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 a b s t r a c t

The stomach plays a central role in digestion through coordinated muscle contractions, known 
as gastric peristalsis, driven by slow-wave electrophysiology. Understanding this process is crit-
ical for treating motility disorders such as gastroparesis, dyspepsia, and gastroesophageal reflux 
disease. Computer simulations can be a valuable tool to deepen our understanding of these disor-
ders and help to develop new therapies. However, existing approaches often neglect spatial het-
erogeneity, fail to capture large anisotropic deformations, or rely on computationally expensive 
three-dimensional formulations. We present here a computational framework of human gastric 
electromechanics, that combines a nonlinear, rotation-free shell formulation with a constrained 
mixture material model. The formulation incorporates active-strain, constituent-specific prestress, 
and spatially non-uniform parameter fields. Numerical examples demonstrate that the framework 
can reproduce characteristic features of gastric motility, including slow-wave entrainment, con-
duction velocity gradients, and large peristaltic contractions with physiologically realistic am-
plitudes. The proposed framework enables robust electromechanical simulations of the whole 
stomach at the organ scale. It thus provides a promising basis for future in silico studies of both 
physiological function and pathological motility disorders.

1.  Introduction

The stomach plays a central role in the gastrointestinal tract. It is concerned with storing, mixing, and grinding food. Fundamental 
to this functionality are rhythmic gastric contractions, which generate peristaltic waves that mix and propel food through the digestive 
tract. Perturbations of this system are associated with a broad spectrum of diseases and disorders, including obesity, which itself is a 
major risk factor for conditions such as cardiovascular disease. Other gastric motility disorders include gastroparesis, gastroesophageal 
reflux disease (GERD), and functional dyspepsia, all of which are linked to abnormal gastric motility [1,2]. A detailed understanding 
of gastric motility is therefore essential for the effective diagnosis and treatment.

Anatomically, the stomach is divided into three main regions (fundus, corpus, antrum) and exhibits both a so-called greater and 
lesser curvature as illustrated in Fig. 1. Despite its relatively thin wall (on average 2.8mm to 4.5mm in humans [3,4]) compared to its 
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Fig. 1. Anatomy and microstructure of the stomach. Left: Schematic of the stomach showing key anatomical regions. Right: Cross-sectional view 
of the gastric wall highlighting its layered structure and the orientation of the circular and longitudinal smooth muscle fibers. This organization 
informs the fiber architecture in the electromechanical model.

overall size (approximately 15 cm to 25 cm in length [3,4]), the gastric wall consists of distinct layers. The muscular layer, primarily 
responsible for gastric contractions, comprises two smooth muscle sheets: one oriented circumferentially and the other longitudinally. 
An additional oblique smooth muscle layer is restricted to the upper corpus near the esophagus. It is neglected in this study, as it 
plays a limited role in gastric peristalsis, which occurs mainly in the lower body and antrum [5].

The stomach exhibits intricate patterns of mechanical contraction [5]. Gastric motility is governed by complex electromechanical 
couplings comprising at least two cell types, interstitial cells of Cajal (ICCs) and smooth muscle cells (SMCs) [6]. ICCs, arranged in a 
distributed network, act as pacemaker cells generating electrical activity in the form of slow waves [7]. Being self-excitatory, ICCs show 
peculiar features of nonlinear coupled oscillators [8,9]; i.e., they generate electrical activity at specific intrinsic frequencies while the 
integrated network synchronizes at a unified emerging frequency. This so-called entrainment generates ordered waves at the highest 
intrinsic frequency of approximately 3 cpm (cycles per minute). The highest intrinsic frequency is observed near the pacemaker region 
at the mid-corpus along the greater curvature. The intrinsic frequency decreases longitudinally and circumferentially and assumes its 
minimum near the pylorus at the lesser curvature [2]. The SMCs are electrically coupled to ICCs, such that the electrical slow waves 
coordinate the contractions of the SMCs via an elaborate excitation–contraction mechanism [10,11]. These contractions can produce 
substantial gastric wall deformations, with amplitudes measured in the range of 7mm to 20mm [12–14].

Despite its physiological importance, the biomechanics of the gastric motility remains poorly understood, both in terms of the 
underlying biophysical mechanisms and their theoretical and computational modeling. The latter, integrated with medical imaging, 
has emerged as a powerful, non-invasive tool for investigating biomechanical systems. Robust, physiologically accurate whole-organ 
electromechanical models hold great promise for advancing our understanding of gastric (dys-)function; however, such models remain 
scarce in the literature, and numerous critical computational challenges persist.

Early whole-organ modeling approaches of the stomach focused primarily on its electrophysiological system [15]. More recently, 
models incorporating mechanical phenomena have also been proposed. Our previous work [16] was the first to simulate gastric 
electromechanics on an idealized whole-organ geometry, reproducing key phenomena. However, it relied on a highly simplified 
geometry and material model of the tissue and could deal only with very limited contraction amplitudes due to reduced numerical 
robustness that resulted from the use of membrane finite elements to discretize the thin wall of the stomach. Subsequent develop-
ments have advanced mechanical modeling toward anatomically realistic stomach geometries. [17] examined gastric deformation in 
animal-specific models but were restricted to passive tissue mechanics. Similarly, [18,19] applied a passive mechanical framework 
to analyze patient-specific bariatric surgery, precluding the simulation of active motility. In contrast, [20,21] proposed an electro-
chemomechanical model for the porcine stomach, using an active-stress formulation and incorporating mechano-electric feedback to 
capture propagating contraction waves. While their approach was particularly advanced in terms of the electro-chemical components, 
several limitations remained such as an unrealistic antrum activation and mild contraction intensity.

The thin-walled structure of the stomach lends itself naturally to reduced-dimensional formulations, such as membrane or shell 
models. While membrane models are computationally efficient, they neglect bending stiffness, limiting their application in re-
gions with high curvature and large contractions. Nonlinear shell formulations capture both membrane and bending effects under 
large deformations and are thus preferable for accurate gastric biomechanics. Shell models have proven effective for studying the 
biomechanics of thin-walled structures like arteries. For example, [22] introduced a layer-specific axisymmetric shell formulation 
within a constrained mixture model to study arterial growth and remodeling. [23] used a Kirchhoff-Love shell in an isogeomet-
ric framework for cardiac atrial electromechanics, leveraging assumptions of inextensible directors and negligible transverse shear. 
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[24,25] developed a nonlinear, rotation-free shell formulation for vascular biomechanics based on the Kirchhoff-Love theory, utilizing 
midsurface displacement and a director vector to capture thickness stretch, which is statically condensed to enforce incompressibility 
via a plane stress condition. [25] also compared their shell formulation with membrane and solid elements in vascular bifurcations, 
demonstrating that the shell approach offers an optimal balance between computational cost and accuracy.

However, these cardiovascular findings cannot be directly translated to gastric tissue. Although the stomach wall is thicker than 
vascular tissues—where shell models have been successfully applied—it remains thinner than the ventricular wall of the heart, which 
typically requires solid finite element formulations. Cardiac ventricular models must capture thickness- and sheet-dependent features 
such as fiber rotational anisotropy, necessitating advanced, structure-based modeling frameworks [26–29]. The substantial wall 
thickness of the cardiac chambers, particularly the left ventricle, demands solid finite element to achieve physiologically accurate 
and mechanically reliable simulations [30–33].

In summary, the persisting challenges in whole-organ coupled electromechanical modeling of the human stomach include the treat-
ment of large nonlinear deformations, the treatment of the multiple spatially heterogeneous tissue properties, and the accommodation 
of substantial inter-individual variability. These variabilities encompass patient-specific geometries and complex, heterogeneous spa-
tial propagation and motility patterns [34].

Therefore, addressing these challenges requires a robust yet flexible description of: (1) the anatomical location and functional 
distribution of pacemaking regions, (2) the amplitude and velocity of slow waves across different subregions, and (3) the coupling of 
a spatiotemporal reaction-diffusion process with a fully nonlinear finite elasticity framework, capable for both geometric and material 
nonlinearities to capture very large deformations within complex computational domains.

As in most biomechanical applications, the intrinsic multiscale nature of the system requires ad hoc simplifying assumptions, which 
allow the construction of a reliable computational framework to advance understanding of a specific subproblem. Accordingly, in 
this paper, we focus on the electromechanical modeling and computational implementation of gastric motility, while disregarding 
fluid-structure interaction. Building on our previous work [16], which introduced a preliminary electromechanical framework lim-
ited to basic material models, simplified geometries, and reduced contractions, we substantially extend the approach in the present 
study. Here, we generalize the formulation within the framework of constrained mixture theory [35], incorporate an anisotropic 
active strain model [36,37], and integrate spatially varying electrophysiological and mechanical fields derived automatically from 
the organ geometry. To address the challenges posed by large deformations and nonlinear material behavior in the gastric wall, we 
transition from the previously employed membrane-based formulation to a 7-parameter shell model [38,39], which captures thickness 
stretch and transverse shear. Additionally, we introduce a whole-organ gastric motility model that accounts for heterogeneous param-
eter fields. These fields encode regional variations in key physiological features, including intrinsic slow wave frequency, electrical 
conductivity, tissue stiffness, and active contractility, across the full gastric domain. Unlike previous approaches that rely on discrete 
anatomical subregions or piecewise-constant parameters, our framework defines smooth parameter gradients informed by anatomy 
and physiology. This enables realistic simulation of entrainment, wave propagation, and peristaltic contractions, while preserving 
continuity and anatomical fidelity throughout the domain.

We demonstrate the capabilities of our model by simulating a realistic human stomach geometry, incorporating prestress, re-
gionally varying material properties, and non-uniform boundary conditions. The study highlights the improved performance of the 
7-parameter shell compared to membrane and solid element formulations through a rigorous computational comparison of electrome-
chanical motility and demonstrates how regionally varying heterogeneous fields enable spatially accurate simulation of contraction 
patterns. We provide an open-source implementation of our formulation within the multiphysics simulation framework 4C [40].

The remainder of this paper is organized as follows. Section 2 introduces the electromechanical model, comprising the 7-parameter 
shell formulation, the constrained mixture material model with prestress and active strain, the electrophysiology model, the non-
uniform parameter distributions, and the applied boundary and initial conditions. Section 3 discusses numerical aspects, including 
convergence studies and a comparison of membrane, shell, and solid element formulations. Section 4 presents numerical examples, 
examining the physiological coordination and activation intensities of longitudinal and circular muscle layers and demonstrating 
whole-organ simulations of gastric motility. Finally, Section 5 summarizes conclusions, discusses limitations, and outlines directions 
for future work.

2.  Electromechanical model

Herein, we indicate the scalar product with (⋅), the cross product with (×), the double contraction with (∶), and the dyadic product 
with (⊗). Additionally, (∇) and (Δ = ∇2) represent the Nabla and Laplace operators, respectively. The determinant is denoted as 
(det(⋅)). Einstein index notation is adopted along with covariant and contravariant basis functions.

We start by setting the mathematical and mechanical framework which is based on the general theory of nonlinear continuum me-
chanics (e.g. [41]). A material point 𝑿 in the reference configuration ΩR is mapped to a spatial position 𝒙 in the current configuration 
Ωt at time 𝑡 via 

𝒙 ∶ ΩR × [0,∞) → Ωt; (𝑿, 𝑡) ↦ 𝒙(𝑿, 𝑡) . (1)

This results for each point in a displacement 
𝒖 = 𝒙 −𝑿 . (2)

The deformation gradient 
𝑭 = 𝜕𝒙

𝜕𝑿
(3)
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characterizes the local deformation of the material. If diagonalized, its diagonal elements represent the principal material stretches 
in the three principal stretch direction.

2.1.  Structural model: Nonlinear 7-parameter shell

The stomach is a thin-walled, curved structure (see Fig. 1), which aligns with the core assumption of shell formulations: one 
dimension (the thickness) is much smaller than the other two (in-plane) dimensions. Based on this assumption, we briefly summarize 
the mathematical formulation of the 7-parameter shell originally proposed in [38,39].

2.1.1.  Geometry
A shell can effectively be described by a two-dimensional (2D) manifold—the so-called midsurface—embedded in the three-

dimensional (3D) space. The shell midsurface is parameterized by a set of curvilinear coordinates {𝜃1, 𝜃2} ∈ [−1, 1], where 𝜃1 and 
𝜃2 represent the in-plane directions of the midsurface. The out-of-plane (thickness) direction is denoted by 𝜃3 ∈ [−1, 1]. The vectors 
𝑿 and 𝒙 denote the position vectors of the midsurface projection (i.e., at 𝜃3 = 0) of a material point in the reference and current 
configurations, respectively. The covariant basis vectors on the shell midsurface (𝜃3 = 0) are defined as: 

𝑨𝑘 =
𝜕𝑿(𝜃1, 𝜃2)

𝜕𝜃𝑘
, 𝒂𝑘 =

𝜕𝒙(𝜃1, 𝜃2)
𝜕𝜃𝑘

, 𝑘 = 1, 2 . (4)

The shell director vector in the reference configuration is perpendicular to 𝑨1 and 𝑨2, and is normalized with the initial half-
thickness of the shell 

𝑨3 =
𝐻
2

𝑨1 ×𝑨2
|𝑨1 ×𝑨2|

. (5)

Assuming a linear variation of the displacements across the thickness, the position vectors of an arbitrary point within the shell 
body in the reference and current configurations reads 

𝑿 = 𝑿(𝜃1, 𝜃2) + 𝜃3𝑨3 and 𝒙 = 𝒙(𝜃1, 𝜃2) + 𝜃3𝒂3 , (6)

where 𝒂3 is the shell director vector in the current configuration. With the previous definitions, the basis vectors of a point within 
the shell body are defined as

𝑮𝑘 = 𝜕𝑿
𝜕𝜃𝑘

, 𝑘 = 1, 2 and 𝑮3 = 𝑨3 , (7)

𝒈𝑘 = 𝜕𝒙
𝜕𝜃𝑘

, 𝑘 = 1, 2 and 𝒈3 = 𝒂3 . (8)

The covariant and contravariant basis vectors in the reference (𝑮𝑘) and in the current (𝒈𝑘) configurations satisfy the orthonormality 
relations 𝑮𝑘 ⋅𝑮𝑙 = 𝛿𝑙𝑘 and 𝒈𝑘 ⋅ 𝒈𝑙 = 𝛿𝑙𝑘, where 𝛿𝑙𝑘 denotes the Kronecker delta.

2.1.2.  Kinematics
The displacement field 𝒖 of a material point is defined in terms of quantities referred to the midsurface as follows: 

𝒖 = 𝒙 −𝑿 = 𝒙 −𝑿 + 𝜃3(𝒂3 −𝑨3) = 𝒗 + 𝜃3𝒘 , (9)

with 𝒗 representing the displacement of the shell midsurface and 𝒘 the difference vector of the shell directors between the reference 
and deformed configurations.

The deformation gradient associated with the motion is defined as 𝑭 = 𝜕𝒙∕𝜕𝑿 = 𝒈𝑘 ⊗𝑮𝑘, and its Jacobian is 𝐽 = det𝑭 > 0. Based 
on the deformation gradient, one can define the so-called right Cauchy-Green deformation tensor 𝑪 = 𝑭 𝑇𝑭 , and the material Green-
Lagrange strain tensor as 𝑬𝑢 = 1∕2(𝑪 − 𝑰) = 𝐸𝑢

𝑘𝑙𝑮
𝑘 ⊗𝑮𝑙, where 𝑰 is the second order identity tensor, and 𝐺𝑘𝑙 = 𝑮𝑘 ⋅𝑮𝑙 and 𝑔𝑘𝑙 = 𝒈𝑘 ⋅ 𝒈𝑙

identify the metric coefficients of the reference and current configurations, respectively.
According to the enhanced assumed strain (EAS) method [39,42], an independent strain field 𝑬̃ is introduced to avoid artificial 

stresses in the thickness direction, resulting in the total Green-Lagrange strain tensor 𝑬 = 𝑬𝑢 + 𝑬̃. The additional strains affect only 
the transversal normal strains, i.e.,

𝐸𝑘𝑙 = 𝐸𝑢
𝑘𝑙 , (𝑘, 𝑙) ≠ (3, 3), (10)

𝐸33 = 𝐸𝑢
33 + 𝐸̃33 = 𝑨3 ⋅𝒘 + 1

2
𝒘 ⋅𝒘 + 𝜃3𝛽 , (11)

where 𝛽 represents the seventh degree of freedom, which leads to the 7-parameter shell model.

