
 1 

Fiber Engagement Accounts For Geometry-Dependent Annulus Fibrosus 1 
Mechanics: A Multiscale, Structure-Based Finite Element Study 2 

 3 
 4 

Minhao Zhou1 5 

Benjamin Werbner1 6 

Grace D. O’Connell1,2  7 

 8 

1Department of Mechanical Engineering 9 

University of California, Berkeley, USA 10 

2Department of Orthopaedic Surgery 11 

University of California, San Francisco, USA 12 

 13 

 14 

 15 

 16 

 17 

 18 

Submitted to: Journal of the Mechanical Behavior of Biomedical Materials 19 

Corresponding Author: Grace D. O’Connell 20 

5122 Etcheverry Hall, #1740, 21 

Berkeley, CA, 94720-1740 22 

Phone: 510-642-3739 23 

Fax: 510-643-5539 24 

e-mail: g.oconnell@berkeley.edu  25 



 2 

Abstract 26 

A comprehensive understanding of biological tissue mechanics is crucial for designing 27 

engineered tissues that aim to recapitulate native tissue behavior. Tensile mechanics of many fiber-28 

reinforced tissues have been shown to depend on specimen geometry, which makes it challenging 29 

to compare data between studies. In this study, a validated multiscale, structure-based finite 30 

element model was used to evaluate the effect of specimen geometry on multiscale annulus 31 

fibrosus tensile mechanics through a fiber engagement analysis. The relationships between 32 

specimen geometry and modulus, Poisson’s ratio, tissue stress–strain distributions, and fiber 33 

reorientation behaviors were investigated at both tissue and sub-tissue levels. It was observed that 34 

annulus fibrosus tissue level tensile properties and stress transmission mechanisms were dependent 35 

on specimen geometry. The model also demonstrated that the contribution of fiber–matrix 36 

interactions to tissue mechanical response was specimen size- and orientation- dependent. The 37 

results of this study reinforce the benefits of structure-based finite element modeling in studies 38 

investigating multiscale tissue mechanics. This approach also provides guidelines for developing 39 

optimal combined computational-experimental study designs for investigating fiber-reinforced 40 

biological tissue mechanics. Additionally, findings from this study help explain the geometry 41 

dependence of annulus fibrosus tensile mechanics previously reported in the literature, providing 42 

a more fundamental and comprehensive understanding of tissue mechanical behavior. In 43 

conclusion, the methods presented here can be used in conjunction with experimental tissue level 44 

data to simultaneously investigate tissue and sub-tissue scale mechanics, which is important as the 45 

field of soft tissue biomechanics advances toward studies that focus on diminishing length scales. 46 

Keywords: Annulus fibrosus; Fiber-reinforced angle-ply composites; Geometry dependence; 47 

Fiber engagement; Finite element modeling; Multiscale modeling; Structure-based modeling  48 
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1. Introduction 49 

Fiber-reinforced biological tissues are complex composite structures consisting of collagen 50 

fibers embedded in a hydrated extrafibrillar matrix, resulting in excellent load-bearing and energy 51 

absorption capabilities. A comprehensive understanding of fiber-reinforced tissue mechanics is 52 

important for developing tissue repair strategies that recapitulate healthy native tissue mechanical 53 

behavior (Long et al. 2016; O’Connell et al. 2015). Previous studies, as well as work within our 54 

lab, have suggested that differences in test-specimen geometry may lead to significant differences 55 

in tissue-level tensile mechanics, particularly in tissues with fibers oriented off-axis from the 56 

applied loading direction (e.g. annulus fibrosus (AF) and meniscus; Adams and Green 1993; 57 

Lechner et al. 2000; Werbner et al. 2017). Unfortunately, the large variability of reported values 58 

in the literature makes it impossible to directly attribute differences in mechanics between studies 59 

to differences in specimen geometry (coefficient of variation for healthy human anterior AF: 0.56–60 

0.82; Acaroglu et al. 1995; Elliott and Setton 2001; Guerin and Elliott 2006; O’Connell et al. 2009; 61 

Żak and Pezowicz 2013; Żak and Pezowicz 2016). This may in part be due to limited tissue 62 

availability hindering the development of standardized mechanical testing protocols for fiber-63 

reinforced biological tissues (Werbner et al. 2017). Thus, in many cases, it remains unclear whether 64 

variations in reported mechanical properties arise from inconsistent experimental protocols (e.g. 65 

specimen geometry, boundary conditions, etc.) or structural and compositional changes.  66 

Previous investigators hypothesized that variations in specimen geometry alter fiber 67 

engagement during loading, resulting in variations in AF tensile modulus (Adams and Green 1993). 68 

Adams and Green (1993) used a mathematical model developed based on specimen geometry to 69 

show that wider specimens have more engaged fibers during testing, resulting in larger measured 70 

modulus values. However, this model was only validated for AF specimens with a fixed length 71 
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that were loaded along the axial direction. It was also not capable of examining fiber stress or 72 

strain distributions, which were strongly associated with fiber engagement and fiber–matrix 73 

interactions (Adams and Green 1993). Subsequent studies using constitutive models demonstrated 74 

the contribution of fiber–matrix interactions to AF tensile mechanics (Klisch and Lotz 1999; Elliott 75 

and Setton 2001; Guerin and Elliott 2007; O’Connell et al. 2009; O’Connell et al. 2012; Wagner 76 

and Lotz 2004; Wagner et al. 2006). However, many of these models were validated using a two-77 

dimensional framework, where hypothesized invariant terms were often physiologically irrelevant 78 

and difficult to compare across studies (Guo et al. 2012; Eskandari et al. 2019; Zhou et al. 2020). 79 

Predicting tissue mechanics using composite-based frameworks is also limited by tissue 80 

heterogeneity, nonlinearity, as well as challenges in experimentally characterizing the structure 81 

and mechanics of individual tissue subcomponents (Eberlein et al. 2001; Spilker et al. 1986).  82 

Thus, many researchers have turned to finite element models (FEMs), which can provide 83 

three-dimensional predictions of stress–strain distributions throughout fiber-reinforced tissues. In 84 

our previous work, a series of FEMs were created based on homogenization theory to guide the 85 

development of a robust protocol for AF tensile failure testing (Werbner et al. 2017). This work 86 

reported the geometry dependence of AF tensile mechanics, which was accurately replicated by 87 

the model. However, it was difficult to evaluate fiber engagement using this model due to the 88 

homogenization of tissue subcomponents. To address this limitation, we developed and validated 89 

a multiscale, structure-based FEM to further investigate AF tensile mechanics (“separate model” 90 

or SEP) (Zhou et al. 2020). This model was developed based on native human AF, where fibers 91 

and extrafibrillar matrix were described as distinct materials occupying separate volumes. This 92 

model accurately predicted AF tensile modulus under various loading configurations (e.g. uniaxial 93 

tension, biaxial tension, and simple shear) and was able to describe a nonlinear relationship 94 



