% [30,70,71]. Mean muscle 

fiber strain differed between the constant and linear models by 0.14 strain under passive stretch 

and 0.09 under active contraction. The constant model predicted longer muscle fiber lengths – 

shifted further to the right on the force-length curve of muscle – which would produce higher 

passive muscle forces and could lead to unstable conditions in simulations of eccentric 

contractions. 

 

The most apparent differences across models were observed in reaction force values, with a 

twelve-fold difference between the constant and linear models (Figure 7C). For the constant 

model, the reaction force generated by activation was half that of the passive stretch reaction 

force, while the linear model saw an increase in reaction force from passive stretch to activation, 

suggesting that increased force transmission efficiency with increasing aponeurosis stiffness does 

not scale linearly. One variable that we did not investigate with our finite element modeling 

approach is variability in aponeurosis thickness, which has been shown to affect heterogeneous 

muscle fiber strain in a finite element model [30]. Future work to couple geometric and material 

property heterogeneity in muscle-tendon unit modeling would be a benefit to the field and may 

help to explain the complex behavior of muscle and aponeurosis in vivo. 

 

Our muscle slice modeling results also show that the type of function used to model modulus 

heterogeneity affects aponeurosis strain, muscle fiber strain, and active and passive forces at the 

muscle-tendon unit level. Despite the fact that both the linear and LNM models were fit to the 

same set of heterogeneous experimental data (Figure 6B, both fits ~6% normalized root mean 

square error), these two formulations predicted considerably different aponeurosis fiber and 

muscle fiber strains, passive stretch reaction force, and active contraction reaction force (Figure 

7). Even the LNS model (Figure 6B), which is unlikely to be physiologically accurate, exhibited 



less extreme muscle and aponeurosis strains and reaction force values than the linear model 

(Figure 7). Thus, we recommend against modeling aponeurosis heterogeneity with functions that 

may yield highly variable aponeurosis properties (such as linear or exponential functions) and 

recommend the use of functions such as our log normal approach that constrain variability 

(Figure 2). 

 

Compared to other musculoskeletal tissues, the function of aponeurosis in vivo is poorly 

understood, and recent work has highlighted that aponeurosis does not act in series with muscle 

[14,17,21,72]. Previous finite element modeling of muscle-tendon units has also shown that 

muscle mechanics are altered by changes to aponeurosis material properties and geometry 

[30,32,73,74]. Our results suggest that aponeurosis structure-function heterogeneity can also 

affect the passive stiffness and force transmission of muscle-tendon units (Figure 7C), and to a 

lesser extent muscle and aponeurosis strain (Figure 7A-B). Differences in muscle fiber strain that 

fall within the physiological range (~0.1-0.2 strain, Figure 7B) [4] can manifest in large 

differences in muscle-tendon stiffness due to the highly nonlinear behavior of passive skeletal 

muscle [40,75,76]. Thus, researchers should carefully consider the extent to which aponeurosis 

heterogeneity could impact experimentally observed and simulated muscle-tendon unit behavior. 

 

5. Conclusions 

This work aimed to determine the heterogeneous structure function properties of aponeurosis 

tissue with scanning electron microscopy and materials testing. We found that aponeurosis may 

exhibit more microstructural collagen waviness in the insertion region (near the tendon) as 

compared to the transition region (near the muscle midbelly), and a less stiff stress-strain 

response in the insertion versus transition regions. We also showed that different assumptions of 

aponeurosis heterogeneity, specifically variations in elastic modulus with location can alter the 

stiffness and strain of a finite element model of muscle and aponeurosis. Collectively, these 

results suggest that aponeurosis heterogeneity may be due in part to variations in tissue 

microstructure and that the associated changes to material properties affect the behavior of 

computational models of muscle-tendon units. 
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