2.1.3.  Constitutive model
In line with the previous procedure, the constitutive operator of the shell is referred to the shell midsurface. This requires the 

numerical pre-integration of the constitutive tensor ℂ over the thickness direction. The resulting midsurface-based (pre-integrated) 
constitutive tensors 𝔻(𝑀), corresponding to the 𝑀-th thickness moment, are defined as 

𝔻(𝑀) = ∫

+1

−1
(𝜃3)𝑀

(𝐻
2

)𝑀
𝜇̂ℂ d𝜃3 , 𝑀 ∈ {0, 1, 2} with 𝜇̂ =

(𝑮1 ×𝑮2) ⋅𝑮3
‖𝑨1 ×𝑨2‖

, (12)
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where 𝜇̂ represents the determinant of the shell shifter tensor [38,39], which transforms a volume integral into an integration over 
the shell midsurface.

Leveraging these definitions and employing the principle of internal virtual work [41], the static mechanical equilibrium of the 
shell, considering the differential shell volume d𝑉 = 𝜇̂ d𝜃3d𝐴, is expressed as 

𝛿𝑊 = ∫ΩR
𝑷 ∶ 𝛿𝑭 d𝑉 = ∫ΩR ∫

+1

−1
𝑷 ∶ 𝛿𝑭 𝜇̂ d𝜃3d𝐴 = 0, (13)

where 𝑷 = 𝜕Ψ∕𝜕𝑭  represents the first Piola-Kirchhoff stress tensor, ΩR is the shell midsurface in reference configuration, and d𝐴 is 
its differential area element.

2.2.  Material model: Constrained mixture theory

2.2.1.  General
The gastric microstructure is represented as a mixture of three load-bearing constituents: an isotropic ground matrix, mainly 

elastin, and two fiber families composed of collagen and SMCs. The fiber families are oriented in longitudinal and circumferential 
direction respectively, cf. Fig. 4d and  4e. For simplicity, we do not distinguish between collagen and smooth muscle fibers. Instead, 
we assume that the fiber families in our model represent both. Each constituent is modeled individually and characterized by its 
mass fraction, material properties, and the prestress it exhibits in the in vivo reference configuration [35]. We denote quantities 
associated with a specific constituent by a superscript 𝑖 ∈ 𝐼 , where 𝐼 is an index set of cardinality 𝑁 , corresponding to the number 
of constituents.

Following the constrained mixture model, we assume that all constituents are locally entangled and deform together without 
relative motion between them, such that 𝑭 = 𝑭 𝑖, where 𝑭 𝑖 is the deformation gradient of the 𝑖-th constituent. Intuitively, 𝑭  captures 
the overall visible deformation of the tissue, for example, how it expands or contracts during digestion.

The deformation of biological tissues, including that of the stomach, can often be decomposed into three major contributions. 
They can be accounted for by a multiplicative decomposition of the deformation gradient of each constituent as 

𝑭 = 𝑭 𝑖
e𝑭

𝑖
a𝑭

𝑖
gr . (14)

Here, 𝑭 𝑖
e represents the elastic part of the deformation. 𝑭 𝑖

a models that gastric tissue exhibits active muscular contractions. The 
resulting deformation is not an elastic one but an active (inelastic) change of the natural configuration of a tissue volume element. It 
can be accounted for by a so-called active strain approach [36,37] through an active part 𝑭 𝑖

a of the deformation gradient. Ultimately, 
one has to account for the fact that biological tissues are in general able to grow and remodel. Growth and remodeling induces 
permanent, inelastic changes of the stress-free natural configuration of a tissue and can be modeled by a related inelastic part of the 
deformation gradient 𝑭 𝑖

gr [43]. In the following, we describe in detail how the individual components of the deformation gradient 
are defined and computed.

2.2.2.  Reference and initial configuration
First of all, we define an initial configuration Ω0 at time 𝑡 = 0. This initial configuration is acquired from medical imaging. For 

simplicity, we assume herein that the image was taken in a state where active muscle tension was absent or at least negligibly small, 
that is, 𝑭 𝑖

a = 𝟎. This assumes that the image was taken when the stomach was in a state of rest where peristaltic contractions have 
not yet started. In fact, such contractions typically start only with some delay after ingestion of food or liquids. In future work also 
other assumptions about active stress in the initial configuration can be applied without changing the overall framework proposed 
here. For example, a baseline muscle tone depending on certain control mechanisms in the nervous system could be assumed. Here 
we skip such advanced hypotheses because at the moment we lack data to translate them into viable model parameters. While the 
initial configuration Ω0 may be—at least nearly—free from active stress it will yet exhibit passive stress from the tissue elasticity due 
to the physiological loading that results from the internal gastric pressure 𝑝. As imaging of an empty stomach is much harder than of 
a filled stomach, medical images of the stomach will typically capture a situation with a non-negligible internal pressure 𝑝. Therefore, 
both 𝑭 𝑖

e and 𝑭 𝑖
gr will in general be non-zero in the initial configuration Ω0. To determine both, we first have to agree on a reference 

configuration. In principle, in continuum mechanics the reference configuraton can be chosen nearly arbitrarily. However, there are, of 
course, specific choices that make computations particularly easy. A beneficial choice in that sense is the configuration Ω𝑅 illustrated 
on the lower left in Fig. 2. In this configuration, the stomach has exactly the same shape as in the initial configuration Ω0 acquired 
directly from medical imaging. However, the material is assumed to be completely free of any stress which includes also an absence 
of any external loading. Importantly, this reference configuration ΩR is a purely fictitious one. That is, it is a mathematical construct 
that represents a situation that has been present in reality at no point in time. However, it is helpful as a basis for computations. 
Given that we assume—as discussed above—that 𝑭 𝑖

a is zero at time 𝑡 = 0, the deformation gradient mapping the fictitious reference 
configuration ΩR to the initial configuration Ω0 is simply 

𝑭 (0) = 𝑭 𝑖
e(0)𝑭

𝑖
gr = 𝑰 . (15)

Here, 𝑭 (0) and 𝑭 𝑖
e(0) denote the deformation gradient at 𝑡 = 0 and its elastic part, respectively. The requirement 𝑭 (0) = 𝑰 results 

from our definition that in ΩR and Ω0 our body exhibits the same geometry. That is, in the fictitious configuration ΩR, each material 
point lies at the same position as in the initial configuration Ω0 acquired from medical imaging. Herein, we do not study growth 
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Fig. 2. We define a fictitious reference configuration ΩR whose geometry is identical to the one acquired through medical imaging, but where we 
assume that the whole material is free of stress. The shape of the initial configuration Ω0 is identical to the one of ΩR, so that 𝑭 (0) = 𝑰 . However, 
in Ω0, the body is subjected to physiological loading, which introduces some prestress and thus elastic deformation through 𝑭 𝑖

e(0). The constant 
𝑭 𝑖
gr generally represent some inelastic deformation from growth and remodeling before time 𝑡 = 0. In subsequent, deformed configurations, the 

deformation gradient additionally comprises an active part 𝑭 𝑖
a(0), representing muscle contraction. At each point, the material is a mixture of 

collagen fibers and SMCs in longitudinal (𝑖 = l) and circumferential (𝑖 = c) directions, as well as the ground matrix (𝑖 = gm).

and remodeling of gastric tissue. That is, we assume that such processes do not happen on the time scale of peristaltic contractions 
that is relevant for this article. This is motivated by the fact that growth and remodeling typically happens on the time scale of 
weeks to months, whereas peristaltic contractions happen on the time scale of minutes to hours. Therefore, the inelastic part of the 
deformation gradient due to growth and remodeling, 𝑭 𝑖

gr, captures only effects of previous growth and remodeling in the past. It can 
thus be assumed in the above Eq. 15 to be a constant in time. To determine this constant for each constituent, we essentially rely on 
concepts for prestress computation proposed by [44] and [45] and recently used also by [46]. Details are discussed below.

2.2.3.  Material elasticity
The elastic part of the deformation gradient, 𝑭 𝑖

e, ultimately results from the passive elasticity of the tissue such that it ensures 
everywhere geometric compatibility and balance of linear momentum. Therefore, to compute it, one needs a model that relates 𝑭 𝑖

e
to a specific strain energy from which then elastic stresses can be computed. To model the passive elastic response of the stomach 
wall in a constrained mixture framework, we define the total strain energy Ψ of the mixture as a sum of the strain energies of the 
different constituents. For each constituent the strain energy Ψ𝑖 per unit volume can be expressed as a product of the strain energy 
per unit mass 𝑊 𝑖 and the (referential) mass density 𝜌𝑖0. This results in 

Ψ(𝑭 ) =
𝑁
∑

𝑖=1
Ψ𝑖(𝑭 𝑖

e) =
𝑁
∑

𝑖=1
𝜌𝑖0𝑊

𝑖(𝑭 𝑖
e) . (16)

Notably, the strain energy of the 𝑖-th constituent depends only on the elastic part of deformation gradient 𝑭 𝑖
e.

In our stomach model, anisotropic stiffness contributions arise from smooth muscle and collagen fiber families arranged in pref-
erential directions (longitudinal and circumferential), whereas the isotropic ground matrix is attributed to the elastin network. For 
sake of conciseness, the specific form of the strain energy functions 𝑊 𝑖 used to characterize each constituent are provided in A. These 
expressions follow established formulations (e.g. [41,47]) and are not repeated here to focus on model integration and physiological 
specificity.

2.2.4.  Prestress
From Eq. 15, one can see immediately that the effects of growth and remodeling prior to time 𝑡 = 0 that are captured by 𝑭 𝑖

gr are 
exactly the inverse of the elastic prestretch 𝑭 𝑖

e(0) in the initial configuration. So, determining 𝑭 𝑖
gr is basically identical to determining 

the elastic prestretch or prestress in the initial configuration. To this end, one has to identify 𝑭 𝑖
e such it ensures mechanical equilibrium 
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Fig. 3. Flowchart of the iterative prestress algorithm for computing for the ground matrix the tensor 𝑭 gm
gr  that characterizes the inelastic deformation 

through tissue formation prior to time 𝑡 = 0 and thus determines the elastic prestress in the loaded configuration at 𝑡 = 0. This tensor is adopted 
iteratively such that the deformation between reference and initial configuration becomes smaller and smaller until it vanishes within a certain 
tolerance 𝜖.

for the given loading in the initial configuration. Such inverse problems are in general ill-posed, especially if the tissue is modeled 
as a mixture of several constituents whose elastic deformation in the initial configuration can vary independently (as is the case 
here because in principle also the 𝑭 𝑖

gr can vary independently). One typically needs some physiologically reasonable assumptions to 
overcome the ill-posedness of such problems. To this end, we rely on the concept of tensional homeostasis. It is well-known that a 
continuous turnover of mass in collagenous tissues ensures that collagen fibers in healthy tissues typically reside in some mechanical 
target state, the homeostatic state. Although the precise definition of this state remains under debate, many models assume that 
its hallmark is a specific homeostatic fiber stress [48]. Herein, we adopt this assumption. That is, we assume that for the fibers in 
our material, the inelastic deformation gradient 𝑭 𝑖

gr is such that the fibers exhibit a specific homeostatic fiber stress. As this fiber 
stress is easy to translate in a fiber stretch, which again is easy to translate into the respective 𝑭 𝑖

gr, both 𝑭 𝑖
e and 𝑭 𝑖

gr are directly 
determined by the hypothesis that the collagen and muscle fibers in the stomach are in the initial configuration in their homeostatic 
state. This reduces the inverse problem to determining the 𝑭 gm

e  and 𝑭 gm
gr  of the ground matrix. The ground matrix consists to a large 

extent of elastin. Elastin forms a highly elastic largely isotropic protein network that enables reversible shape changes. In particular 
the high water content makes the ground matrix nearly incompressible under the conditions relevant herein. Hence, we model the 
ground matrix as an isotropic, elastic, incompressible material (cf. A). This directly leads to the assumption that 𝑭 gm

gr  is isochoric and 
rotation-free, i.e., symmetric.

To solve then the inverse problem, we use the iterative prestress algorithm that is illustrated in Fig. 3 and based on [44–46]. We 
initialize the algorithm with 𝑭 gm

gr = 𝑰 . During the first 𝑘𝑝 iterations, the intraluminal pressure 𝑝 and fiber prestretches 𝜆𝑖e, 𝑖 ∈ c, l are 
gradually increased to the known intragastric pressure in vivo and the homeostatic stretch of collagenous fibers. For all subsequent 
iterations (𝑘 ≥ 𝑘𝑝), both are held constant. In each iteration, we use the current guess 𝑭 gm

gr,𝑘 to solve the nonlinear equilibrium equations 
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through a Newton-Raphson method. Subsequently, we evaluate the deformation gradient 𝑭 𝑘 and its isochoric part 𝑭 𝑘 = det(𝑭 𝑘)−
1∕3𝑭 𝑘. 

Ultimately, we seek to determine 𝑭 gm
gr,𝑘 such that the deformation gradient is equal to the identity tensor so that the shape of the 

reference and initial configuration are identical as required by definition. If 𝑭 𝑘 is not yet equal to the identity tensor within a 
sufficiently small tolerance, we have to modify 𝑭 gm

gr  such that we move closer towards this state in the next iteration step. To achieve 
this, we have to make sure that the stretches implied by 𝑭 gm

gr,𝑘+1 become smaller than the ones implied by 𝑭
gm
gr,𝑘 in exactly those 

principal directions where 𝑭 𝑘 has eigenvalues larger than one and vice versa. This can be achieved by multiplying 𝑭 gm
gr  with the 

inverse of 𝑭 𝑘. Therefore, we compute 
𝑭
trial
gr,𝑘 = 𝑭

−1
𝑘 𝑭 gm

gr,𝑘 . (17)

To eliminate the rotational part, we perform a polar decomposition 
𝑭
trial
gr,𝑘 = 𝑹

trial
gr,𝑘 𝑼

trial
gr,𝑘 , (18)

where 𝑹trial
gr,𝑘  is a proper orthogonal rotation tensor and 𝑼

trial
gr,𝑘  a symmetric positive-definite (right) stretch tensor. Finally, we update 

𝑭 gm
gr,𝑘+1 = 𝑼

trial
gr,𝑘 . (19)

This update ensures that 𝑭 gm
gr  remains symmetric and isochoric. The iterations continue until the maximum Euclidean norm of the 

displacement ‖𝒖𝑘‖∞ drops below some fixed tolerance 𝜖. Once this has been achieved, the algorithm has identified a value of 𝑭 gm
gr

that implies an elastic prestress ensuring the balance of linear momentum is satisfied in the initial configuration.