 5 

between specimen geometry and linear-region modulus (Zhou et al. 2020). Moreover, the 95 

multiscale model calibration and validation framework allowed us to directly link physical tissue 96 

properties with model parameters, broadening its applicability by making parameters modifiable 97 

based on structural or compositional changes occurring with degeneration or disease. 98 

Understanding the effect of specimen geometry on fiber-reinforced tissue mechanics is 99 

essential for a fundamental understanding of the tissue response under a variety of physiological 100 

loads, which benefits the development of tissue repair strategies that aim to recapitulate native 101 

tissue behavior. Characterization of the tissue geometry dependence also facilitate the 102 

development of experimental designs that capture tissue properties most relevant to the intended 103 

applications. Since the separate model is structure-based, AF tensile mechanics can be more 104 

comprehensively investigated at both tissue and sub-tissue levels (Zhou et al. 2020). Therefore, 105 

the objective of this study was to use the separate model to systematically evaluate the effect of 106 

specimen geometry on AF tensile mechanics using a structure-based fiber engagement analysis. 107 

While this study was conducted using AF properties, the approach presented here can be easily 108 

adapted and applied to other fiber-reinforced biological tissues and engineered composites. 109 

2.  Methods 110 

Finite element models were developed to represent rectangular specimens commonly used 111 

in uniaxial AF tensile testing (Solidworks 2019; Abaqus 6.14; ANSA 15.2.0; PreView 2.1; FEBio 112 

2.8.5; Mass et al. 2012). Model geometry was created in Solidworks and finite element meshes 113 

were generated by ABAQUS and ANSA pre-processor. PreView was used to define the model 114 

boundary and loading conditions and the developed model was solved by FEBio. Specimens were 115 

oriented along the circumferential-axial direction (Figure 1A), consistent with the most commonly 116 

tested orientation in the literature for human AF (Acaroglu et al. 1995; Elliott and Setton 2001; 117 
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Galante 1967; Guerin and Elliott 2006; Hirsch and Galante 1967; O’Connell et al. 2009; Wagner 118 

and Lotz 2004). A structure-based approach was employed to develop the separate model by 119 

describing the AF as a fiber-reinforced composite containing distinct materials for the extrafibrillar 120 

matrix and fiber bundles (“fibers,” Figure 1A). All models consisted of three 0.2 mm lamellae 121 

with fibers described as full-length cylinders uniformly distributed throughout the lamellae and 122 

welded to the surrounding matrix (Goel et al. 1995; Guo et al. 2006; Marchand and Ahmed 1990; 123 

Schollum et al. 2010; Shirazi-Adl et al. 1984; Zhou et al. 2020). Fiber bundle diameter was 0.12 124 

mm and interfibrillar spacing was 0.22 mm (Marchand and Ahmed 1990). Fibers were oriented at 125 

𝜃 =  30 to represent specimens from the middle-outer region of the anterior AF, the anatomical 126 

region most commonly used in experimental tests (Figure 1B; Acaroglu et al. 1995; Cassidy et al. 127 

1989; Elliott and Setton 2001; Guerin and Elliott 2006; O’Connell et al. 2009; Wagner and Lotz 128 

2004). To exclude the effect of mesh size on model-predicted mechanics, mesh size was held 129 

constant for fiber and matrix elements respectively across all models.  130 
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Figure 1: (A) Schematic of model orientation (circumferential: circ.; axial: ax.) and 132 
schematic of the separate model, where extrafibrillar matrix and fibers are modeled as 133 
distinct materials that occupy separate volumes. (B) Schematic of fiber and specimen types 134 
for circumferential-axial specimens. E1 and E2 represent the fiber endpoints used in fiber 135 
microscopic stress–strain distribution analysis. 136 

Triphasic mixture theory was applied to describe tissue swelling, accounting for specimen 137 

hydration (Ateshian et al. 2004; Lai et al. 1991). A Holmes-Mow strain-dependent tissue 138 

permeability (k) description was assumed (Equation 1). In Equation 1, 𝐽 was the determinant of 139 

the deformation gradient tensor (𝑭), 𝑘0 represented the hydraulic permeability in the reference 140 

configuration (𝑘0 = 0.0064 mm4/N∙s), 𝜑0 represented the AF solid volume fraction (𝜑0 = 0.3), 141 

𝛼  represented the power-law exponent ( 𝛼 = 2 ), and 𝑀  represented the exponential strain-142 

dependence coefficient (𝑀 = 4.8) (Beckstein et al. 2008; Cortes et al. 2014; Gu et al. 1999; Iatridis 143 

et al. 1998; Mow et al. 1984; O’Connell et al. 2015). Additionally, model fixed charge density was 144 

used to represent tissue proteoglycan content and was set to -100 mmol/L for the matrix obtained 145 

from middle-outer AF and 0 mmol/L for the fibers (i.e. no active fiber swelling) (Antoniou et al. 146 

1996; Huyghe et al. 2003; Urban and Maroudas 1979). The osmotic coefficient (0.927) was 147 

determined based on a linear interpolation of data reported in Robinson and Stokes (1949) and 148 

Partanen et al. (2017). Free diffusivity (𝐷0) and AF tissue diffusivity (𝐷𝐴𝐹) of Na+ and Cl- was set 149 

based on data in Gu et al. (2004); 100% ion solubility was assumed (𝐷0, 𝑁𝑎+ = 0.00116 mm2/s; 150 

𝐷0, 𝐶𝑙− = 0.00161 mm2/s; 𝐷𝐴𝐹, 𝑁𝑎+ = 0.00044 mm2/s; 𝐷𝐴𝐹, 𝐶𝑙− = 0.00069 mm2/s). 151 

𝑘(𝐽) = 𝑘0(
𝐽−𝜑0

1−𝜑0
)𝛼𝑒

1
2
𝑀(𝐽2−1)     [1] 152 

For the solid content of the AF, the extrafibrillar matrix was modeled as a compressible 153 

hyperelastic material using the Neo-Hookean description (Equation 2; Guo et al. 2012). 𝐼1 and 𝐼2 154 

were the first and second invariants of the right Cauchy-Green deformation tensor, 𝑪 (𝑪 = 𝑭𝑇𝑭), 155 

while 𝐸𝑚𝑎𝑡𝑟𝑖𝑥  and 𝜈𝑚𝑎𝑡𝑟𝑖𝑥  represented Young’s modulus and Poisson’s ratio. Fibers were 156 
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modeled as a compressible hyperelastic ground matrix substance reinforced by power-linear fibers. 157 