2.2.5.  Active strain
Active deformation of the gastric wall arises from the contraction of SMCs. These are directional contractile units that contract only 

along their fiber direction. In the stomach wall, two primary muscle fiber directions are present, the circumferential and longitudinal 
direction [5], represented by the unit vectors 𝒇 cR and 𝒇 lR in the reference configuration. For these two fiber families, we adopt a 
transversely isotropic, isochoric active deformation gradient 

𝑭 𝑖
a = (1 − 𝛾𝛼𝑖)𝒇 𝑖

a ⊗ 𝒇 𝑖
gr +

1
√

1 − 𝛾𝛼𝑖
(𝑰 − 𝒇 𝑖

a ⊗ 𝒇 𝑖
gr) , 𝑖 ∈ {c, l}. (20)

Here, 𝛾 denotes the muscle activation, and 𝛼𝑖 is a material parameter controlling the magnitude of active contractility along the 
corresponding fiber directions. The active contraction through 𝑭 𝑖

a is assumed to be volume-preserving, that is, the contraction is 
coupled with a transverse expansion such that det(𝑭 𝑖

a) = 1. The active deformation gradient 𝑭 𝑖
a is a two-point tensor relying on the 

unit basis vectors 

𝒇 𝑖
gr =

𝑭 𝑖
gr𝒇

𝑖
R

‖𝑭 𝑖
gr𝒇

𝑖
R‖

and 𝒇 𝑖
a =

𝑭 𝑖
a𝒇

𝑖
gr

‖𝑭 𝑖
a𝒇

𝑖
gr‖

. (21)

Geometrically, 𝒇 𝑖
gr is the fiber direction in the intermediate configuration that results from applying 𝑭 𝑖

gr only, and 𝒇 𝑖
a is the fiber 

direction in the intermediate configuration resulting from applying first 𝑭 𝑖
gr and then additionally 𝑭 𝑖

a. Here, we focus on physiological 
time scales where long-term growth and remodeling are negligible compared to the fast electromechanical dynamics. Any fiber 
rotation from growth and remodeling before 𝑡 = 0 can be accounted for by the choice of the reference fiber direction 𝒇 𝑖

R without 
loss of generality. Hence, we can assume 𝑭 𝑖

gr to be a rotation-free prestretch tensor. Moreover, muscular contraction is assumed to 
shorten the fiber but not to change its direction in space. Therefore, neither 𝑭 𝑖

gr nor 𝑭 𝑖
a rotate the fiber direction in space. Hence, 

𝒇 𝑖
a = 𝒇 𝑖

gr = 𝒇 𝑖
R so that 

𝑭 𝑖
a = (1 − 𝛾𝛼𝑖)𝒇 𝑖

R ⊗ 𝒇 𝑖
R + 1

√

1 − 𝛾𝛼𝑖
(𝑰 − 𝒇 𝑖

R ⊗ 𝒇 𝑖
R) , 𝑖 ∈ {c, l} . (22)

In accordance with [16], we assume that the muscle activation 𝛾 is a direct function of the SMCs transmembrane voltage 𝑣smc, i.e., 
𝛾 = 𝛾(𝑣smc). While this represents a simplification of the complex excitation-contraction coupling mechanism in gastric SMCs, [16] 
demonstrated that it yields a sufficiently accurate model of electromechanical coupling for organ-scale simulations. The activation 
function is given by 

𝛾(𝑣smc) =
(

1 − 𝑒−𝛽1(𝑣
smc−𝑣thr))(1 − 𝑒−𝛽2(𝑣

smc−𝑣thr))𝐻(𝑣smc − 𝑣thr) , (23)

where 𝛽1 and 𝛽2 govern the 𝐶𝑎2+ dynamics and the opening of voltage-dependent calcium channel (VDCC), respectively. The Heaviside 
function 𝐻(𝑣smc − 𝑣thr) ensures contraction is triggered only when the 𝑣smc exceeds a threshold value 𝑣thr, representing the opening 
voltage of VDCC 

𝐻(𝑣smc − 𝑣thr) =

{

0, 𝑣smc ≤ 𝑣thr ,
1, 𝑣smc > 𝑣thr .

(24)

The isotropic ground matrix, primarily composed of elastin, cannot contract actively, i.e., 𝑭 gm
a = 𝑰 . Due to kinematic coupling in 

the constrained mixture, elastin is impelled to undergo the same deformation as the surrounding smooth muscle fibers. Since it lacks 
an active mechanism, its response is purely elastic through 𝑭 gm

e , ensuring that the total deformation 𝑭 𝑖 remains identical across all 
constituents.
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2.3.  Electrophysiological model

We employ a phenomenological approach to model gastric electrophysiology [49,50]. The normalized transmembrane potentials 
of ICCs and SMCs are represented by the spatio-temporal scalar functions 𝑣icc ∶ Ω0 × [0,∞) → [0, 1] and 𝑣smc ∶ Ω0 × [0,∞) → [0, 1], 
respectively. The propagation of these potentials across the gastric tissue is governed by two coupled monodomain formulations 

⎧

⎪

⎨

⎪

⎩

𝜒 icc 𝜕𝑣
icc

𝜕𝑡
= ∇ ⋅ (𝜎icc∇𝑣icc) − 𝜒gap𝐷gap(𝑣icc − 𝑣smc) + 𝜒 icc𝐼 iccion

𝜒 smc 𝜕𝑣
smc

𝜕𝑡
= ∇ ⋅ (𝜎smc∇𝑣smc) + 𝜒gap𝐷gap(𝑣icc − 𝑣smc) + 𝜒 smc𝐼 smcion

, (25)

where 𝜎icc and 𝜎smc denote the isotropic diffusion coefficients associated with ICCs and SMCs, respectively, with units in mm2∕s. 
These coefficients are modeled as spatially heterogeneous, isotropic scalar fields, reflecting that electrical conduction is dominated 
by ICC-mediated propagation in the myenteric plexus, which lacks a preferred fiber orientation [6,7], while SMC activation is mainly 
driven by coupling from ICCs rather than direct fiber-aligned conduction [15,51]. The term 𝐷gap models the homogenized coupling 
resistance between the two cell types via gap junctions, and 𝐼 iccion and 𝐼 smcion  denote the total transmembrane ionic currents in ICCs and 
SMCs, respectively. The coefficients 𝜒 icc, 𝜒 smc, and 𝜒gap act as dimensionless scaling factors that modulate the relative contributions of 
transmembrane (𝜒 icc, 𝜒 smc) and intercellular coupling terms (𝜒gap) in the tissue-scale model. In biophysically motivated monodomain 
formulations, these coefficients represent the surface-to-volume ratio, which naturally emerges from analyzing how membrane surface 
area contributes to transmembrane ionic and capacitive currents per unit tissue volume, bridging microscopic cellular physiology and 
macroscopic electrical wave propagation. In contrast, the present phenomenological formulation employs normalized transmembrane 
potentials and effective ionic current terms. Thus, the coefficients 𝜒 icc and 𝜒 smc are interpreted as spatially varying weights that reflect 
regional heterogeneity in cell density. This flexible representation preserves the fundamental ionic kinetics as well-known from cardiac 
electrophysiology [49]. For the definition of 𝜒 icc, 𝜒 smc, and 𝜒gap, refer to Section 2.4.3. The formulations of the ionic currents (𝐼 iccion
and 𝐼 smcion ) are taken from [16] and are recalled in B. In particular, each cell type (ICC and SMC) is modeled using a modified two-
variable Mitchell-Schaeffer cell model [52], which provides a sufficient description of cellular dynamics, while allowing stable and 
robust long-term simulations of slow-wave propagation, as demonstrated in our previous work [16].

2.4.  Spatially non-uniform parametrization

The stomach exhibits highly spatially varying features such as fiber orientations [3,5,37], intrinsic frequencies [34,51,53], and 
passive material properties [3,4,37]. To accommodate this heterogeneity in computational models, particularly in patient-specific 
geometries, we move from a purely anatomical description based on the fundus, corpus, and antrum to a functionally driven repre-
sentation of the stomach [5]. Functional regions, such as the proximal and distal stomach, are strongly associated with physiological 
roles in motility and electrical activity, though they do not map directly onto anatomical landmarks (cf. Fig. 1 and 6). In practice, 
patient-specific geometries often lack detailed microstructural data [37], which limits direct spatial assignment of physiological pa-
rameters. To address this, we propose a framework that builds functionally meaningful coordinate systems derived from harmonic 
scalar fields. These fields are generated by solving Laplace-Dirichlet problems [54] over the reference configuration ΩR and clearly 
defined anatomical landmarks. They serve as normalized control coordinates for assigning spatially varying model parameters in a 
way that reflects the underlying functional architecture. This approach enables consistent parameterization across realistic stomach 
geometries, a critical feature given the substantial inter-subject variability in anatomical shape. Similar approaches have been suc-
cessfully applied in cardiac modeling to define fiber orientations [55–57] and principle conduction axes [58]. Here, we extend this 
method to address a broader range of heterogeneities in the stomach, including, but not limited to, fiber directions in gastric tissue. To 
this end, we define three harmonic scalar fields as smooth functions of the material point 𝑿 ∈ ΩR, each aligned with a distinct phys-
iological axis: (i) 𝜙ep(𝑿), from the esophagus to the pyloric sphincter, representing the longitudinal direction; (ii) 𝜙fp(𝑿), spanning 
the fundus apex to the pyloric sphincter; and (iii) 𝜙gl(𝑿), from the greater to the lesser curvature, aligned with the circumferential 
direction.

2.4.1.  Principal fiber directions
Peristaltic contractions are chiefly driven by the longitudinal and circumferential muscle fibers. The longitudinal layer extends 

from the esophagus to the pyloric sphincter, aligning with esophageal muscles and crossing the fundus apex. In contrast, the circum-
ferential fibers run perpendicular to the axis from the fundus to the duodenum [5].

These fiber directions are defined by solving Laplace-Dirichlet problems on the reference domain ΩR: 

⎧

⎪

⎨

⎪

⎩

−Δ𝜙ep = 0 in ΩR ,
𝜙ep = 1 on Γpyl ,
𝜙ep = 0 on Γeso ,

and
⎧

⎪

⎨

⎪

⎩

−Δ𝜙fp = 0 in ΩR ,
𝜙fp = 1 on Γpyl ,
𝜙fp = 0 on Γfundus .

(26)

Here, 𝜙ep and 𝜙fp are scalar harmonic fields, whose gradients ∇𝜙ep and ∇𝜙fp define smooth vector fields aligned with the anatom-
ical directions from esophagus to pylorus and fundus to pylorus, respectively. Γpyl, Γeso, and Γfundus are the Dirichlet boundaries 
reflecting the pyloric sphincter, the lower esophageal sphincter, and the fundus apex point, respectively (cf., Fig. 4a and Fig. 4b). The 
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Fig. 4. Definition of stomach-specific harmonic fields, computed fiber directions, and spatially heterogeneous ICC parameters. (a-c) Harmonic scalar 
fields computed via Laplace-Dirichlet problems, used to construct stomach-specific coordinate axes: (a) 𝜙ep from the lower esophageal sphincter 
(Γeso) to the pyloric sphincter (Γpyl), (b) 𝜙fp from the fundus apex (Γfundus) to Γpyl, and (c) 𝜙gl from the greater (Γgreater) to the lesser curvature 
(Γlesser). (d-f) Surface vector fields representing fiber directions and the surface normal direction: (d) longitudinal 𝒇 lR, (e) circumferential 𝒇 cR, and 
(f) outward normal direction 𝒏. (g-i) Spatial distributions of key ICC parameters: (g) the excitability parameter 𝑎icc, (f) the weighting factor 𝜒 icc, and 
(i) the diffusion coefficient 𝜎icc. These parameter fields are mapped based on the anatomical coordinate system defined by the harmonic fields.

fiber directions are computed as normalized gradients: 

𝒇 lR =
∇𝜙ep

‖∇𝜙ep‖
and 𝒇 cR = 𝒏 ×

∇𝜙fp
‖∇𝜙fp‖

, (27)

where 𝒇 lR and 𝒇 cR are the longitudinal and circumferential fiber directions, respectively, and 𝒏 corresponds to the outward normal 
direction. Note that, contrary to engineering intuition, the circumferential and longitudinal directions are not necessarily orthogonal. 
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These directions are defined anatomically, based on experimental observations. To accurately represent them, a second coordinate 
system is introduced to capture the anatomical circumferential and longitudinal orientations. The scalar fields and their associated 
Dirichlet boundary conditions used to construct the fiber directions are presented in Fig. 4a and  4b. The computed fiber directions 
are visualized in Fig. 4d and  4e, whereas the outward normal vector is shown in Fig. 4f.

2.4.2.  Intrinsic frequencies of ICCs and passive behavior of SMCs
ICCs exhibit excitability as a fundamental electrophysiological property that governs their ability to generate and propagate 

electrical signals. This excitability is spatially heterogeneous across the gastric surface and is closely linked to each cell’s intrinsic 
frequency. Thus, the heterogeneity in excitability gives rise to intrinsic frequency gradients that are essential for the coordinated 
initiation and propagation of slow waves. Through electrical coupling, regions with lower intrinsic frequency become entrained by 
the dominant pacemaker region, where excitability, and thus intrinsic frequency, is highest.

Anatomically, the excitability distribution follows a distinct spatial pattern: ICCs located in the fundus (proximal stomach, above 
the pacemaker region) exhibit nearly no excitability and thus do not actively contribute to slow-wave initiation. The pacemaker region 
itself exhibits the highest intrinsic frequency and excitability. Moving away from the pacemaker, excitability and intrinsic frequency 
decrease gradually both along the longitudinal axis toward the pylorus and circumferentially from the lesser to the greater curvature. 
In the present model, this spatial variation is captured by an excitability parameter 𝑎icc(𝑿), which controls the local responsiveness 
of ICCs. We build on our previous work [16], where a similar formulation was introduced for idealized geometries, and extend it 
here to a realistic stomach geometry. This excitability parameter depends on two scalar fields that define an intrinsic coordinate 
system aligned with physiologically meaningful axes of the stomach: 𝜉𝑙(𝑿) ∈ [0, 1], representing the longitudinal axis of the stomach, 
and 𝜉𝑐 (𝑿) ∈ [0, 1], representing the circumferential coordinate from the greater to the lesser curvature. Both normalized control 
coordinates are constructed by solving independent Laplace-Dirichlet problems over the reference configuration ΩR. The longitudinal 
harmonic field 𝜙fp is defined in Eq. 26, while the circumferential field 𝜙gl is obtained by solving 

⎧

⎪

⎨

⎪

⎩

−Δ𝜙gl = 0 in ΩR ,
𝜙gl = 1 on Γlesser ,
𝜙gl = 0 on Γgreater ,

(28)

where Γlesser and Γgreater are the Dirichlet boundaries describing the lesser and greater curvatures, respectively.
To support spatially varying excitability with physiologically meaningful regional distinctions, we define a threshold value 𝜙∗ ∈

(0, 1), corresponding to an isocontour value of 𝜙fp. This value is automatically determined from anatomical features, such as points 
near the esophageal sphincter on the lesser curvature. Specifically, the geometric center and average radius of the esophageal sphincter 
outlet are computed. The algorithm then identifies the closest node along the lesser curvature whose radial distance from the center 
exceeds 1.3 times the average outlet radius. The value of 𝜙fp at this node is then assigned as the threshold 𝜙∗. Consequently, 𝜙∗

depends on the specific geometry under consideration; for the geometry in Section 4.2.4, this yields 𝜙∗ ≈ 0.543. Using this threshold, 
we define the normalized longitudinal coordinates 𝜉𝑙 in a piecewise manner as 

𝜉𝑙(𝑿) =

⎧

⎪

⎨

⎪

⎩

𝜙fp − 𝜙∗

1 − 𝜙∗ if 𝜙fp ≥ 𝜙∗ (distal stomach) ,
𝜙∗ − 𝜙fp

𝜙∗ if 𝜙fp < 𝜙∗ (proximal stomach) ,
(29)

while the circumferential coordinate is defined as 
𝜉𝑐 (𝑿) = 𝜙gl . (30)

Although 𝜉𝑙 is piecewise-defined for the proximal and distal stomach, it is constructed to remain continuous across the transition at 
𝜙fp = 𝜙∗. Both control variables 𝜉𝑙 and 𝜉𝑐 are visualized in Fig. 5 and serve to systematically modulate tissue properties in the model 
along the longitudinal and circumferential directions. These coordinates allow continuous spatial modulation of parameters in both 
regions independently, while preserving anatomical and physiological relevance. Accordingly, the excitability of ICCs is modeled as 

𝑎icc(𝑿) = 𝑎icc,𝑟min + (𝑎iccmax − 𝑎icc,𝑟min )𝑓
𝑟
𝑙 (𝜉𝑙)𝑓

𝑟
𝑐 (𝜉𝑐 ) , (31)

where 𝑟 ∈ {prox,distal} indicates whether the current point 𝑿 is in the proximal or distal region. The parameter 𝑎icc,𝑟min  denotes the 
minimal excitability in each region and 𝑎iccmax is the global upper bound for excitability. The excitability parameter 𝑎icc enters the 
model equations via the inward current terms, where it modulates the ionic fluxes generated by ICCs, see Eq. B.6a. The shaping 
functions 𝑓𝑙(𝜉𝑙) and 𝑓𝑐 (𝜉𝑐 ) determine the longitudinal and circumferential variation of excitability in each region: 

𝑓𝑙(𝜉𝑙) = 1 −
𝑐𝑟𝑙 − 1

exp [−𝑏𝑟𝑙 ] − 1

(

1 − exp [𝑏𝑟𝑙 (𝜉𝑙)
2]
)

, (32a)

𝑓𝑐 (𝜉𝑐 ) = 1 −
𝑐𝑟𝑐 − 1

exp [−𝑏𝑟𝑐 ] − 1

(

1 − exp [𝑏𝑟𝑐 (𝜉𝑐 )
2]
)

, (32b)

where the parameters 𝑏𝑟𝑙 , 𝑏𝑟𝑐 , 𝑐𝑟𝑙 , 𝑐𝑟𝑐 control the shapes and decay behavior in each direction (cf. Table F.1). The resulting excitability 
field is shown in Fig. 4g. In contrast, SMCs do not actively trigger electrical signals. Therefore, the parameter for SMCs, 𝑎smc, is set to 
zero (𝑎smc(𝑿) = 0), reflecting their passive behavior.
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Fig. 5. Control variables used for spatial parameter modulation visualized from two perspectives. (a) The normalized longitudinal coordinate 𝜉𝑙, 
defined piecewise in Eq. 29, distinguishes the proximal and distal regions of the stomach and allows longitudinal variation of model parameters. (b) 
The normalized circumferential coordinate 𝜉𝑐 follows the longitudinal field 𝜙gl and allows circumferential parameter modulation. These coordinates 
provide a structured framework to spatially vary parameters such as excitability along anatomically meaningful axes.

2.4.3.  Regional contributions of ICCs and SMCs
The proximal region of the stomach is known to exhibit minimal electrical activity and does not generate peristaltic contrac-

tions [2]. To account for heterogeneous contributions of ICCs and SMCs in the normalized form of the monodomain formulation, we 
introduce dimensionless scaling functions 𝜒 icc and 𝜒 smc, which represents the regional contributions of ICC and SMCs, respectively. 
For ICCs, which are excitable cells and the primary drivers of slow wave initiation and propagation, 𝜒 icc defines the regional capacity 
to generate electrical signals. It varies smoothly across the domain to reflect known spatial activation patterns. To represent this, 
we use the same normalized control coordinates 𝜉𝑙(𝑿) ∈ [0, 1] and 𝜉𝑐 (𝑿) ∈ [0, 1] (see Eq. 29 and 30). Consistent with the excitability 
formulation, 𝜒 is spatially modulated by the longitudinal and circumferential shaping functions 𝑓𝑙(𝜉𝑙) and 𝑓𝑐 (𝜉𝑐 ) (see Eq. 32), allowing 
a physiologically meaningful heterogeneity between proximal and distal stomach regions. Specifically, it is defined as 

𝜒 icc(𝑿) =
{

1.0 if 𝜙fp ≥ 𝜙∗ (distal stomach) ,
𝑓𝑙(𝜉𝑙)𝑓𝑐 (𝜉𝑙) if 𝜙fp < 𝜙∗ (proximal stomach) . (33)

The resulting heterogeneous distribution of 𝜒 icc is illustrated in Fig. 4h.
The same spatial weighting function is applied to the intracellular coupling term via the field 𝜒gap(𝑿), which represents the 

regional capacity of ICCs to transmit signals to SMCs through gap junctions. Specifically, we set 𝜒gap(𝑿) = 𝜒 icc(𝑿) to account for 
the reduced density of ICC-SMC gap junctions in the proximal region and the spatial specificity of their electrical coupling [2,7]. In 
contrast, for SMCs we assume a uniform distribution of 𝜒 smc(𝑿) = 1 throughout the domain, reflecting the assumption of spatially 
homogeneous SMC properties.

2.4.4.  Electrical diffusivity
The diffusion coefficients 𝜎icc and 𝜎smc represent the electrical coupling within ICC and SMC, respectively. Experimental studies 

report spatial variation in gastric slow wave propagation velocity, with higher velocities observed near the greater curvature and 
lower velocities along the lesser curvature of the stomach [13,34]. This observation aligns with anatomical considerations: peristaltic 
waves propagate along the centerline of the stomach, maintaining a trajectory perpendicular to it. To preserve this orientation, waves 
must traverse a longer path along the greater curvature than the lesser curvature, necessitating a higher conduction velocity at the 
greater curvature. Previous studies have attributed the observed propagation patterns and associated conduction velocities primarily 
to intrinsic frequency gradients within gastric tissue. However, our findings suggest that this explanation is insufficient. Instead, we 
demonstrate that tissue diffusivity 𝜎icc plays a more significant role in determining the conduction velocity (cf. E). To capture this 
effect, we introduce a heterogeneous distribution for 𝜎icc and 𝜎smc, with increased diffusivity values near the greater curvature—
accounting for the higher observed conduction velocities—and decreased diffusivity values near the lesser curvature, consistent with 
the slower velocities reported in that region.

To model this effect, we assume that the local conduction velocities correlates with the gradient magnitude of a harmonic field 𝜙fp, 
which encodes the longitudinal axis from the fundus to the pylorus. Specifically, the quantity ‖∇𝜙fp‖ reflects the local rate of change 
along this axis. While this field does not mechanistically drive heterogeneity, it provides an anatomically meaningful surrogate to 
prescribe a spatially varying distribution for tissue diffusivity. As a physiological reference, we prescribe a fixed diffusivity at the 
lesser curvature boundary Γlesser: 

𝜎icc(𝑿) = 𝜎𝑖lesser ∀𝑿 ∈ Γlesser (34)

and assume a linear relationship between the conduction velocity 𝑣𝑐 and the diffusion coefficient of ICCs, 𝜎icc, 

𝑣𝑐 = 𝑚𝜎𝜎
icc + 𝑐𝜎 , 𝑚𝜎 > 0 , 𝑐𝜎 ∈ ℝ . (35)
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Fig. 6. Boundary conditions applied to the stomach geometry. Spring elements act in the surface-normal direction to model surrounding tissue and 
organ support, with increased stiffness along the greater (Γgreater) and lesser curvature (Γlesser). Note that Γgreater includes both the left and the right 
greater curvature. Axial constraints are applied at the lower esophageal sphincter (Γeso) and pyloric sphincter (Γpyl). A spatially varying intraluminal 
pressure is applied across the surface to replicate physiological loading.

We postulate that 𝑣𝑐 is proportional to ‖∇𝜙fp‖, 

𝑣𝑐 (𝑿) = 𝑣𝑐 (𝑿lesser)
‖∇𝜙fp(𝑿)‖

‖∇𝜙fp(𝑿lesser)‖
, (36)

where 𝑿lesser denotes a point on the lesser curvature such that 𝜙fp(𝑿lesser) = 𝜙fp(𝑿), i.e., both points lie on the same isocontour of the 
longitudinal field. The parameters 𝑚𝜎 and 𝑐𝜎 are calibrated by fitting conduction velocity and diffusion coefficients using a simplified 
one-dimensional simulation setup, while experimental conduction velocities are taken from literature. The calibrated parameters are 
summarized in Table F.7. Combining these relations and solving for 𝜎icc(𝑿) yields the closed-form expression 

𝜎icc(𝑿) =
‖∇𝜙fp(𝑿lesser)‖
‖∇𝜙fp(𝑿)‖

(

𝜎icclesser +
𝑐𝜎
𝑚𝜎

)

−
𝑐𝜎
𝑚𝜎

. (37)

This formulation produces a spatially continuous and anatomically consistent distribution of 𝜎icc, capturing regional electrophys-
iological variability in gastric slow wave propagation (cf. Fig. 4i).

In alignment with [16], we set the field of the SMC diffusion coefficient to 𝜎smc(𝑿) = 0.1𝜎icc(𝑿). This reflects the comparatively 
weaker electrical coupling among SMCs relative to ICCs.

2.5.  Boundary and initial conditions

The definition of appropriate boundary conditions is critical in any simulation model, however, modeling the human stomach is 
particularly challenging due to its highly complex and dynamic mechanical environment. The stomach is subject to multiple interact-
ing constraints arising from its anatomical attachments, including the esophagus proximally, the duodenum distally, ligaments such 
as the omentum, and mechanical interactions with neighboring organs and tissues. Large deformations during gastric contractions, 
combined with interaction with internal fluids, complicate the accurate specification of boundary conditions. These factors introduce 
nonlinearities and spatially heterogeneous mechanical responses that must be carefully represented to ensure realistic simulations. 
An additional challenge arises from substantial inter-subject variability in gastric shape and orientation, which affects the nature 
of contact with surrounding tissues and organs. This variability results in patient-specific mechanical boundary conditions that are 
difficult to characterize experimentally but can be explored computationally.

To model these effects, we apply spring elements acting in the surface-normal direction across the stomach surface with spatially 
varying stiffness, see Fig. 6. Higher stiffness values are applied along the greater and lesser curvatures, as well as close to the pyloric 
sphincter, to reflect anatomical support to the omentum and the relatively stiff pylorus tissue. Transitions between stiffness regions 
are smoothed using sigmoid functions based on the harmonic field 𝜙gl (see Section 2.4.2) to avoid stress concentrations and ensure 
numerical stability.
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At anatomical openings, namely the pyloric and lower esophageal sphincter, zero Dirichlet boundary conditions are imposed only 
in the longitudinal direction, restricting axial displacement while allowing radial and circumferential deformation. This configuration 
reflects the anatomical support provided by the adjoining duodenum and esophagus, which constrains motion along the longitudinal 
axis while permitting local wall deformation during peristalsis. In addition, spring-type boundary conditions are applied in the surface-
normal direction to represent the elastic compliance of the pyloric sphincter region, preventing excessive displacement and ensuring 
controlled radial contraction. This combined approach reproduces the limited longitudinal motion observed in MRI studies [13] and 
preserves physiologically realistic deformation of the distal stomach.

To approximate the mechanical effect of digesta effects in the absence of fluid-structure interaction, we apply spatially varying 
pressure loads acting normal to the stomach wall. These loads emulate the physiological distension caused by chyme. Higher pressure 
values are applied in the distal stomach (25mmHg) to reflect its role in active mixing and digestion, while lower values are assigned 
in the proximal stomach (10mmHg) for its primary function in accommodation. These values lie within the physiological intragastric 
pressure range [59,60] and, together with our prestressing procedure, ensure a realistic initial stress state of the gastric wall. This 
approach represents a first-step approximation of digesta effects, allowing us to focus on the electromechanical behavior. It still 
captures, to a certain degree, the essential mechanical influence of the chyme, thereby enabling stable and physiologically plausible 
electromechanical simulations.

For the electrophysiological problem, we assume electrical insulation and impose no-flux Neumann boundary conditions at the 
lower esophageal sphincter and pyloric sphincter 

∇𝑣𝑗 ⋅ 𝒏 = 0 on Γeso ∪ Γpyl × [0,∞) ∀ 𝑗 ∈ {icc, smc}, (38)

where 𝒏 denotes the outward unit normal. A complete list of the boundary and initial condition values is provided in Tables F.5 and 
 F.6.

3.  Numerical implementation

3.1.  General

We implemented the coupled gastric motility model in Section 2 into the open-source multiphysics simulation framework 4C [40]. 
Both the scalar transport problem and the solid mechanics problem are addressed numerically via the finite element method. Linear 
triangular scalar transport elements and linear quadrilateral nonlinear finite shell elements, based on the 7-parameter formulation, 
are used for the discretization. The implementation supports non-conforming meshes at the structure-scalar interface through a dual 
mortar method [61], enforcing constraints via a Lagrange multiplier approach with node-wise penalty regularization. This approach 
ensures stable and accurate transfer of information between electrophysiology and mechanics meshes, while allowing independent 
mesh refinement. In particular, since the simulation cost is largely driven by the solid mechanical problem, a coarser mesh can be 
used for this discretizations, improving computational efficiency without compromising solution fidelity. For further details on the 
mortar methods, the reader is referred to [61,62].

3.2.  Convergence study

To verify the correct implementation and assess the numerical robustness of the proposed mathematical model, we conducted 
systematic convergence studies utilizing QUEENS [63], an open-source Python framework for solver-independent multi-query anal-
yses of large-scale computational models. These studies aimed to determine optimal temporal and spatial discretization parameters 
for both the electrophysiological and mechanical subproblems, ensuring numerical accuracy and computational efficiency.

3.2.1.  Electrophysiology
It is well established that the conduction velocity 𝑣𝑐 in reaction-diffusion systems is sensitive to the discretization parameters of 

the numerical scheme [16], particularly the time step 𝑑𝑡 and the mesh size ℎ. We investigated the convergence behavior of 𝑣𝑐 in a 
1D gastric electrophysiology model. Mechanical coupling was excluded from this study to isolate electrophysiological properties. The 
computational domain spans the length of the stomach from the pacemaker region to the pylorus and is defined as a 1D line with 
𝑥 ∈ [0.0mm, 250.0mm]. No-flux boundary conditions are applied at both ends to reflect the electrically quiescent nature of the fundus 
and the pylorus. The intrinsic frequencies of ICCs are prescribed using a Gaussian-like function, as described in Section 2.4.2, with 
parameters listed in Table F.1.

To evaluate the influence of discretization on the simulated conduction velocity 𝑣𝑐 we varied the time step size 𝑑𝑡 and the mesh 
size ℎ across the ranges 31.25ms ≤ 𝑑𝑡 ≤0.2 s and 15.625 µm ≤ ℎ ≤1.0mm, respectively. Each parameter was halved iteratively, resulting 
in a total of 49 simulations covering the parameter space. The conduction velocity 𝑣𝑐 was calculated based on the time Δ𝑡 required 
for the rising phase of the transmembrane potential 𝑣icc to propagate from 𝑥1 = 120mm to 𝑥2 = 130mm.

To avoid boundary effects, all calculations were performed after 450 s of simulated time, ensuring a fully entrained slow wave 
pattern. The results, summarized in Fig. 7a, illustrate the convergence behavior of 𝑣𝑐 with decreasing time step and mesh size. The 
black contour line indicates a 5% relative deviation from the reference value obtained with the finest spatio-temporal resolution in 
this analysis. Based on these results, we selected 𝑑𝑡 = 0.1 s and ℎ = 0.5mm to solve the electrophysiological problem in all subsequent 
examples. This choice provides a compromise between numerical accuracy and computational cost, maintaining relative errors below 
5%. This analysis confirms that the selected time step and the mesh size yield conduction velocities within physiologically plausible 
ranges [34].
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Fig. 7. Numerical convergence analysis of the electrophysiology and electromechanical models. (a) Convergence of conduction velocity 𝑣𝑐 in a 
1D line domain, evaluated for varying time step sizes 𝑑𝑡 and mesh sizes ℎ. The black contour indicates parameter combinations with less then 5%
relative error compared to a high-resolution reference solution (𝑑𝑡 = 3.125ms, ℎ = 15.625 µm). The circle marks the discretizations chosen for all 
subsequent electrophysiology simulations. (b) Convergence of contraction amplitude 𝐴c and maximum tissue thickness ℎ𝑡max in a cylindrical wedge 
domain, evaluated for different solid mesh sizes ℎ using a static activation profile for electrophysiology. The black vertical line denotes the selected 
mesh size for all subsequent solid mechanics simulations.

3.2.2.  Coupled electromechanics
To determine appropriate numerical parameters for the solid mechanics component of the coupled electromechanical model, we 

performed a second convergence analysis using a coupled gastric motility simulation. Building on the electrophysiological conver-
gence study, we next assessed the mechanical response under coupled conditions. In contrast to the previous study, this analysis 
was carried out on a 2D cylindrical wedge, as defined in Section 3.3.2, to capture physiologically relevant fiber orientations. The 
mechanical response was modeled using bilinear quadrilateral 7-parameter shell elements. The constitutive framework follows the 
finite elasticity formulation presented in Section 2, incorporating a constrained mixture model with active strain and prestress. All 
model parameters were adopted from Table F.2, which summarizes the baseline values of the constrained mixture model. The pa-
rameters that were specifically modified here are listed in Table F.3. In particular, identical material properties were applied in both 
the circumferential and longitudinal directions, using those defined for the longitudinal direction.