The ground matrix substance was described using the Holmes-Mow material description. 𝐼1, 𝐼2, 158 

𝐽 ,  𝐸𝑚𝑎𝑡𝑟𝑖𝑥  and 𝜈𝑚𝑎𝑡𝑟𝑖𝑥  were defined as described above and 𝛽  represented the exponential 159 

stiffening coefficient (Equations 3–5) (Holmes and Mow 1990). The power-linear fiber 160 

description accounted for AF nonlinearity and anisotropy, where 𝛾  represented the power-law 161 

exponent in the toe-region, 𝐸𝑙𝑖𝑛. represented the fiber modulus in the fiber linear-region, and 𝜆0 162 

represented the transition stretch between the toe- and linear-regions (Equation 6). 𝐵  was a 163 

function of 𝛾 , 𝐸𝑙𝑖𝑛. , and 𝜆0  (𝐵 = 𝐸𝑙𝑖𝑛.

2
(
(𝜆0

2−1)

2(𝛾−1)
+ 𝜆0

2)). All model parameter values were taken 164 

from our previous study that calibrated and validated the separate model for tensile mechanics of 165 

healthy human AF (Zhou et al. 2020). 166 

𝑊𝑚𝑎𝑡𝑟𝑖𝑥(𝐼1, 𝐼2, 𝐽) =
𝐸𝑚𝑎𝑡𝑟𝑖𝑥

4(1+𝜈𝑚𝑎𝑡𝑟𝑖𝑥)
(𝐼1 − 3) −

𝐸𝑚𝑎𝑡𝑟𝑖𝑥
2(1+𝜈𝑚𝑎𝑡𝑟𝑖𝑥)

𝑙𝑛𝐽 +
𝐸𝑚𝑎𝑡𝑟𝑖𝑥 𝜈𝑚𝑎𝑡𝑟𝑖𝑥

(1+𝜈𝑚𝑎𝑡𝑟𝑖𝑥)(1−2𝜈𝑚𝑎𝑡𝑟𝑖𝑥)
(𝑙𝑛𝐽)2      [2] 167 

𝑊𝑓𝑖𝑏𝑒𝑟(𝐼1, 𝐼2, 𝐽) =
1

2
𝑐(𝑒𝑄 − 1)     [3] 168 

𝑄 =
𝛽(1+𝜈𝑚𝑎𝑡𝑟𝑖𝑥)(1−2𝜈𝑚𝑎𝑡𝑟𝑖𝑥)

𝐸𝑚𝑎𝑡𝑟𝑖𝑥(1−𝜈𝑚𝑎𝑡𝑟𝑖𝑥)
[(

𝐸𝑚𝑎𝑡𝑟𝑖𝑥

1+𝜈𝑚𝑎𝑡𝑟𝑖𝑥
−

𝐸𝑚𝑎𝑡𝑟𝑖𝑥 𝜈𝑚𝑎𝑡𝑟𝑖𝑥

(1+𝜈𝑚𝑎𝑡𝑟𝑖𝑥)(1−2𝜈𝑚𝑎𝑡𝑟𝑖𝑥)
) (𝐼1 − 3) +

𝐸𝑚𝑎𝑡𝑟𝑖𝑥 𝜈𝑚𝑎𝑡𝑟𝑖𝑥

(1+𝜈𝑚𝑎𝑡𝑟𝑖𝑥)(1−2𝜈𝑚𝑎𝑡𝑟𝑖𝑥)
(𝐼2 −169 

3) − (
𝐸𝑚𝑎𝑡𝑟𝑖𝑥
1+𝜈𝑚𝑎𝑡𝑟𝑖𝑥

+
𝐸𝑚𝑎𝑡𝑟𝑖𝑥 𝜈𝑚𝑎𝑡𝑟𝑖𝑥

(1+𝜈𝑚𝑎𝑡𝑟𝑖𝑥)(1−2𝜈𝑚𝑎𝑡𝑟𝑖𝑥)
) 𝑙𝑛𝐽2]      [4] 170 

𝑐 =
𝐸𝑚𝑎𝑡𝑟𝑖𝑥(1−𝜈𝑚𝑎𝑡𝑟𝑖𝑥)

2𝛽(1+𝜈𝑚𝑎𝑡𝑟𝑖𝑥)(1−2𝜈𝑚𝑎𝑡𝑟𝑖𝑥)
      [5] 171 

𝜓𝑛(𝜆𝑛) =

{
 

 
                                0                                                                                    𝜆𝑛 < 1

        
𝐸𝑙𝑖𝑛.

4𝛾(𝛾−1)
(𝜆0

2 − 1)2−𝛾(𝜆𝑛 − 1)
𝛾                                                                  1 ≤ 𝜆𝑛 ≤ 𝜆0

𝐸𝑙𝑖𝑛.(𝜆𝑛 − 𝜆0) + 𝐵(𝜆𝑛
2 − 𝜆0

2) +
𝐸𝑙𝑖𝑛.

4𝛾(𝛾−1)
(𝜆0

2 − 1)2−𝛾(𝜆𝑛 − 1)
𝛾     𝜆𝑛 > 𝜆0

      [6] 172 

Sixty multi-lamellar models were created along the circumferential-axial direction 173 

(“circumferential specimens,” n = 60; Figure 1A). To include the range of the specimen geometry 174 

reported in the literature for human AF experimental studies, specimen length was varied between 175 

4 and 15 mm in 1 mm increments, and width was varied between 2 and 3 mm in 0.25 mm 176 

increments, resulting in length-to-width aspect ratios between 1.33 and 7.50. For each specimen, 177 
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fibers were grouped into three categorizations based on their location with respect to the testing 178 

grips: “two-grip” fibers (Figure 1B – dashed line), “one-grip” fibers (Figure 1B – solid line), and 179 

“no-grip” fibers (Figure 1B – dotted line). Categorizing specimens based on fiber groups resulted 180 

in three specimen types: Type A specimens had both two- and one-grip fibers (n = 4, Figure 1B – 181 

green), Type B specimens had only one-grip fibers (n = 2, Figure 1B – orange), and Type C 182 

specimens had both one- and no-grip fibers (n = 54, Figure 1B – blue); Type C specimens were 183 

more representative of typical experimental specimens based on the aspect ratio range (2.0–7.5). 184 

To illustrate representative differences between specimen types, one specimen from each type was 185 

selected for comparison: specimen representative Type A (w = 2.75 mm, l = 4 mm; Type A), 186 

specimen representative Type B (w = 2.75 mm, l = 5 mm; Type B), and specimen representative 187 

Type C (w = 2.75 mm, l = 6 mm; Type C). 188 

Previous studies of AF fiber–matrix interactions suggested that the effective AF matrix 189 

stiffness depended on the fiber stretch ratio and hence the applied specimen stretch (Guo et al. 190 

2012). Thus, preliminary work was conducted to assess separate model matrix stress–stretch 191 

response to validate the model’s capability to investigate fiber–matrix interactions. Validation 192 

results showed that despite the pseudo-linear Neo-Hookean matrix material description (Figure 193 

2A – dashed line), effective stiffness of the extrafibrillar matrix increased nonlinearly with applied 194 

specimen stretch (Figure 2A – solid line). Thus, the separate model was considered valid for 195 

evaluating fiber–matrix interactions. As such, we added three axial-circumferential models (“axial 196 

specimens”) in order to explore orientation-dependent differences in fiber–matrix interactions (n 197 

= 3). These models were taken from our previous separate model validation study and included 198 

only Type C specimens with one- and no-grip fibers (Figure 1B – 𝜃 = 60; Adams and Green 199 

1993; Elliott and Setton 2001; O’Connell et al. 2009). A preliminary study was performed to 200 
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evaluate mesh convergence using a randomly selected separate model. Mesh independence was 201 

assessed by evaluating the relationship between predicted tissue bulk modulus and mesh size; mesh 202 

efficiency was evaluated by assessing the relationship between the model run time and mesh size. 203 

The applied mesh for the separate model (Figure 2B) was selected to ensure both mesh 204 

independence and efficiency (Figure 2C – red dashed box). 205 

 206 

Figure 2: (A) Representative stress–stretch response of the extrafibrillar matrix from the 207 
separate model (SEP) demonstrating a nonlinear, stretch-dependent effective matrix 208 
stiffness, despite a pseudo-linear matrix material description. (B) Representative finite 209 
element mesh shown from the top surface. (C) Results from the mesh convergence study 210 
demonstrating mesh independence (based on consistent modulus prediction) and efficiency 211 
(based on run time in solver). The gray, vertical dashed line represents the element number 212 
threshold, below which the model did not fully converge.  213 
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All models were loaded in a two-step process. To account for specimen hydration, free-214 

swelling was simulated in 0.15 M phosphate buffered saline prior to uniaxial tension (Werbner et 215 

al. 2019). Then, a uniaxial tensile ramp to 1.2 specimen stretch was applied. During tension, 216 

displacement on the top and bottom surfaces was constrained to the loading direction. The post-217 

swelling, pre-tension configuration was defined as the reference configuration. Linear-region 218 

modulus was calculated as the slope of the linear-region of the tissue stress–stretch response (1.12–219 

1.15 specimen stretch based on specimen geometry). Bulk AF Poisson’s ratio was calculated as 220 

the ratio between tissue lateral and longitudinal deformation in the linear-region of the tissue 221 

stress-stretch response (1.12–1.15 bulk stretch based on specimen geometry). Fiber reorientation 222 

was evaluated as the reorientation magnitude divided by the initial fiber-fiber angle 2𝜃 (“relative 223 

fiber reorientation”).  224 

Fiber engagement was evaluated at 1.09 specimen stretch for separate models based on the 225 

reported transition stretch of type I collagen (Haut 1986; Gentleman et al. 2003; Kato et al. 1989), 226 

as well as the reported mean AF fiber bundle transition stretch along the fiber direction (Pham et 227 

al. 2018). Engagement was assessed for each fiber element using a stress-based criterion. Fiber 228 

elements with stress values below 0.5 MPa, between 0.5 and 24 MPa, and greater than 24 MPa 229 

were respectively defined as “not engaged”, “engaged”, and “damaged.” Damaged fiber elements 230 

were excluded from all engagement analysis. The engagement threshold (0.5 MPa) was 231 

determined based on uniaxial, single lamellar AF tensile tests (Holzapfel et al. 2005). The damage 232 

threshold (24 MPa) was determined based on uniaxial type I collagen tensile tests using specimens 233 

with similar fiber diameters to the separate model fiber bundles (i.e. ~100–200 µm; Haut 1986; 234 

Gentleman et al. 2003; Kato et al. 1989; Wang et al. 1994). For each specimen, engagement of a 235 

fiber group (i.e. two-grip, one-grip, and no-grip fibers) was calculated by dividing the number of 236 
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engaged fiber elements of that type by the total number of fiber elements in the specimen; fiber 237 

engagement was defined as the sum of the engagement for all fiber groups. Microscopic stress and 238 

strain distributions along the fiber length were assessed for all fiber groups (Figure 1B – from E1 239 

to E2). The relative stress contribution of each tissue subcomponent to the overall stress was 240 

determined for both the toe- and linear-regions of the tissue stress–stretch curve (toe-region: 1.03–241 

1.06 stretch based on specimen geometry). 242 

The effect of specimen geometry on AF stress transmission mechanisms was investigated 243 

at both the tissue and sub-tissue levels based on stress–strain distributions of specimen front, top, 244 

and side surfaces, as well as specimen frontal mid-planes. Finite element models created based on 245 

homogenization theory (“homogeneous model”) with identical dimensions to specimens a, b, and 246 

c described above were developed as a baseline for comparison with the separate models. Similar 247 

to separate model parameters, all homogeneous model parameters were taken from our previous 248 

separate model calibration and validation study (Zhou et al. 2020). Separate model-predicted 249 

mechanical properties were compared to pooled experimental data reported in the literature, where 250 

applicable. Pearson correlation strength was determined based on coefficients of correlation (“r”; 251 

moderate: -0.7 to -0.5 or 0.5 to 0.7; strong: -1.0 to -0.7 or 0.7 to 1.0). For all statistical analyses, 252 

significance was assumed for p ≤ 0.05. 253 

3. Results 254 

In circumferential specimens, less than 1% of fiber elements were considered damaged, 255 

while 30–51% of fiber elements were not engaged at 1.09 stretch. Fiber engagement ranged from 256 

49–70% across all circumferential specimens and exhibited a decreasing trend with increasing 257 

specimen aspect ratio (Figure 3A). Due to the varying engagement of different fiber groups (i.e. 258 

two-, one-, and no-grip fibers), large differences in model-predicted linear-region modulus were 259 
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observed in specimens with comparable geometries and levels of fiber engagement. For example, 260 

specimens a, b, and c (Types A, B, and C, respectively) had identical widths, differed by 1 mm of 261 

length, and exhibited similar fiber engagement (64–67%; Figure 3A–B – representative specimen 262 