To isolate the numerical influence of the mechanical problem, the electrophysiological activation pattern was precomputed using 
the time step and spatial resolution identified in the first study (𝑑𝑡 = 0.1 s and ℎ = 0.5mm). This precomputed activation was then 
coupled with the mechanical problem, in which only spatial resolution was varied over the range 3.125 µm ≤ ℎ ≤ 4.0mm, while the 
mechanical time step remained consistent with that of the electrophysiology problem. We examined the influence of solid mesh size 
on the contraction amplitude 𝐴c and the maximum stomach wall thickness ℎ𝑡,max, using the static deformation field. The contraction 
amplitude is defined as the range of normal displacement in the deformed configuration relative to the reference (resting) state: 

𝐴c = max
(

𝑢𝑛(𝒙)
)

− min
(

𝑢𝑛(𝒙)
)

, with 𝑢𝑛(𝒙) = 𝒖(𝒙) ⋅ 𝒏(𝒙) , (39)

where 𝑢𝑛(𝒙) denotes the projection of the displacement vector 𝒖(𝒙) onto the local surface outward normal 𝒏(𝒙). Positive values of 𝑢𝑛
indicate inward motion (contraction), while negative values correspond to outward motion (distension). Both quantities are evalu-
ated in the central region of the cylindrical domain (𝑥 ∈ [50.0mm, 200.0mm]) to minimize boundary effects. As shown in Fig. 7b, the 
contraction amplitude converges to a stable value as the mesh is refined. Coarser meshes overestimate the magnitude of contraction, 
exhibiting noticeable deviations from the trend observed at finer resolutions. The results highlight the critical role of spatial discretiza-
tion in accurately capturing the mechanical response and support the choice of a mesh size of 1.0mm for subsequent simulations.

3.3.  Comparison between different finite element types

3.3.1.  Membrane - solid - shell
The choice of finite element formulation significantly impacts accuracy, computational efficiency, and ease of implementation. 

While 3D solid elements capture detailed representations of mechanical behavior, they are prone to locking phenomena and pose 
challenges in meshing thin geometries. Ensuring a proper aspect ratio often requires a fine in-plane mesh, leading to increased degrees 
of freedom and higher computational costs. Moreover, solid meshes tend to become distorted under large deformations, potentially 
causing inaccurate or unstable simulations; in the worst case, this necessitates re-meshing to maintain solution fidelity [64]. To address 
these issues, 2D manifold representations-membrane and shell elements-can be adopted. However, their comparative performance, 
particularly in gastrointestinal biomechanics, remains underexplored. This section evaluates three element formulations for gastric 
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electromechanics: (i) a nonlinear finite membrane element model [65], (ii) a 3D solid eight-noded hexahedral (HEX8) elements 
using the F-Bar method to avoid volumetric locking in the case of near incompressibility, and (iii) the 7-parameter shell element 
model introduced above. To mitigate locking pathologies (such as in-plane shear, transverse shear, membrane, Poisson thickness, and 
curvature thickness locking) associated with the finite shell element implementation, we employ both the EAS [39,42,66] and the 
assumed natural strain (ANS) [67] methods. The original 7-parameter shell formulation can produce ill-conditioned stiffness matrices 
due to the thin-walled nature and large eigenvalue spectrum. To address this, we incorporate the scaled director conditioning approach 
by [68], a mechanically motivated preconditioner tailored for thin-walled structures discretized with continuum-based elements.

To illustrate performance differences between the above three structure models (membrane, 3D solid, shell) we first present a 
numerical example that illustrates the distinct performance characteristics of each element type, focusing on their ability to reproduce 
contraction wave dynamics in a simplified gastric geometry.

3.3.2.  Setup
The computational domain is a cylindrical wedge with an opening angle of 0.563◦. The cylinder’s axis aligns with the 𝑥-axis. It 

measures 250mm in length, has a radius of 50.930mm, and a wall thickness of 3.5mm. The computational meshes are generated using 
Coreform Cubit [69].

A prior convergence study identified an ideal mesh size of 0.5mm for the electrophysiology problem and 1.0mm for the mechanical 
problem using 7-parameter shell elements, ensuring converged results (see Section 3.2). In the present study, we adopt a uniform 
mesh size of 0.5mm for both fields to maintain convergence and consistency between analyses. For the solid mechanics problem, 
three different element formulations are considered: 7-parameter shell elements, membrane elements, and HEX8 solid elements. The 
in-plane mesh size is consistent across these formulations, while the solid element mesh is further discretized through the thickness 
with a sufficient number of elements to capture through-thickness variations. Specifically, the meshes comprise (i) 500 quadrilateral 
shell elements, (ii) 500 quadrilateral membrane elements, or (iii) 3000 HEX8 solid elements (500 elements in the axial direction and 
six in the radial direction). In each case, the use of a single element in the circumferential direction reflects the underlying rotational 
symmetry of the problem. For the electrophysiology problem, a 2D mesh of 500 bilinear quadrilateral scalar transport elements is 
used consistently across all cases, assuming uniformity in the radial direction of the cylinder.

A unidirectional excitability distribution is applied (see Table F.1), neglecting circumferential propagation to focus on the fully 
developed contraction wave state. No-flux boundary conditions are applied for the electrophysiology model at both ends of the 
cylinder. For the solid mechanics problem, zero Dirichlet boundary conditions are imposed axially at both ends, permitting only 
radial displacements.

In contrast to the constrained mixture model in Section 2.2, this example uses a Neo-Hookean material with the following strain 
energy functions 

Ψ2D = 𝑐1(tr𝑪e − 3) , Ψ3D = 𝑐1(tr𝑪e − 3) +
𝑐1
𝑐2

(𝐽−2𝑐2
e − 1). (40)

Here, Ψ2D is used for simulations with incompressible membrane elements, while Ψ3D corresponds to the coupled Neo-Hookean 
formulation (see Section 2.2.3), and is applied to simulations involving 7-parameter shell elements or solid HEX8 elements. Material 
constants are taken from Eq. A.3 and Table F.4.

The electrophysiology model is solved for 496 s, ensuring entrainment (see Section 4.2.2). To minimize transient effects from 
electrophysiology, we consider the activation at this final time point as a static input to the solid mechanics problem. The solid 
mechanics simulation is then performed for an additional 1 s using a time step size of 0.02 s. Prestress effects are not included here.

3.3.3.  Results
Fig. 8 compares the radial displacements 𝑑𝑟 along the axial position 𝑥 for different element formulations. Displacements from the 

HEX8 model are extracted at the midsurface to enable comparison with 2D formulations. The 7-parameter shell and the HEX8 elements 
yield nearly identical displacement profiles, while membrane elements predict increased displacement magnitudes and exhibit notable 
thickness changes due to their inability to resist bending. These discrepancies stem from the kinematically enforced incompressibility 
in membrane formulations, which does not adequately capture out-of-plane bending modes. The changes of the thickness further 
illustrate the limitations of membrane elements in reproducing complex 3D deformation states (cf. Fig. 8c). In contrast, the shell 
elements capture bending effects, providing closer agreement with HEX8 elements, although slight differences persist due to the 
homogeneous thickness assumptions and locking treatment. Table 1 summarizes both the accuracy and computational efficiency of 
the different element formulations. Maximum absolute errors of radial displacement and thickness relative to the HEX8 reference are 
reported, with spatial error distributions consistent with those shown in Fig. D.1. Relative runtimes and the number of degrees of 
freedom (DOFs) are also listed. The shell formulation achieves comparable accuracy with roughly three times fewer DOFs and only 
22% of the HEX8 runtime, representing an appealing compromise between accuracy and efficiency. We note that the HEX8 solution is 
employed as a high-fidelity numerical reference rather than an exact analytical solution. Our convergence study indicates that further 
mesh refinement produces only marginal changes in the results, confirming that the HEX8 mesh provides a sufficiently accurate 
reference for the comparisons presented here. Solid elements nevertheless yield the most accurate kinematic representation, but 
their associated computational burden makes them impractical for large-scale or patient-specific simulations. Conversely, membrane 
elements offer substantial performance improvements but are susceptible to geometric instabilities such as buckling, particularly 
under higher contraction strengths or complex boundary conditions. The shell formulation offers an advantageous compromise, 
combining geometric accuracy, bending and membrane capability, and numerical robustness with manageable computational cost. 
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Fig. 8. Comparison of finite element formulations for gastric electromechanics. (a) Deformed configuration at 𝑡 = 496 s using 7-parameter shell 
elements, visualized by displacement magnitude. The mesh is rotated about the 𝑥-axis for clarity. Two black lines indicate the reconstructed 3D 
thickness using the shell director field. (b-c) Axial profiles of radial displacement 𝑑𝑟 and wall thickness ℎ𝑡 at the same time point for solid HEX8
F-Bar, 7-parameter shell, and membrane elements. All element types reproduce the qualitative contraction state. Shell and solid formulations yield 
comparable results, while membrane elements, due to the lack of bending stiffness, exaggerate radial motion and thickness changes in the contraction 
zone.

Table 1 
Comparison of different element formulations: degrees of freedom (DOFs), relative computa-
tional runtime, and maximum absolute errors of radial displacement 𝑑𝑟 and wall thickness ℎ𝑡
along the longitudinal axis, relative to HEX8.
 Element formulation  Relative DOFs  Relative runtime max |𝑑𝑟 − 𝑑HEX8𝑟 | max |ℎ𝑡 − ℎHEX8𝑡 |

 [%]  [%]  [mm]  [mm]
 HEX8 (reference) 100 100 0.0 0.0
 Membrane 14.2 4 0.713 1.063
 Shell 7-p 28.5 22 0.561 0.657

This balance makes the shell formulation particularly suitable for simulations of gastric motility, where thin-walled morphologies, 
nonlinear deformations, and large domains must be resolved efficiently.

4.  Examples

4.1.  Influence of the smooth muscle contraction intensities

An open question in the physiology of gastric contraction waves is how the longitudinal and circumferential muscle layers co-
ordinate to produce the large deformations observed in the human stomach during peristalsis. Competing hypotheses exist in the 
literature. Some studies suggest that both muscle layers contract simultaneously [70] and with similar intensity [71], while others 
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Fig. 9. Radial contraction amplitude and tissue thickening under varying muscle activation intensities. (a) Radial contraction amplitude 𝐴c and (b) 
maximum tissue thickness ℎ𝑡,max as functions of circumferential (𝛼c) and longitudinal (𝛼l) smooth muscle contraction intensities. In (b), the black 
contour line indicates the region where the tissue has increased by 50% relative to its initial value.

report regionally variable or reciprocal patterns, in which the longitudinal muscle layer relaxes while the circumferential layer con-
tracts [6]. Similar debates exist for other parts of the gastrointestinal tract [72,73]. Overall, muscle coordination mechanisms in the 
gastrointestinal system remain poorly understood. For the first time, our model enables the testing of such hypotheses in the stomach 
through a coupled electromechanical computational framework.

To investigate the influence of active muscle contraction intensities in both fiber directions, we performed a parameter study 
in which the muscle fiber contraction intensities 𝛼l and 𝛼c were varied over the range [0, 0.6]. The solid simulations utilized the 
numerical parameters identified from the previous study (𝑑𝑡 = 0.1 s and ℎ = 1.0mm) and employed the same cylindrical wedge setup 
as before. For each pair of contraction intensities, we evaluated the resulting contraction amplitude 𝐴c and the maximum tissue 
thickness ℎ𝑡,max within the contraction zone. The results in Fig. 9 show that circumferential contraction has a dominant influence on 
radial deformation, whereas longitudinal contraction primarily contributes to wall thickening. For example, at 𝛼c = 0.6 and 𝛼l = 0.0, 
the contraction amplitude reached 𝐴c = 16.0835mm.

Furthermore, in several cases, ℎ𝑡,max increased by more than 50% relative to the initial wall thickness (black contour in Fig. 9b), 
indicating strong thickening under high longitudinal activation.

The directional contribution of circumferential and longitudinal smooth muscle layers to overall gastric motility remains an open 
physiological question. Experimental quantification of these muscle fiber contractions is extremely limited, largely due to technical 
challenges in measuring active tension or wall thickening in vivo, especially in a complex anisotropic architecture of the gastric wall. 
To our knowledge, no conclusive experimental data are available quantifying the relative strength or intensity of longitudinal versus 
circumferential smooth muscle contractions in physiological conditions. In this context, in silico models such as the one presented 
here offer a powerful alternative to explore plausible physiological scenarios. Our simulation results demonstrate distinct mechanical 
roles for the circumferential and longitudinal muscle layers: circumferential contraction appears to be the primary driver of radial 
displacement (contraction amplitude), while longitudinal activation contributes more significantly to local wall thickening.

Our results confirm that the balance of activation between the two fiber directions has meaningful implications for the mechanical 
efficiency and functional outcome of gastric motility. Based on our findings, it is plausible that the circumferential fibers exhibit 
greater contraction intensities than the longitudinal ones to achieve effective luminal closure, especially in the context of slow wave-
driven peristalsis. Accordingly, our choice of a slightly stronger circumferential contraction in subsequent simulations may reflect a 
mechanically favorable or even physiologically representative state.

4.2.  Electromechanical simulations of the stomach

In the following, we apply the proposed approach to a human stomach geometry to simulate coupled gastric electromechanics.

4.2.1.  Stomach setup
The geometry of our stomach is constructed using Coreform Cubit [69] by defining a central longitudinal path from the fundus 

apex to the pyloric sphincter, and define the surface geometry by ellipsoidal radii, which are shaped and scaled based on geometric 
comparisons of multiple magnetic resonance imaging (MRI) datasets of the human stomach. This approach allows us to capture the 
natural curvature and complex shape of the stomach, ensuring that the model reflects realistic anatomical features. By combining 
these MRI-derived dimensions with an ellipsoidal cross-section, our model preserves key anatomical characteristics, such as the 
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Fig. 10. Spatiotemporal development of ICC frequencies from intrinsic to entrained state. The color bar applies to all panels, with grey indicating to 
areas without detectable activity (typically the proximal stomach). Initially (0 s to 100 s, left), frequencies decrease along the longitudinal direction 
and more gradually in the circumferential direction. By 300 s, frequencies stabilize across the domain and converge to that of the pacemaker region, 
indicating full entrainment. (For interpretation of the references to colour in this figure legend, the reader is referred to the web version of this 
article.)

Fig. 11. Computed conduction velocity 𝑣𝑐 distribution and propagation of entrained ICC slow waves. Left: 𝑣𝑐 field obtained post-simulation using a 
triangulation-based estimation method. Slow waves originate at the pacemaker region and propagate predominantly longitudinally, while proximal 
waves dissipate rapidly. Spatial heterogeneity in the diffusion coefficient induces a conduction velocity gradient, producing a curved propagation 
path approximately orthogonal to the longitudinal axis. Middle, Right: Isochrone maps of simulated activation times (intervals: 1 s). The middle 
panel covers 𝑡 = 404.6 s to 𝑡 = 413.6 s, and the right panel 𝑡 = 413.6 s to 𝑡 = 422.6 s, illustrating the spatiotemporal wave progression.

curvature of the stomach, while ensuring a smoothed surface and introducing simplifications around the openings to the duodenum 
and esophagus. This approach ensures anatomical fidelity in these regions without introducing numerical instabilities.

The mesh resolution was guided by the convergence analysis to ensure numerical accuracy. The resulting finite element meshes 
comprises 210 864 linear triangular scalar transport elements for the electrophysiology problem, and 17 939 bilinear quadrilateral 
7-parameter shell elements for the solid problem. The boundary conditions applied follow those described in Section 2.5. The fully 
distended stomach can accommodate approximately 2 L to 4 L, with intragastric pressures reaching up to 35mmHg. Under resting 
conditions, intragastric pressure typically remains below 7mmHg [59,60]. The stomach geometry used in our simulations provides 
an estimated volume of nearly 2 L. Within this physiological range, we select pressure values of 25mmHg in the distal stomach and 
10mmHg in the proximal stomach to represent a partially filled state. Due to the lack of validated mixture-type material models 
for gastric tissue, simulation parameters are estimated to reflect physiological behavior [64] (see Table F.2). The mass fractions are 
assumed based on analogies with cardiac [46] and vascular tissue [74]. The muscle contraction intensities are set to 𝛼c = 0.35 and 
𝛼l = 0.1, reflecting the relatively weaker contraction of the longitudinal muscle layer compared to the circumferential muscle layer 
(see Section 4.1). The stiffnesses of the spring-type boundary conditions are selected to approximate the mechanical support provided 
by the surrounding organs and tissues. The remaining parameters for the electrophysiology are listed in Table F.7.