Type A, B, and C denoted by triangles); however, model-predicted linear-region modulus for 263 

representative specimen Type A (31.66 MPa) was 54% greater than that for representative 264 

specimen Type B (20.58 MPa) and 92% greater than that for representative specimen Type C 265 

(16.47 MPa) due to the 17% two-grip fiber engagement in representative specimen Type A (Figure 266 

3B–C – triangles). Model-predicted modulus values were 0.72  0.06 MPa for axial specimens. 267 
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 268 

Figure 3: (A) Fiber engagement with respect to specimen aspect ratio for circumferential 269 
specimens (n = 60). (B) Separate model-predicted linear-region modulus with respect to fiber 270 
engagement for circumferential specimens. (C) Separate model-predicted linear-region 271 
modulus with respect to specimen aspect ratio for circumferential specimens. Triangles 272 
denote representative specimen Type A, B, and C. Specimens with an aspect ratio (AR) of 273 
4.0 are outlined with a dashed box. 274 

Average fiber stress also depended on specimen type in circumferential specimens. Fibers 275 

in Type A specimens experienced the largest stresses. At 1.09 stretch, the average fiber stress in 276 

representative specimen Type A (1.87 MPa) was 92% larger than that in representative specimen 277 

0

10

20

30

40

0 2 4 6 8

M
od

ul
us

 (
M

P
a)

Specimen aspect ratio

AR = 4

0

10

20

30

40

40 50 60 70 80
Fiber engagement (%)

M
od

ul
us

 (M
P

a)

40

50

60

70

80

0 2 4 6 8
Specimen aspect ratio

Fi
be

r 
en

ga
ge

m
en

t 
(%

)
Type BType A Type C

A

B

C



 15 

Type B (1.04 MPa) and 120% larger than that in representative specimen Type C (0.85 MPa; 278 

Figure 4A). However, average fiber strains were comparable between specimen types (Figure 279 

4B). Patterns of microscopic stress distribution along the fiber length varied between fiber groups. 280 

Although all fiber groups were above the engagement stress threshold (0.5 MPa; Figure 4C – gray 281 

horizontal dashed line in inset), two-grip fibers exhibited the largest and most uniform stresses 282 

along the fiber length (Figure 4C – green dashed line). Thus, engagement of two-grip fibers had 283 

a greater impact on the predicted linear-region modulus than on fiber engagement. Additionally, 284 

microscopic stresses in gripped fibers (i.e. two- and one-grip fibers) were largest near the grip-line 285 

(E1) and decreased toward the specimen edge (E2; Figure 4C – dashed and solid lines). Contrary 286 

to the microscopic stress distribution along the fiber length, microscopic strain distributions were 287 

comparable between fiber groups, with magnitudes ranging between 5 and 35% (Figure 4D). In 288 

gripped fibers, microscopic strains were smallest at the grip-line (due to the constrained boundaries) 289 

and increased toward the specimen edge (Figure 4D – solid lines).  290 
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Figure 4: Average fiber (A) stresses and (B) strains with respect to specimen stretch for 292 
circumferential representative specimens (rep.) Type A, B, and C. The gray vertical dashed 293 
line represents the stretch at which fiber engagement was analyzed (λ = 1.09). Representative 294 
microscopic (C) stress and (D) strain distributions along the fiber length at 1.09 specimen 295 
stretch for circumferential specimens. The gray horizontal dashed line highlights the stress 296 
threshold for a fiber element to be considered engaged (0.5 MPa). Insets present 297 
magnification of subfigures (C) and (D) on a smaller y-axis. 298 

The effect of specimen geometry on fiber engagement was further evaluated for Type C 299 

circumferential specimens (n = 54), which were more representative of specimens typically tested 300 

in experimental studies. Contributions to engagement from one- and no-grip fibers depended on 301 

specimen length: an increase in specimen length resulted in a nonlinear decrease in one-grip fiber 302 

engagement (Figure 5A – black circles) and a nonlinear increase in no-grip fiber engagement 303 

(Figure 5A – red circles). While one-grip fiber engagement increased with increasing specimen 304 

width, a clear relationship could not be observed between no-grip fiber engagement and specimen 305 

width. A linear relationship was observed between model-predicted linear-region modulus and 306 

each of one- and no-grip fiber engagement. Particularly, a strong positive correlation was observed 307 

between one-grip fiber engagement and tissue modulus (Fiber 5B – black line); a moderate 308 

negative correlation was observed between no-grip fiber engagement and tissue modulus as tissue 309 

tensile modulus decreased with increasing specimen length (Figure 5B – red line). To further 310 

evaluate the specimen size effect, five specimens with an aspect ratio of 4.0 were evaluated for 311 

linear-region modulus and fiber engagement (Figure 3C – dashed box). Between these specimens, 312 

it was observed that an increase in specimen size (length or width, Figure 5C only shows the effect 313 

of length) resulted in increased one- and no-grip fiber engagement (Figure 5C – red and black 314 

circles/lines). It should be noted that the model-predicted linear-region modulus increased with 315 

no-grip fiber engagement for specimens with a fixed aspect ratio, which was opposite to the general 316 

trend observed for Type C circumferential specimens (Figure 5B versus 5C). 317 
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 318 

Figure 5: (A) One- and no-grip fiber engagement with respect to specimen length and width 319 
for Type C circumferential specimens (n = 54). Specimens with 2.25 mm and 2.75 mm width 320 
followed a similar trend but were omitted for clarity. (B) Separate model-predicted linear-321 
region modulus with respect to one- and no-grip fiber engagement for Type C 322 
circumferential specimens. (C) One- and no-grip fiber engagement and separate model-323 
predicted linear-region modulus with respect to specimen length for circumferential 324 
specimens with an aspect ratio of 4.0 (n = 5). 325 

Applied stress was transmitted from the initially engaged fibers to the surrounding tissue 326 

through interfibrillar branches (Figure 6A – branches highlighted by white arrows). That is, 327 
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stresses were transmitted from gripped fibers, which were loaded immediately after applied tension 328 

and thus engaged at a lower specimen stretch, to the remaining tissue through the neighboring 329 

matrix and fibers. For Type A specimens, stress was transmitted laterally (i.e. transverse to the 330 

applied load; Figure 6A – Type A, black arrows). For Type C specimens, stress was transmitted 331 

longitudinally along the loading direction (Figure 6A – Type C, black arrows). Strain 332 

concentrations were primarily observed in two-grip fibers near the grip-line in Type A specimens 333 

(Figure 6B – Type A, red asterisks).  However, concentrated strains were observed near the grip-334 

line in one-grip fibers, and in the matrix at the specimen midlength periphery in Type C specimens 335 

(Figure 6B – Type C, red asterisks). Overall, uniform stress distributions occurred at a lower 336 

specimen stretch for Type A specimens than Type C specimens (Figure 6A). By contrast, uniform 337 

specimen strain distributions occurred earlier in Type C specimens (Figure 6B).  338 

 339 

Figure 6: Representative frontal mid-plane (A) stress and (B) strain distributions between 340 
1.09 and 1.18 stretch for Type A and C specimens. The 1.18 stretch step was selected due to 341 
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high fiber engagement with minimal concerns for bulk tissue failure, based on experimental 342 
results (Acaroglu et al. 1995; Ebara et al. 1996). Black arrows indicate stress transmission 343 
directions. White arrows highlight the interfibrillar branches where stresses were 344 
transmitted. Red asterisks represent strain concentrations. Specimen Types A and C appear 345 
at different scales for clarity. Results for Type B specimens were similar to results for Type 346 
A specimens and were omitted for clarity.  347 

 Tissue stress distributions differed greatly depending on whether the model was developed 348 

based on native tissue architecture (SEP; Figure 7A) or homogenization theory (HOM; Figure 349 

7B). In SEP models, stresses were dissipated between fibers as described above. By contrast, HOM 350 

models exhibited unrealistically large stresses concentrated at grip-lines while providing almost 351 

no information regarding stress transmission mechanisms (Figure 7A versus 7B – top surface and 352 

frontal mid-plane). At 1.15 specimen stretch, Type C specimen stresses were more evenly 353 

distributed along the specimen length in SEP models, while stresses were highly concentrated at 354 

the grip-line in HOM models (Figure 7A versus 7B – Type C). For Type A specimens, peak 355 

stresses were observed at the grip-line for both SEP and HOM models, but peak HOM stress was 356 

111% larger than peak SEP stress (89.58 versus 42.44 MPa at 1.15 stretch). Contrary to the stress 357 

distributions, strain distributions were comparable between SEP and HOM models (Figure 7C 358 

versus 7D).  359 
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 360 

Figure 7: (A) Representative separate model (SEP) stress distributions of front, top, and side 361 
surfaces, as well as frontal mid-planes for Types A and C specimens. The same schematic 362 
was used in remaining subfigures. (B) Representative homogeneous model (HOM) stress 363 
distributions for Types A and C specimens. Representative (C) SEP and (D) HOM strain 364 
distributions for Types A and C specimens. All stress and strain distributions were assessed 365 
at 1.15 stretch. Specimen Types A and C appear at different scales for clarity. Stress and 366 
strain distributions for Type B specimens were similar to those for Type A specimens and 367 
were omitted for clarity.  368 

 Relative fiber reorientation increased with specimen stretch for all specimens (Figure 8A). 369 

Relative fiber reorientation in Type C specimens increased linearly with applied stretch, agreeing 370 
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with experimental observations (Figure 8A – blue circles; Guerin and Elliott 2006; Vergari et al. 371 

2016); Type B specimens followed a similar trend (Figure 8A – orange circles). However, Type 372 

A specimens exhibited a diminished rate of fiber reorientation after ~1.05 specimen stretch (Figure 373 

8A – green circles). In circumferential specimens, relative fiber reorientation was 0.18  0.02 at 374 

1.09 stretch and increased with increasing specimen aspect ratio for Type A and B specimens but 375 

exhibited a decreasing trend with aspect ratio for Type C specimens (Figure 8B). A similar trend 376 

was observed for circumferential Poisson’s ratio, where model-predicted Poisson’s ratio increased 377 

with aspect ratio for Type A and B specimens but exhibited a decreasing trend with aspect ratio for 378 

Type C specimens (Figure 8C). Model-predicted circumferential Poisson’s ratio for Type C 379 

specimens was 1.99  0.14, agreeing with pooled experimental data (Figure 8C – inset: p = 0.39; 380 

Acaroglu et al. 1995; Elliott and Setton 2001; Guerin and Elliott 2006; O’Connell et al. 2009; 381 

Wagner and Lotz 2004). In Type C specimens, a moderate positive correlation was observed 382 

between fiber engagement and relative fiber reorientation (Figure 8D).  383 
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 384 

Figure 8: (A) Representative relative fiber reorientation with respect to specimen stretch. 385 
Experimental reorientation data in circumferential direction was plotted for comparison 386 
(Guerin and Elliott 2006). (B) Relative fiber reorientation with respect to specimen aspect 387 
ratio at 1.09 specimen stretch (n = 63). (C) Circumferential Poisson’s ratio with respect to 388 
specimen aspect ratio (n = 60). Inset: Separate (SEP) model-predicted Poisson’s ratio for 389 
Type C circumferential specimens compared to pooled experimental (EXP) data. Error bars 390 
represent standard deviations. Triangles denote representative specimen Types A, B, and C. 391 
(D) Fiber engagement with respect to relative fiber reorientation for Type C circumferential 392 
specimens at 1.09 specimen stretch (n = 54). 393 

Axial specimen fiber engagement was < 1% and no fiber elements were considered 394 

damaged at 1.09 specimen stretch. In axial specimens, relative fiber reorientation was 0.08  0.01 395 

at 1.09 specimen stretch (Figure 8B – red crosses). Fibers were not engaged until ~1.40 specimen 396 

stretch, resulting in a pseudo-linear stress–stretch response prior to that point (Figure 9A – red 397 

line); despite minimal engagement before ~1.40 specimen stretch, fibers immediately began 398 

reorienting towards the loading direction. Fiber reorientation in axial specimens occurred at a 399 
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lower rate compared to circumferential specimens (Figure 8A – red line versus blue line). Model-400 

predicted Poisson’s ratio was 0.44  0.10, which agreed well with pooled experimental data (0.58 401 

 0.25; p = 0.12; Elliott and Setton 2001; O’Connell et al. 2009; Wagner and Lotz 2004). 402 

Fiber and matrix stress–stretch responses in separate models were nonlinear for both 403 

circumferential and axial specimens (Figure 9B). Fiber and matrix stresses increased less rapidly 404 

in axial specimens than in circumferential specimens. In both circumferential and axial specimens, 405 

fiber and matrix stress contributions were comparable between the toe- and linear-regions (Figure 406 

9C). In circumferential specimens, fibers contributed more than 90% of the total stress while the 407 

matrix accounted for the remaining portion. Relative fiber stress contribution in axial specimens 408 

was significantly smaller than that in circumferential specimens (p < 0.001). Particularly, fibers 409 

contributed ~63% of the total stress while the matrix contributed ~37% (Figure 9C). 410 