4.2.2.  Gastric slow wave entrainment and conduction velocity analysis
To assess whether the proposed model reproduces key features of gastric electrophysiology, we study the propagation of slow 

waves over a 500 s time interval. The primary objectives are to evaluate whether the system exhibits frequency entrainment and 
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Fig. 12. Visualization of the ground matrix prestretch along principal directions. Left: First principal stretch (largest expansion). Middle: Second 
principal stretch (intermediate expansion/compression). Right: Third principal stretch (largest compression).

to characterize the conduction velocity and propagation pattern of the resulting slow wave fronts. We compute the local oscilla-
tion frequencies from the transmembrane potential 𝑣icc using a peak-detection algorithm applied over five successive 100 s time
windows. Only peaks with amplitudes above a threshold of 0.7 are considered. Frequency estimation is performed for each node of 
the computational domain using the open-source Python library SciPy [75].

Fig. 10 shows the spatial distribution of these frequencies for each time window. During the initial 0 s to 100 s window (left), 
the frequency field exhibits a pronounced gradient along the longitudinal direction and a smaller decrease along the circumferential 
direction. This spatial heterogeneity directly reflects the underlying excitability field 𝑎icc (see Section 2.4.2), which represents regional 
differences in ICC intrinsic frequencies. At the beginning of the simulation, local activation patterns reflect these imposed excitability 
gradients, producing spatially distinct oscillation patterns. Diffusive coupling then promotes synchronization, gradually reducing 
the heterogeneity. By 300 s, the electrical oscillations of the ICCs synchronize to a nearly constant frequency, matching the highest 
intrinsic frequency of the network, approximately 3.2 cpm. This behavior indicates robust entrainment across the tissue.

To further quantify the slow wave propagation, we computed the conduction velocity vector 𝒗𝑐 of a slow wave front in the 
entrained system using a triangulation-based method [76], as detailed in C. The resulting vector fields, shown in Fig. 11, confirm 
the aborally directed propagation originating from the pacemaker region. The pattern is anisotropic, with wave fronts spreading 
more rapidly circumferentially than longitudinally. Estimated velocity magnitude values range from 4mm∕s to 6mm∕s at the greater 
curvature and from 2mm∕s to 3mm∕s at the lesser curvature. In the pacemaker region, higher values of up to 10mm∕s are observed. 
These results confirm that spatially varying diffusion coefficients yield physiologically consistent conduction velocity gradients, in 
agreement with experimental observations [2].

To complement these velocity analyses, we generated isochrone maps that represent the activation times of the slow wave across 
the stomach surface, allowing the interpretation of activation patterns directly from simulation data, as comparable to techniques 
used in experimental gastric mapping [2]. The isochrone plots (see Fig. 11) reveal multiple simultaneous slow waves, typically two 
to three waves propagating concurrently, reflecting the entrained, periodic activity of the gastric tissue. The spatial arrangement of 
the isochrones illustrates smooth and continuous physiological wavefront progression consistent with the anisotropic velocity fields, 
demonstrating orderly aboral propagation along the longitudinal axis toward the pylorus. The spacing between isochrones bands 
varies regionally, with wider spacing near the greater curvature corresponding to faster conduction, and tighter spacing near the 
lesser curvature indicating slower propagation. These features align well with experimental gastric electrophysiology data, further 
supporting the physiological relevance of our heterogeneous diffusion model.

Importantly, the generated slow wave follows the longitudinal axis through the entire distal stomach and reaches the pylorus. 
This behavior reflects physiological propagation patterns and marks a key improvement over previous computational models, which 
often fail to sustain longitudinal wave propagation across the full distal region.

4.2.3.  Prestress
We now analyze the prestressing procedure, with a focus on determining the prestretch tensor of the ground matrix. To this end, 

the pressure and prestretch values of the mixture of SMCs and collagen fibers are linearly ramped up over 10 time steps, followed by 
the iterative prestress algorithm to determine the ground matrix prestretch tensor (see Section 2.2.4). The algorithm terminated once 
the maximum Euclidean norm of the nodal displacements falls below 10−3. This tolerance value, identified by [46], offers a balance 
between accuracy and computational efficiency.

Fig. 12 shows the spatial distribution of principal stretches in the ground matrix after convergence. The orientations of the 
principal stretches align with the embedded SMC and collagen fiber families, which share the ground matrix. The largest expansion 
(first principal stretch) occurs near the esophageal and duodenal ends, where Dirichlet boundary conditions are imposed. The ground 
matrix experiences expansion both in the wall-normal direction and within the fiber plane. Expansion is more dominant in the 
thickness direction, especially in areas of low curvature, and shifts toward circumferential directions in regions of higher curvature 
to accommodate luminal pressure and mechanical constraints from adjacent tissues. Spring boundary conditions impose spatially 
varying external forces, resulting in compressive ground matrix response in the longitudinal direction, especially near the pyloric and 
duodenal attachments. These regions are influenced by displacement constraints and anchoring forces. The resulting ground matrix 
prestretch field reflects the mechanical balance between tissue microstructure, boundary conditions, and external loading.
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Fig. 13. Temporal evolution of key characteristic parameters of the coupled electromechanical stomach model. The first row shows the normalized 
ICC transmembrane potential 𝑣icc, illustrating the spatiotemporal activation patterns of the slow waves. The second row depicts the activation variable 
𝛾, representing smooth muscle contraction state. The third row presents the displacement magnitude ‖𝒖‖ visualizing the resulting deformation of 
the stomach wall. The fourth row displays the local stomach wall thickness ℎ𝑡, indicating tissue thickening during contraction. Color bars correspond 
to each variable in the respective rows.

4.2.4.  Coupled gastric motility
We now investigate the coupled electromechanical simulation of gastric motility. The first row of Fig. 13 shows the spatial 

distribution of the normalized transmembrane potential of ICC 𝑣icc at representative time points following complete entrainment 
of the network. At 𝑡 = 415 s, the pacemaker region is in its refractory phase, just before activation. Shortly thereafter, a new slow 
wave emerges at the pacemaker and propagates both longitudinally and circumferentially through the stomach wall. The wave fronts 
advances more rapidly in the circumferential direction, meeting at the lesser curvature and forming a closed activation ring. The 
waves directed toward the fundus dissipate within the proximal region, whereas the aborally traveling waves propagate toward the 
pylorus and attenuate near the sphincter. The resulting slow wave propagation pattern is periodic and stable, with two to three waves 
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Table 2 
Profiling summary of a representative fully coupled, entrained, and pre-
stressed electromechanical simulation of 50 s real time (2500 time steps). 
The total wall-clock runtime is approximately 2.89 × 105 s (≈ 80 h). Relative 
cost fractions illustrate the computational load distribution across solvers 
and operations.

 Component  Wall-clock time [s]  Relative cost [%]
 Solid mechanics solver 2.187 × 105 75.7
 Electrophysiology solver 7.001 × 104 24.2
 Input/Output and setup operations 1 × 105 < 1

 Total 2.889 × 105 100

present simultaneously and an average inter-wave spacing of approximately 65mm, consistent with experimental observations [2]. 
This spatial pattern reflects the successful reproduction of the native slow wave behavior in the distal stomach.

Coupling this electrophysiology model to the prestressed solid mechanical model yields spatial distributions of the activation 
parameter 𝛾 and displacement magnitude ‖𝒖‖, shown in the second and third rows of Fig. 13, respectively. The mechanical responses 
are tightly synchronized with the propagating slow waves, showing regionally confined contractions that follow the electrical signals 
of ICCs. To reproduce physiological observations, we prescribe stronger active contraction in the circumferential than in the longitu-
dinal fiber direction (𝛼c = 0.35 and 𝛼l = 0.1). This anisotropic activation leads to realistic, large peristaltic contractions, particularly 
in the distal stomach, where contraction amplitudes reach up to 8mm, in agreement with recent in vivo measurements [13,14].

The fourth row of Fig. 13 shows temporal variations in gastric wall thickness ℎ𝑡. Local increases in ℎ𝑡 coincide with propagating 
contraction fronts, arising from the incompressibility of soft tissue and the active strain kinematics. The resulting deformation pattern 
is consistent with reported estimates for gastric wall deformation, although robust in vivo measurements remain limited. The overall 
mechanical behavior confirms the model’s ability to capture physiological gastric motility patterns on a realistic stomach geometry. 
The coupled simulation is run on our in-house cluster (16 nodes with 2× Intel Xeon Gold 6230 Cascade Lake CPUs, 52 cores, 376
GB RAM), using 38 cores on a single node. A representative fully coupled, entrained, and prestressed electromechanical simulation 
of 50 s real time (2500 time steps) required approximately 2.89 × 105 s of wall-clock time (≈ 80 h). Profiling data indicate that the 
solid mechanics solver accounts for about 76% of the total runtime, while the electrophysiology solver contributes roughly 24%, and 
input/output and setup operations are negligible (< 1%), see Table 2. This computational distribution highlights the dominant cost 
of the nonlinear mechanics problem and supports the adopted strategy of using a finer electrophysiology mesh coupled to a coarser 
mechanical discretization through the dual-mortar interface, enabling accurate yet computationally efficient electromechanical cou-
pling.

5.  Conclusions

Compared to our previous electromechanical model [16], the work represents a substantial extension from a conceptual prototype 
to a comprehensive, coupled whole-organ simulation framework for gastric electromechanics. The earlier formulation was restricted 
to simplified geometries, homogeneous material properties, and small, unphysiological contraction amplitudes, arising from the lim-
itations of membrane elements. In contrast, the current framework integrates anatomically realistic geometry, advanced constitutive 
modeling, and spatially heterogeneous physiological parameterization to capture coordinated gastric motility with high fidelity. This 
study presents a robust and extensible computational framework for simulating coupled gastric electromechanics, capable of captur-
ing the large, anisotropic deformations appearing during peristaltic activity on anatomically realistic geometries. A key contribution 
is the integration of a nonlinear, rotation-free 7-parameter shell formulation within the open-source multiphysics code 4C. Unlike 
membrane elements, which lack bending stiffness and may suffer from numerical instabilities during large deformations or in regions 
of high curvature as common in gastric peristalsis, the proposed shell formulation ensures numerical stability while maintaining 
significantly lower computational cost than full 3D solid formulations. It thus offers a good balance between numerical cost, stability, 
and geometric fidelity for organ-scale applications.

Building on our previous electromechanical model [16], we extended the framework to include an anisotropic constrained mixture 
material model, prestress initialization, and non-uniform boundary conditions. These enhancements allow us to simulate physiologi-
cally realistic slow wave propagation and motility patterns, as validated by comparison to experimental data on contraction ampli-
tudes [12,13], conduction velocities [14], and regional frequencies [2]. Specifically, the simulated contraction amplitudes (5mm to
8mm), conduction velocities (2mm∕s to 6mm∕s), and slow-wave frequencies (≈ 3.2 cpm) fall within reported physiological ranges, 
supporting the biological plausibility of the model. Isochronal activation maps reproduce key experimental features, including cir-
cumferential spread near the pacemaker and longitudinal progression toward the pylorus [15,51], demonstrating physiologically 
consistent slow-wave dynamics. Although gastric motility disorders are common, no direct quantitative clinical assessment of gastric 
wall mechanics or electrical coordination exists, as tools such as scintigraphy and electrogastrography provide only indirect mea-
sures. Physics-based computational models thus offer a means to bridge this diagnostic gap by providing mechanistic insight and 
quantitative predictions otherwise inaccessible.

Extensive convergence analyses demonstrate numerical robustness, and application to realistic stomach geometries demonstrates 
the framework’s suitability for whole-organ studies.
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A key novelty lies in the spatially heterogeneous parameterization of the model properties, such as the excitability of ICCs, 
the diffusion coefficient, or the fiber directions. These were assigned using smooth harmonic fields obtained from solving Laplace-
Dirichlet problems aligned with anatomical axes, enabling the construction of continuous and anatomically meaningful parameter 
distributions. While effective, the specific parameter values remain empirically defined. This underscores the potential for future 
integration of data-driven methods, as pioneered in cardiac modeling [77], to improve personalization and physiological fidelity.

A central insight from our parametric study is that computational modeling can elucidate physiological mechanisms that remain 
experimentally inaccessible. Specifically, the relative roles of circumferential and longitudinal muscle layers in gastric wall deforma-
tion are poorly characterized in vivo. Our in silico results suggest that a stronger circumferential contraction may be mechanically 
advantageous for effective contraction, supporting the potential physiological relevance of such configurations. This highlights the 
broader potential of computational models not only for prediction, but also for hypothesis generation in the absence of direct experi-
mental data. In silico models provide a unique opportunity to investigate gastric motility processes that are difficult to assess through 
in vitro or in vivo approaches [64]. There is substantial inter-individual variability in stomach anatomy, including differences in 
shape, orientation, and spatial relation to surrounding organs and tissues. These factors result in varying mechanical boundary con-
ditions, which may correlate with distinct contraction patterns. Such variability is difficult to capture experimentally, but can be 
systematically explored through computational modeling to better understand its influence on gastric biomechanics. These models 
can also aid in evaluating the influence of gastric geometry and contractile patterns on digestion, as well as the mechanical interplay 
between muscle layers and their contribution to wall deformations.

While this work represents a major step forward in gastric modeling, several limitations remain. The electrophysiology model is 
currently phenomenological and one-way coupled, excluding mechanosensitive feedback mechanisms known to be relevant for ICC 
and SMC function [78,79]. Further, fluid-structure interactions are not explicitly modeled. A spatially uniform intragastric pressure is 
used to approximate the mechanical load on the gastric wall, providing a first-order approximation of wall mechanics but neglecting 
local fluid effects, shear stresses, and feedback between fluid motion and tissue deformation. This simplification may limit the ability 
to capture fully physiologically accurate patterns of intraluminal flow and wall deformation, representing an important avenue for 
future research [36,64]. In addition, although our framework, combining the 7-parameter shell formulation with the constrained 
mixture model, efficiently captures large deformations and tissue mechanics, it represents the gastric wall in a homogenized manner. 
Intramural heterogeneity arising from the multilayered structure and its fiber dispersion is not explicitly resolved, which limits 
the reproduction of intramural mechanics. Digesta transport is not explicitly modeled, and functional roles of anatomical regions 
such as the fundus, the pyloric sphincter, and the lower esophageal sphincter are not modeled in detail, despite their mechanically 
significance.

Future extensions could focus on incorporating stretch-activated currents [6,80], stress-assisted diffusion [81], fractional diffu-
sivity [82], multiscale biophysical ion models [83,84], fluid [85] and fluid-solid interaction [86]. Also contact mechanics could be 
investigated. Recent studies on the intestine [87] indicate that contact interactions could be important for accurately capturing gas-
tric motility. Parameter refinement will also benefit from integration with imaging and experimental datasets through uncertainty 
quantification and global sensitivity analyses [88,89].

In summary, this work provides a general, numerically robust, and physiologically informed modeling framework for gastric elec-
tromechanics on a realistic human geometry. Beyond methodological innovation, the framework provides a step toward connecting 
computational modeling with clinical applications by offering a quantitative tool to analyze normal and pathological gastric func-
tion. The modular design of the numerical framework allows for straightforward incorporation of more detailed electrophysiological 
cell models, alternative constitutive formulations, or more advanced boundary conditions, offering a flexible platform for future 
investigations. Furthermore, such simulations can support clinical interpretation of motility imaging, assist in virtual testing of pac-
ing therapies, and provide mechanistic insight into disorders such as gastroparesis or functional dyspepsia. Integration with clinical 
imaging and electrogastrography could enable patient-specific model calibration and non-invasive assessment of gastric function, 
paving the way toward translational and personalized modeling of gastrointestinal motility. By addressing key limitations of prior 
approaches, it lays the foundation for future in silico studies of the human stomach and its disorders.
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Appendix A.  Strain energy functions

The specific form of the strain energy function 𝑊 𝑖 for each constituent 𝑖 follows standard hyperelastic formulations and is briefly 
summarized below.