 411 
Figure 9: (A) Representative axial stress–stretch response and frontal mid-plane stress 412 
distributions at 1.09 and 1.40 specimen stretch. (B) Representative separate model (SEP) 413 
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fiber and matrix stress–stretch response in both circumferential (circ.) and axial (ax.) 414 
directions. The gray vertical dashed line represents the stretch at which fiber engagement 415 
was analyzed (λ = 1.09). (C) Average relative fiber and matrix stress contributions in the toe- 416 
and linear-regions for specimens oriented along the circumferential and axial directions. 417 
Stress contribution data from a previously published two-dimensional constitutive model is 418 
shown for comparison (O’Connell 2009). Error bars represent standard deviations. * 419 
denotes p < 0.001.  420 
 421 
4.  Discussion 422 

This study utilized finite element modeling to investigate the effect of specimen geometry 423 

on AF tissue and sub-tissue level tensile mechanics. In particular, our previously validated, 424 

multiscale, structure-based FEM was applied to examine the geometry dependence of AF tensile 425 

modulus, Poisson’s ratio, fiber reorientation behavior, and sub-tissue level stress and strain 426 

distributions. The results of this study help explain previously observed variations in AF 427 

mechanical properties with respect to specimen geometry and loading orientation. Additionally, 428 

these findings reinforce the benefits of explicitly modeling tissue subcomponents when 429 

investigating multiscale tissue mechanics, including mechanisms of stress transmission and fiber–430 

matrix interactions. 431 

The modeling framework used in this study facilitated a comprehensive, structure-based 432 

fiber engagement analysis. Based on specimen geometry and initial fiber angle, only specimens 433 

with small length-to-width aspect ratios contained grip-to-grip fibers that spanned between both 434 

grip-lines (i.e. aspect ratio < 2.0 for circumferential and < 0.5 for axial specimens). Generally, 435 

experimental studies that evaluate AF tensile mechanics along the circumferential direction use 436 

specimens with aspect ratios larger than 2.6, which correspond to Type C specimens in our study 437 

(Acaroglu et al. 1995; Elliott and Setton 2001; Guerin and Elliott 2006; O’Connell et al. 2009; 438 

Wagner and Lotz 2004). Thus, it is expected that none of the circumferential human AF tensile 439 

data in the literature accounts for two-grip fiber engagement, which has a larger impact on tissue 440 
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tensile mechanics than one- and no-grip fibers due to additional boundary constraints that 441 

significantly increase fiber stresses (Figure 4C). The significant contribution of two-grip fibers 442 

has been experimentally corroborated in the axial direction, as previous studies showed that axial 443 

modulus differed by an order of magnitude due to the engagement of two-grip fibers in wide 444 

specimens tested with adjacent vertebrae (Adams and Green 1993; Green et al. 1993; Elliott and 445 

Setton 2001; O’Connell et al. 2009). 446 

The results of this study help explain the disproportionate increase in AF axial tensile 447 

modulus with specimen width that was previously reported in the literature (Adams and Green 448 

1993). Work by Adams and Green (1993) developed a mathematical fiber engagement model that 449 

suggested a linear relationship between axial tensile modulus and effective fiber length (i.e. fiber 450 

engagement) to account for variations in AF axial tensile modulus with specimen width. However, 451 

fiber engagement only partially accounted for variations in bulk tensile modulus. For example, 452 

representative specimen Type A and C had almost identical fiber engagement (66% versus 68%), 453 

but representative specimen Type A contained two-grip fibers and had a predicted linear-region 454 

modulus that was ~92% greater than that of representative specimen Type C (31.66 versus 16.47 455 

MPa, Figure 3), which had no two-grip fibers. The mathematical fiber engagement model 456 

developed by Adams and Green would fail to sufficiently predict this modulus difference 457 

(mathematical model predicted difference: 12%) since it was not able to differentiate the 458 

engagement of different fiber groups. 459 

Varying engagement of distinct fiber groups may also help explain the large differences 460 

between the tensile mechanics of tissues with aligned fibers and off-axis, angle-ply fibers (Figure 461 

1B – 𝜃 ≠  0 or 90°). For example, the mean reported human Achilles tendon tensile modulus 462 

ranged from 262 to 819 MPa (DeFrate et al. 2006; Hansen et al. 2012; Louis-Ugbo et al. 2004; 463 
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Shaw and Lewis 1997; Wren et al. 2001), which was an order of magnitude larger than the mean 464 

reported human AF circumferential linear-region modulus, which ranged from 18 to 29 MPa 465 

(Acaroglu et al. 1995; Elliott and Setton 2001; Guerin and Elliott 2006; O’Connell et al. 2009). 466 

Since the higher glycosaminoglycan content in the AF is not considered a major contributor to 467 

tensile mechanics along the fiber direction (Screen et al. 2006; Szczesny and Elliott 2014; 468 

Szczesny et al. 2017), differences in reported moduli may be largely due to differences in patterns 469 

of fiber engagement based on mechanical test specimen boundary conditions. That is, tendons have 470 

aligned collagen fibers that span between both testing grips while most AF specimens have no 471 

two-grip fibers. The lack of two-grip fiber engagement during testing can result in an 472 

underestimation of AF tensile properties, which are crucial for developing tissue repair and 473 

replacement strategies (Long et al. 2016; O’Connell et al. 2015).   474 

Explicitly modeling tissue subcomponents proved essential for examining stress 475 

transmission mechanisms, which are difficult to quantify experimentally in specimens containing 476 

off-axis fibers. The separate model predicted that stress was transmitted through interfibrillar 477 

branches (Figure 6A – white arrows), agreeing with experimental observations in tendons and 478 

highlighting the importance of fiber–matrix interactions (Szczesny and Elliott 2014; Szczesny et 479 

al. 2017). The separate model also elucidated an important energy dissipation mechanism via 480 

redistribution of stresses throughout the tissue with increasing specimen stretch (Figure 6A and 481 

7A – SEP), which was consistent with previous observations obtained from tendon shear lag 482 

models (Szczesny and Elliott 2014). Employing homogenization theory for model development 483 

provided more computationally efficient models, however these models were not capable of 484 

replicating tissue stress transmission and energy dissipation behaviors and resulted in large and 485 

physiologically improbable stresses (Figure 6A and 7B – HOM). 486 
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Fiber–matrix interactions help explain disparities between experimental measurements and 487 

computational model input parameters. Experimental measurements of AF tissue-level Poisson’s 488 

ratio, especially in the circumferential direction, are often more than three times larger than the 489 

theoretical limit for incompressible materials (theoretical maximum = 0.5) (Table 1; Acaroglu et 490 

al. 1995; Elliott and Setton 2001; Guerin and Elliott 2006; O’Connell et al. 2009; Wagner and Lotz 491 

2004). The matrix substance in the separate model was defined with a Poisson’s ratio of 0.3. 492 

Results from this study showed that fiber engagement increased with fiber reorientation, which led 493 

to greater tissue contraction in the transverse direction and hence larger bulk circumferential 494 

Poisson’s ratio values compared to the pre-defined matrix Poisson’s ratio (1.99 versus 0.3). 495 

Table 1: Summary of anterior annulus fibrosus in-plane Poisson’s ratio data reported in the 496 
literature (circ.: circumferential; ax.: axial). Data were pooled when applicable. Poisson’s 497 
ratio values were reported as “mean (standard deviation).” Experimental data taken from 498 
Acaroglu et al. 1995, Elliott and Setton 2001, Guerin and Elliott 2006, O’Connell et al. 2009, 499 
and Wagner and Lotz 2004. 500 

 501 
 502 

Fiber–matrix interactions also partially account for AF anisotropy. In the current study, 503 

axial specimens had significantly less fiber engagement compared to circumferential specimens 504 

(49–70%) due to significantly smaller fiber reorientation (77% difference, p < 0.001). The lower 505 

axial fiber engagement significantly decreased the relative fiber stress contribution, resulting in 506 

lower tensile moduli and Poisson’s ratios. The separate model predicted a tensile modulus of 11.36 507 

 3.00 MPa and Poisson’s ratio of 1.99  0.14 for circumferential specimens; these values are 4–508 

10 times larger than those for axial specimens (0.72  0.06 MPa and 0.44  0.11, respectively). 509 

Additionally, fiber–matrix interactions played an important role in specimen size effects. The 85% 510 
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increase in modulus across the range of specimen lengths was attributable to a 30% increase in no-511 

grip fiber engagement, which arose from increased fiber-matrix interactions in larger specimens 512 

(Figure 5C). 513 

Knowledge of sub-tissue level mechanical response is important for experimental designs 514 

(Avazmohammadi et al. 2018). Limited tissue availability often determines specimen aspect ratio. 515 

For example, reported AF circumferential specimen aspect ratios vary between 2.6 and 5.6 (i.e. 516 

Type C specimens in this study; Acaroglu et al. 1995; Elliott and Setton 2001; Guerin and Elliott 517 

2006; O’Connell et al. 2009). Our results, together with previous data, suggest that specimens with 518 

larger aspect ratios (aspect ratio > 4) have smaller variations in modulus and an increased 519 

likelihood of midlength failure based on local strain-based failure criteria (Werbner et al. 2017). 520 

However, due to limited stress transmission in these specimens, mechanical properties may be 521 

underestimated for applications that require a high level of fiber engagement, such as multi-522 

laminate angle-ply collagen patches (McGuire et al. 2017). Reducing specimen aspect ratio (aspect 523 

ratio < 4) resulted in larger and more uniform patterns of fiber engagement, and the boundary 524 

conditions better mimicked the in vivo anatomical constraints (White and Panjabi 1990). However, 525 

the use of such specimens is often avoided experimentally due to a higher likelihood of grip-line 526 

failure during testing (Werbner et al. 2017). These findings highlight the importance of reporting 527 

the tested specimen geometry in order to properly compare measured mechanical properties across 528 

studies. Additionally, the approach used in this study has the potential to guide the optimization of 529 

future experimental designs under the constraints imposed by tissue availability: researchers can 530 

perform parametric finite element modeling studies and adjust testing or data analysis protocols 531 

for the intended applications in order to obtain more relevant tissue mechanical properties. 532 
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Alternatively, planar biaxial loading can be used to increase fiber engagement during 533 

mechanical testing. Constraining or loading specimens in the transverse direction will make all 534 

fibers extend between testing grips (i.e. two-grip fibers), resulting in increased fiber engagement. 535 

Additionally, previous work showed that constitutive models developed using planar biaxial 536 

datasets more accurately predicted tissue mechanics under alternate loading modalities compared 537 

to models developed using only uniaxial tensile datasets (O’Connell et al. 2012). Unfortunately, 538 

limited tissue availability and complex testing setups have limited the use of biaxial biological 539 

tissue testing (Sun et al. 2005). Our previous work showed that the separate model can accurately 540 

describe AF mechanics under planar biaxial tension (Zhou et al. 2020). Thus, using uniaxial test 541 

data as a calibration input, the separate model can further complement experimental studies with 542 

more comprehensive investigations of complex loading conditions that better mimic physiological 543 

loading conditions.   544 

One limitation to this study was that the natural anatomical curvature of the disc was 545 

neglected when creating tissue-level rectangular specimen geometries, which could be an 546 

additional factor contributing to geometry-dependent tissue mechanics. Secondly, tissue damage 547 

was assessed using a local stress-based criterion; however, previous studies have suggested that 548 

AF failure may be driven by local strains (Werbner et al. 2017) or strain energy density (Ayturk et 549 

al. 2010; Ayturk et al. 2012). While the focus of this work was on fiber engagement, future work 550 

will investigate damage accumulation at the sub-tissue level. Additionally, the current model used 551 

a simplified fiber network and did not include descriptions of fiber dispersion or variations in fiber 552 

density and diameter, which have been shown to be associated with degeneration and diseases 553 

such as diabetes (Adams and Roughley 2006; Guo et al. 2012; Li et al. 2013; Svensson et al. 2018). 554 
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Therefore, subsequent model iterations will include variations in tissue structure (e.g. fiber 555 

diameter and density) and composition (e.g. proteoglycan content). 556 

This study used a multiscale, structure-based finite element model to examine the 557 

multiscale mechanics of annulus fibrosus specimens under uniaxial tensile loading. The model 558 

accurately predicted variations in tissue level tensile mechanics such as modulus and Poisson’s 559 

ratio, as well as sub-tissue level mechanics such as fibrillar stress distributions and fiber 560 

reorientation. Additionally, the results of this study elucidated important tissue stress transmission 561 

mechanisms, relative tissue subcomponent stress contributions, and fiber–matrix interactions. This 562 

study also provided a potential combined computational-experimental design framework for fiber-563 

reinforced biological tissues. In conclusion, the methods presented here can be used in conjunction 564 

with experimental data to simultaneously investigate both tissue and sub-tissue scale mechanics, 565 

which is important as the field of soft tissue biomechanics advances towards studies that focus on 566 

tissue degeneration, disease, and injury at smaller length scales (Iatridis and Gwynn 2004; Vergari 567 

et al. 2016).  568 

  569 
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