A.1.  Circumferential and longitudinal collagen and smooth muscle fibers

Collagen and SMCs fiber families (𝑖 ∈ {c, l}) are modeled as quasi-one-dimensional structures that primarily resist stretch along 
their respective fiber directions. The strain energy function per unit mass for the 𝑖-th fiber family is given by the exponential form [47] 

𝑊 𝑖 =
𝑘𝑖1
2𝑘𝑖2

{exp [𝑘𝑖2(𝐼
𝑖
4e − 1)2] − 1} , (A.1)

where 𝑘𝑖1 is a stiffness-like and 𝑘𝑖2 a non-dimensional material parameter. The anisotropic fourth pseudo-invariant 𝐼 𝑖4e is the square 
of the elastic stretch 𝜆𝑖e of the fibers. If the fibers are aligned in direction 𝒇 𝑖

R in the reference configuration and in direction 𝒇 𝑖 in the 
deformed current configuration, the elastic part of the fiber deformation gradient is 

𝑭 𝑖
e = 𝜆𝑖e 𝒇

𝑖 ⊗ 𝒇 𝑖
R + 1

√

𝜆𝑖e

(

𝑰 − 𝒇 𝑖 ⊗ 𝒇 𝑖
R
)

, 𝑖 ∈
{

c, l
}

. (A.2)

A.2.  Ground matrix

The remaining structural constituent, the ground matrix (𝑖 = gm), primarily composed of elastin, is modeled as a three-dimensional 
decoupled isotropic Neo-Hookean material with an isochoric-deviatoric split [41]. The corresponding isotropic passive strain energy 
function for the ground matrix reads 

𝑊 gm = 𝑐1(𝐼
gm
1e − 3) +

𝑐1
𝑐2

((𝐽 gme )−2𝑐2 − 1) , with 𝑐1 =
𝜇gm

2
, 𝑐2 =

𝜈gm

1 − 2𝜈gm
, (A.3)

where material constants are function of the shear modulus 𝜇gm and the Poisson’s ratio 𝜈gm, while the first modified invariant of the 
elastic right Cauchy-Green tensor 𝑪gm

e = 𝑭 gm
e

𝑇𝑭 gm
e  is given by 𝐼gm1e = (𝐽 gme )−2∕3tr(𝑪gm

e ). The isochoric part of the elastic deformation 
gradient of the ground matrix is defined as 𝑭 gm

e = (𝐽 gme )−1∕3𝑭 gm
e , with a penalty formulation used to enforce near incompressibility 

𝐽 gme = det(𝑭 gm
e ) = 1.

Appendix B.  Electrophysiological cell model

Each cell type employs a modified version of the phenomenological two-variable Mitchell-Schaeffer model [16,52,90] to charac-
terize ionic exchanges via two state variables: the normalized transmembrane voltage 𝑣𝑗 ∈ [0, 1] and the recovery (gating) variable 
ℎ𝑗 ∈ [0, 1] for cell type 𝑗 ∈ {icc , smc}. Considering the monodomain formulation in Eq. 25, the time evolution of the state variables 
is governed by the following system of ordinary differential equations 

⎧

⎪

⎨

⎪

⎩

𝐼 𝑗ion(𝑣
𝑗 , ℎ𝑗 ,𝑿) = 𝐼 𝑗in(𝑣

𝑗 , ℎ𝑗 ,𝑿) + 𝐼 𝑗out(𝑣
𝑗 , ℎ𝑗 ),

ℎ𝑗

𝑡
=

ℎ𝑗∞ − ℎ𝑗

𝜏𝑗 (𝑣𝑗 )
,

(B.1)

where 𝐼 𝑗in and 𝐼
𝑗
out represent the inward and outward ionic currents, respectively. Note that in the special case of an isolated cell not 

connected to neighboring cells by diffusion of electrical potential or currents between SMCs and ICCs, the ionic current 𝐼 𝑗ion equals 
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the rate of change of the transmembrane potential, that is 𝐼 𝑗ion = 𝑑𝑣𝑗∕𝑑𝑡. The voltage-dependent time constant 𝜏𝑗 and the steady-state 
value ℎ𝑗∞ are defined by

𝜏𝑗 (𝑣𝑗 ) =
𝜏𝑗open𝜏

𝑗
close

𝜏𝑗open + ℎ𝑗∞(𝑣𝑗 )(𝜏𝑗close − 𝜏𝑗open)
, (B.2)

ℎ𝑗∞(𝑣𝑗 ) = 1 −𝐻(𝑣𝑗 − 𝑣𝑗gate) , (B.3)

where 𝜏𝑗open and 𝜏𝑗close are time constants related to subcellular ionic dynamics, and 

𝐻(𝑣𝑗 − 𝑣𝑗gate) =

{

0, 𝑣𝑗 ≤ 𝑣𝑗gate
1, 𝑣𝑗 > 𝑣𝑗gate

(B.4)

is a Heaviside function that determines the sign of the steady-state gating variable based on a voltage threshold value 𝑣𝑗gate.
To mitigate numerical instabilities, the Heaviside function can be approximated by a smooth hyperbolic tangent function 

1 −𝐻(𝑣𝑗 − 𝑣𝑗gate) ≈
1
2

(

1 − tanh
(𝑣𝑗 − 𝑣𝑗gate

𝜂gate

))

, (B.5)

where 𝜂𝑗gate serves as a smoothing parameter. As in 𝜂
𝑗
gate → 0, the hyperbolic tangent function converges to the Heaviside function.

The inward and outward currents are expressed using phenomenological cubic functions [16] 

𝐼 𝑗in(𝑣
𝑗 , ℎ𝑗 ,𝑿) = ℎ𝑗

𝜏𝑣in
(𝑣𝑗 + 𝑎𝑗 )(𝑣𝑗 + 𝑎𝑗 − 𝜆𝑗 )(1 − 𝑣𝑗 ) , (B.6a)

𝐼 𝑗out(𝑣
𝑗 , ℎ𝑗 ) = − 𝑣𝑗

𝜏𝑗out
, (B.6b)

where 𝑎icc(𝑿) is a spatially dependent model parameter that defines the intrinsic frequency of ICCs. In contrast, SMCs do not actively 
trigger electrical signals, thus the parameter is set to zero, denoted as 𝑎smc = 0. The parameter 𝜆𝑗 further represents a secondary 
excitability parameter of ICCs and SMCs.

Appendix C.  Estimation of slow wave conduction velocities

Fig. C.1. Diagram illustrating (a) the calculation of conduction velocity and (b) the determination of the velocity direction vector, ensuring that 
the velocity vector remains coplanar with the triangle vertices 𝒑, 𝒒, and 𝒓.

Using elementary trigonometric relations, the activation times of three points can be used to estimate the average conduction 
velocity and direction, assuming the wavefront is locally planar [76]. This method is illustrated in Fig. C.1. For a 30 s window, we 
extract activation times at all surface nodes of the discretized geometry, defined as the time of the transmembrane potential peak in 
ICCs. These times are identified directly from the simulation results using the open-source software SciPy [75].

Consider a triangular element with vertices 𝑝, 𝑞, and 𝑟. The notation is as follows: the vector from point 𝑝 to 𝑞 is denoted as 𝒙𝑝𝑞 , 
with magnitude ‖𝒙𝑝𝑞‖, representing its length, and 𝑡𝑝𝑞 denotes the activation time difference between 𝑝 and 𝑞. The interior angle 𝜃
between the sides of the triangle is given by the cosine rule 

𝜃 = arccos

(

‖𝒙𝑝𝑞‖2 + ‖𝒙𝑝𝑟‖2 − ‖𝒙𝑞𝑟‖2

2‖𝒙𝑝𝑞‖‖𝑥𝑝𝑟‖

)

. (C.1)

The local conduction velocity 𝑣𝑐 and wavefront incidence angles can then be related by 

cos 𝛽 = cos(𝜃 − 𝛼), 𝑣𝑐 =
|𝛼| cos 𝛼

𝑡𝑎
, 𝑣𝑐 =

|𝛽| cos 𝛽
𝑡𝑏

, (C.2)
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where the angle 𝛼 is obtained from 

tan 𝛼 =
𝑡𝑝𝑟‖𝒙𝑝𝑞‖∕𝑡𝑝𝑞‖𝒙𝑝𝑟‖ − cos 𝜃

sin 𝜃
. (C.3)

Solving for 𝛼 gives the direction of activation, and the velocity 𝑣𝑐 can subsequently be determined. To extent the method to surfaces 
embedded in the three-dimensional space, we compute the velocity direction vector 𝒗𝑐 constrained to the plane of the triangle. The 
local surface normal is determined as 

𝒏 =
𝒙𝑝𝑟 × 𝒙𝑝𝑞

‖𝒙𝑝𝑟 × 𝒙𝑝𝑞‖
. (C.4)

As shown in Fig. C.1, the extrusion from point 𝒑 perpendicular to 𝒙𝑝𝑞 intersects the velocity direction at point 𝒔, defined by 
𝒙𝑝𝑠 = (𝒏 × 𝒙𝑝𝑞) tan 𝛼 . (C.5)

The local velocity vector is then 
𝒗𝑐 = 𝒙𝑝𝑞 − 𝒙𝑝𝑠 , (C.6)

while the conduction velocity value is 𝑣𝑐 = ‖𝒗𝑐‖.

Appendix D.  Spatial distribution of absolute errors for different element formulations

To complement the maximum error values reported in Table 1, we present the spatial distribution of absolute errors along the 
longitudinal axis. The absolute error is computed as

Δ𝑑𝑟(𝑥) = |𝑑𝑟(𝑥) − 𝑑HEX8𝑟 (𝑥)|, (D.1)

Δℎ𝑡(𝑥) = |ℎ𝑡(𝑥) − ℎHEX8𝑡 (𝑥)|, (D.2)

where 𝑑HEX8𝑟  and ℎHEX8𝑡  are the reference displacement and thickness profiles obtained from the HEX8 solid formulation.

Fig. D.1. Spatial distribution of absolute errors along the longitudinal axis for membrane and 7-parameter shell elements relative to the HEX8
reference solution. Membrane elements show larger errors in regions of high curvature and bending, while shell elements closely follow the reference 
solution with minor deviations.

The shell formulation closely matches the HEX8 reference, with small deviations mostly occurring near boundaries where locking 
treatments affect the solution. Membrane elements show significantly larger errors, particularly in regions where out-of-plane bending 
dominates, consistent with the trends observed in Fig. 8b and 8c.

Appendix E.  Influence of the diffusion coefficient on the propagation pattern

We model the functional distal stomach, excluding the electrically quiescent fundus region, which does not exhibit typical peri-
staltic contractions [84,91], using an idealized quarter-torus geometry as shown in Fig. E.1. The torus features two openings rep-
resenting the pyloric sphincter (Γpyl) and the connection to the proximal stomach (Γprox). The geometry, generated using Coreform 
Cubit [69], is dimensioned to mimic anatomical proportions of the human stomach. We choose the mesh sizes based on the con-
vergence study shown in Section 3.2. Consequently, the mesh consists of 373 006 linear triangular scalar transport elements for the 
electrophysiology problem.
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Fig. E.1. Sketch of the computational domain of the torus with opening angle 𝛿 = 90◦, major radius 𝑅1 = 159.155mm, minor radius 𝑅2 = 50.93mm, 
and wall thickness of 𝐻𝑡 = 3.5mm. No-flux Neumann boundary conditions are applied at the pyloric sphincter Γpyl and pacemaker line Γprox.

Fig. E.2. Contour plots of spatial distributions of (a) the excitability parameter 𝑎icc, and (b) the ICC diffusion coefficient 𝜎icc.

We compare electrophysiology simulations using two distributions of the ICC diffusion coefficient 𝜎icc: homogeneous and hetero-
geneous (as described in Section 2.4.4 and depicted in Fig. E.2b). In both cases, a unidirectional excitability parameter distribution 
𝑎icc (see Table F.1 and Fig. E.2a) is used to isolate the effects of the diffusion coefficients. Used parameters are listed in Table F.7. 
Fig. E.3 shows the entrained ICC transmembrane potential 𝑣icc during propagation at selected time points. In the homogeneous case, 
slow waves do not emerge simultaneously at the pacemaker line despite uniform excitability, instead depolarization occurs first at 
the pacemaker region. Ring-shaped waves then travel aborally, but the conduction velocity remains nearly constant over the whole 
domain.

When 𝜎icc is heterogeneously distributed, the propagation follows the expected pattern: waves originate at the pacemaker and 
spread more rapidly in the circumferential direction. Initially, the excitability distribution guides propagation, but the curved geom-
etry of the tissue increasingly shapes the wavefront. The slow wave fronts align approximately perpendicular to the longitudinal axis 
of the torus due to the higher conduction velocity at the greater curvature.

Fig. E.4 depicts the resulting differences. Both setups initiate waves at the pacemaker, forming ring-shaped depolarization pattern. 
However, only the heterogeneous 𝜎icc distribution produces a conduction velocity gradient sufficient to align wave fronts with geom-
etry curvature. This demonstrates that modulating intrinsic frequencies through the excitability parameter alone is insufficient, and 
spatially varying diffusion coefficients are required to reproduce physiologically realistic slow wave propagation in curved geometries.
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Fig. E.3. Collection of spatial plots illustrating the influence of different spatial distributions of the diffusion coefficient of ICCs and SMCs 𝜎𝑗 on the 
propagation of normalized transmembrane potential 𝑣icc. The first row shows the case of a homogeneous distribution, the second row the case of a 
spatially varying distribution. The colorbar applies to all subplots. (For interpretation of the references to colour in this figure legend, the reader is 
referred to the web version of this article.)

Fig. E.4. Estimated conduction velocity 𝑣𝑐 and propagation patterns of entrained ICC slow waves obtained with the triangulation method. Left: Case 
with spatially homogeneous diffusion coefficients. Right: Case with spatially heterogeneous diffusion coefficients. In both simulations, excitability is 
unidirectional. The heterogeneous case produces a spatial gradient in 𝑣𝑐 , enabling wave propagation approximately orthogonal to the longitudinal 
axis.

Appendix F.  Model parameters

Table F.1 
Parameters defining the spatial distribution of the ex-
citability 𝑎icc according to Eq. 31. The functions 𝑓𝜂 for 
𝜂 ∈ {𝑙, 𝑐} are given by Eq. 32.
 Parameter 𝜉𝑙 𝜉𝑐

 Unidirectional  Anisotropic
𝑏𝜂 3.1622 3.1622 0.1
𝑐𝜂 0.0000 1.0000 0.9
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Table F.2 
Baseline electromechanical model parameters used in all simulations unless stated 
otherwise.

 Name  Parameter  Value  Unit
Geometry:
 Initial thickness of tissue 𝐻𝑡 3.500 00 mm
Material parameters:
 Collagen and SMCs:
 Mass fractions 𝜉c = 𝜉l 3.500 00 × 10−1  –
 Fiber prestretch 𝜆ce = 𝜆le 1.100 00  –
 Fung exponential parameters: 𝑘c1 3.120 00 × 10−1 J∕kg

𝑘c2 1.607 80 × 101  –
𝑘l1 8.467 00 J∕kg
𝑘l2 3.143 00  –

 Ground matrix:
 Mass fraction 𝜉gm 3.000 00 × 10−1  –
 Shear modulus 𝜇gm 7.000 00 × 101 J∕kg
 Poisson’s ratio 𝜈gm 0.499
 Longitudinal intensity of active contraction 𝛼l {0.0-0.6}  –
 Circumferential intensity of active contraction 𝛼c {0.0-0.6}  –

Table F.3 
Modified parameter values used in the convergence study. All other pa-
rameters are identical to those in Table F.2.
𝜒 icc = 𝜒 smc [–] 𝜎icc [mm2∕s] 𝜎smc [mm2∕s] 𝛼l = 𝛼c [–] 𝑝 [mmHg]

1.0 1.2 0.12 0.5  25.0

Table F.4 
Model parameters used for the comparison of finite element formulations.
𝜒 icc = 𝜒 smc [–] 𝜎icc [mm2∕s] 𝜎smc [mm2∕s] 𝛼l = 𝛼c [–] 𝑝 [N∕mm2] 𝜇 [N∕mm2] 𝜈 [–]
1.0 1.2 0.12 0.4 3.0 60.0 0.499

Table F.5 
Initial conditions values used for the electromechanics simulations.
 Name  Parameter  Value  Unit
 Transmembrane voltage of ICC and SMCs 𝑣𝑗 (𝑡 = 0) 3.414 38 × 10−2  –
 Recovery variable of ICC and SMCs ℎ𝑗 (𝑡 = 0) 6.787 47 × 10−1  –

Table F.6 
Boundary conditions used for the electromechanics simulations of the 
realistic stomach. The values correspond to the description in Sec-
tion 2.5.
 Name  Parameter  Value  Unit
 Intraluminar pressure values:
 Distal stomach 𝑝distal 25.0000 mmHg
 Proximal stomach 𝑝prox 10.0000 mmHg
 Spring stiffness values:
 Pyloric sphincter 𝑘pyl 3.000 00 kPa∕mm
 Greater curvature 𝑘greater 2.000 00 × 10−3 kPa∕mm
 Lesser curvature 𝑘lesser 2.000 00 × 10−3 kPa∕mm
 Remaining stomach surface 𝑘 2.000 00 × 10−5 kPa∕mm

Computer Methods in Applied Mechanics and Engineering 449 (2026) 118549 

29 



M.S. Henke et al.

Table F.7 
Simulation parameter used to study gastric electromechanics.
 Name  Parameter  Value  Unit
ICC:
 Maximum primary excitability 𝑎iccmax 3.316 00 × 10−2  –
 Minimum primary excitability (distal) 𝑎icc,distalmin 2.230 75 × 10−2  –
 Minimum primary excitability (proximal) 𝑎icc,proxmin 0.000 00  –
 Secondary excitability parameter 𝜆icc 1.250 00 × 10−2  –
 Time constant of inward current 𝜏 iccin 2.292 74 × 10−2 s
 Time constant of outward current 𝜏 iccout 4.707 19 × 10−1 s
 Time constant of gate opening 𝜏 iccopen 9.232 00 s
 Time constant of gate closing 𝜏 iccclose 4.770 82 s
 Gating voltage 𝑣iccgate 1.038 25 × 10−1  –
 Numerical smoothing parameter 𝜂iccgate 4.503 62 × 10−2  –
 Minimum diffusion coefficient of ICC 𝜎icclesser 6.000 00 × 10−1 mm2∕s
 Slope in velocity-diffusion relation 𝑚𝜎 1.620 00 mm∕s
 Intercept in velocity-diffusion relation 𝑐𝜎 2.155 00 mm2∕s
SMC:
 Excitability parameter 𝑎smc 0.000 00  –
 Secondary excitability parameter 𝜆smc 1.250 00 × 10−2  –
 Diffusion coefficient of SMC 𝜎smc 0.1𝜎icc mm2∕s
 Time constant of inward current 𝜏smcin 1.146 37 × 10−1 s
 Time constant of outward current 𝜏smcout 4.707 19 × 10−1 s
 Time constant of gate opening 𝜏smcopen 9.232 00 s
 Time constant of gate closing 𝜏smcclose 4.770 82 s
 Gating voltage 𝑣smcgate 1.038 25 × 10−1  –
 Numerical smoothing parameter 𝜂smcgate 4.503 62 × 10−2  –
Tissue electrophysiology:
 Resistance of gap junctions 𝐷gap 5.000 00 × 10−1 1∕s
 Circumferential bound of Eq. 32 (proximal) 𝑐proxl 9.000 00 × 10−1  –
 Circumferential spread of Eq. 32 (proximal) 𝑏proxc 1.000 00 × 101  –
 Longitudinal bound of Eq. 32 (proximal) 𝑐proxl 0.000 00  –
 Longitudinal spread of Eq. 32 (proximal) 𝑏proxl 3.162 20 × 102  –
Electromechanics:
 Calcium dynamics 𝛽1 1.000 00 × 101  –
 Opening dynamics of VDCC 𝛽2 1.000 00 × 101  –
 Threshold activation parameter of VDCC 𝑣thr 2.500 00 × 10−1  –
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$r \in \{\textup {prox}, \textup {distal}\}$


$\vec {X}$


$a_\textup {min}^{\ICC ,r}$


$a_\textup {max}^\ICC $


$a^\ICC $


\begin {align}\label {eq:InwardCurrent} I_\textup {in}^j(v^j, h^j,\vec {X})&=\frac {h^j}{\tau _\textup {in}^v}(v^j+a^j)(v^j+a^j-\lambda ^j)(1-v^j)\, ,\\ I_\textup {out}^j(v^j, h^j)&=-\frac {v^j}{\tau _\textup {out}^j} \, ,\end {align}


$f_l(\xi _l)$


$f_c(\xi _c)$


\begin {align}f_l(\xi _l) &= 1- \frac {c_l^r-1}{\exp {[-b_l^r]-1}} \, \Big (1-\exp {[b_l^r(\xi _l)^2]}\Big )\, ,\\ f_c(\xi _c) &= 1- \frac {c_c^r-1}{\exp {[-b_c^r]-1}} \, \Big (1-\exp {[b_c^r (\xi _c)^2]}\Big )\, ,\end {align}


$b_l^r$


$b_c^r$


$c_l^r$


$c_c^r$


$a^\ICC $


$f_\eta $


$\eta \in \{l,c\}$


$a^\SMC $


$a^\SMC (\vec {X}) = 0$


$\chi ^\ICC $


$\chi ^\SMC $


$\chi ^\ICC $


$\xi _l(\vec {X}) \in [0,1]$


$\xi _c(\vec {X}) \in [0,1]$


$\chi $


$f_l(\xi _l)$


$f_c(\xi _c)$


\begin {align}\label {eq:surface_to_volume_ratio} \chi ^\ICC (\vec {X}) = \begin {cases} \begin {aligned} 1.0 \qquad & \text {if } \phi _\fp \geq \phi ^*\, \quad (\text {distal stomach})\, ,\\ f_l(\xi _l)f_c(\xi _l) \qquad & \text {if } \phi _\fp < \phi ^*\, \quad (\text {proximal stomach})\, . \end {aligned} \end {cases}\end {align}


$\chi ^\ICC $


$\chi ^\textup {gap}(\vec {X})$


$\chi ^\textup {gap}(\vec {X}) = \chi ^\ICC (\vec {X})$


$\chi ^\SMC (\vec {X}) = 1$


$\sigma ^\ICC $


$\sigma ^\SMC $


$\sigma ^\ICC $


$\sigma ^\ICC $


$\sigma ^\SMC $


$\phi _\fp $


$\norm {\nabla \phi _\fp }$


$\Gamma _\textup {lesser}$


\begin {align}\sigma ^\ICC (\vec {X}) =\sigma _\textup {lesser}^i \, \quad \forall \, \vec {X} \in \Gamma _\textup {lesser}\,\end {align}


$v_c$


$\sigma ^\ICC $


\begin {align}v_c = m_\sigma \sigma ^\ICC + c_\sigma \, , \qquad m_\sigma >0\, , \quad c_\sigma \in \mathbb {R}\, .\end {align}


$v_c$


$\norm {\nabla \phi _\fp }$


\begin {align}v_c(\vec {X}) = v_c (\vec {X}_\textup {lesser})\frac {\norm {\nabla \phi _\fp (\vec {X})}}{\norm {\nabla \phi _\fp (\vec {X}_\textup {lesser})}} \, ,\end {align}


$\vec {X}_\textup {lesser}$


$\phi _\fp (\vec {X}_\textup {lesser})=\phi _\fp (\vec {X})$


$m_\sigma $


$c_\sigma $


$\sigma ^\ICC (\vec {X})$


\begin {align}\sigma ^\ICC (\vec {X}) =\frac {\norm {\nabla \phi _\fp (\vec {X}_\textup {lesser})}}{\norm {\nabla \phi _\fp (\vec {X})}}\left ( \sigma ^\ICC _\textup {lesser} + \frac {c_\sigma }{m_\sigma }\right )- \frac {c_\sigma }{m_\sigma }\, .\end {align}


$\sigma ^\ICC $


$\sigma ^\SMC (\vec {X}) = 0.1\sigma ^\ICC (\vec {X})$


$\phi _\gl $


$25$


$\mathrm {mmHg}$


$10$


$\mathrm {mmHg}$


\begin {align}\nabla v^j \cdot \vec {n} = 0 \quad \text {on} \, \, \Gamma _\textup {eso} \cup \Gamma _\textup {pyl} \times [0, \infty ) \quad \, \forall \, j \in \{\ICC , \ \SMC \},\end {align}


$\vec {n}$


$7$


$v_c$


$dt$


$h$


$v_c$


$1$


$1$


$x \in [\SI {0.0}{\mm }, \SI {250.0}{\mm }]$


$v_c$


$dt$


$h$
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$\mathrm {ms}$


$\leq dt \leq $


$0.2$


$\mathrm {s}$
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$\mathrm {\text {µ}m}$


$\leq h \leq $


$1.0$


$\mathrm {mm}$


$49$


$v_c$


$\Delta t$


$v^\ICC $


$x_1 =$
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$\mathrm {mm}$
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$\mathrm {mm}$
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$\mathrm {s}$


$v_c$
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$h$
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$A_\textup {c}$
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$2$


$7$


$dt=$
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$\mathrm {mm}$
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$\mathrm {\text {µ}m}$


$\leq h \leq $


$4.0$


$\mathrm {mm}$


$A_\textup {c}$


$h_{t,\textup {max}}$


\begin {align}A_\textup {c} &= \max \left ( u_n (\vec {x}) \right ) - \min \left ( u_n(\vec {x}) \right )\, , \quad \text {with } u_n (\vec {x})=\vec {u}(\vec {x}) \cdot \vec {n}(\vec {x})\, ,\end {align}


$u_n(\vec {x})$


$\vec {u}(\vec {x})$


$\vec {n}(\vec {x})$


$u_n$


$x \in [\SI {50.0}{\mm }, \SI {200.0}{\mm }]$
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$8$
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$3000$


$8$


$500$


$2$


$500$


\begin {align}\Psi _\textup {2D}= c_1 (\textup {tr}\rightCG _\textup {e}-3)\, ,\qquad \Psi _\textup {3D}= c_1 (\textup {tr}\rightCG _\textup {e}-3)+\frac {c_1}{c_2}(J_\textup {e}^{-2c_2}-1).\end {align}


$\Psi _\textup {2D}$


$\Psi _\textup {3D}$


$7$


$8$


\begin {align}\label {eq:strain_energy_coupled_neoHooke} W^\gm =c_1 (\overline {{I}}^\gm _{1\textup {e}}-3) + \frac {c_1}{c_2}((J_\textup {e}^\gm )^{-2c_2}-1) \,,\quad \textrm {with} \quad c_1 =\frac {\mu ^\gm }{2}, \quad c_2=\frac {\nu ^\gm }{1-2\nu ^\gm } \, ,\end {align}
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$10^{-3}$
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$\norm {\mat {u}}$


$h_t$


$v^\ICC $
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$\mathrm {s}$
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$\mathrm {mm}$


$\gamma $


$\norm {\vec {u}}$


$\alpha _\cf =0.35$


$\alpha _\lf =0.1$


$8$


$\mathrm {mm}$


$h_t$


$h_t$


$16$


$2\times $


$6230$


$52$


$376$


$38$
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$\mathrm {s}$
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$2.89\times 10^{5}$


$\mathrm {s}$


$\approx $


$80$


$\mathrm {h}$


$76\,\%$


$24\,\%$


$<1\,\%$


$50$


$\mathrm {s}$


$2.89\times 10^{5}$


$\mathrm {s}$


$\approx $
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$\mathrm {h}$
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$3$
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$\mathrm {mm}$


$8$


$\mathrm {mm}$
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$\mathrm {mm}/\mathrm {s}$


$6$


$\mathrm {mm}/\mathrm {s}$


$\approx $


$3.2$


$\mathrm {cpm}$


$7$


$W^i$


$i$


$i \in \{\cf , \lf \})$


$i$


\begin {align}W^{i} = \frac {k_1^i}{2k_2^i} \{ \exp {[k_2^i({I}_{4\textup {e}}^i-1)^2]}-1\} \, ,\end {align}


$k_1^i$


$k_2^i$


${I}_{4\textup {e}}^i$


$\lambda _\textup {e}^i$


$\vec {f}_\textup {R}^i$


$\vec {f}^i$


\begin {align}\defgrad _\textup {e}^i = \lambda _\textup {e}^i\, \vec {f}^i \otimes \vec {f}_\textup {R}^i + \frac {1}{\sqrt {\lambda _\textup {e}^i}} \left ( \mat {I} - \vec {f}^i \otimes \vec {f}_\textup {R}^i \right )\,, \qquad i \in \left \{ \cf ,\, \lf \right \}.\end {align}


$i=\gm )$


$\mu ^\gm $


$\nu ^\gm $


$\rightCG _\textup {e}^\gm = {\defgrad _\textup {e}^\gm }^T\defgrad _\textup {e}^\gm $


$\overline {{I}}^\gm _{1\textup {e}}=(J_\textup {e}^\gm )^{-\nicefrac {2}{3}}\textup {tr}(\rightCG _\textup {e}^\gm )$


$\overline {\defgrad }_\textup {e}^\gm = (J_\textup {e}^\gm )^{-\nicefrac {1}{3}} \defgrad _\textup {e}^\gm \, ,$


$J_\textup {e}^\gm = \det (\defgrad _\textup {e}^\gm ) = 1$


$v^j \in [0,1]$


$h^j \in [0,1]$


$j \in \{\ICC \, ,\ \SMC \}$


\begin {align}\label {eq:ElectrophysiologyODE} \left \{ \begin {aligned} &I_\textup {ion}^j(v^j, h^j, \vec {X})=I_\textup {in}^j(v^j, h^j, \vec {X})+I_\textup {out}^j(v^j, h^j),\\ &\dfrac { h^j}{t}=\frac {h_\infty ^j-h^j}{\tau ^j(v^j)}\, , \end {aligned} \right .\end {align}


$I_\textup {in}^j$


$I_\textup {out}^j$


$I_\textup {ion}^j$


$I_\textup {ion}^j = dv^j / dt$


$\tau ^j$


$h_\infty ^j$


\begin {align}\tau ^j(v^j)&=\frac {\tau _\textup {open}^j\tau _\textup {close}^j}{\tau _\textup {open}^j+h_\infty ^j(v^j)(\tau _\textup {close}^j-\tau _\textup {open}^j)}\, ,\\ h_\infty ^j(v^j)&=1-H(v^j-v_\textup {gate}^j)\, ,\end {align}


$\tau _\textup {open}^j$


$\tau _\textup {close}^j$


\begin {align}H(v^j-v_\textup {gate}^j) = \begin {cases} 0, & v^j\leq v_\textup {gate}^j\\ 1, & v^j>v_\textup {gate}^j \, \end {cases}\end {align}


$v_\textup {gate}^j$


\begin {align}1-H(v^j-v_\textup {gate}^j) \approx \frac {1}{2}\Big (1-\textup {tanh}\Big (\frac {v^j-v_\textup {gate}^j}{\eta _\textup {gate}}\Big )\Big ) \, ,\end {align}


$\eta _\textup {gate}^j$


$\eta _\textup {gate}^j \rightarrow 0$


$a^\ICC (\vec {X})$


$a^\SMC =0$


$\lambda ^j$


$\vec {p}$


$\vec {q}$


$\vec {r}$


$30$


$\mathrm {s}$


$p$


$q$


$r$


$p$


$q$


$\vec {x}_{pq}$


$\norm {\vec {x}_{pq}}$


$t_{pq}$


$p$


$q$


$\theta $


\begin {align}\theta =\arccos {\Bigg (\frac {\norm {\vec {x}_{pq}}^2+\norm {\vec {x}_{pr}}^2-\norm {\vec {x}_{qr}}^2}{2\norm {\vec {x}_{pq}}\norm {x_{pr}}}\Bigg )}\, .\end {align}


$v_c$


\begin {align}\cos \beta = \cos (\theta -\alpha ), \quad v_c = \frac {\abs {\alpha }\cos \alpha }{t_a}, \quad v_c = \frac {\abs {\beta }\cos \beta }{t_b}\, ,\end {align}


$\alpha $


\begin {align}\tan \alpha =\frac {\nicefrac {t_{pr}\norm {\vec {x}_{pq}}}{t_{pq}\norm {\vec {x}_{pr}}}-\cos \theta }{\sin \theta }\, .\end {align}


$\alpha $


$v_c$


$\vec {v}_c$


\begin {align}\vec {n}= \frac {\vec {x}_{pr}\times \vec {x}_{pq}}{\norm {\vec {x}_{pr}\times \vec {x}_{pq}}} \, .\end {align}


$\vec {p}$


$\vec {x}_{pq}$


$\vec {s}$


\begin {align}\vec {x}_{ps}= (\vec {n} \times \vec {x}_{pq})\tan \alpha \, .\end {align}


\begin {align}\vec {v}_c= \vec {x}_{pq}-\vec {x}_{ps} \, ,\end {align}


$v_c= \norm {\vec {v}_c}$


\begin {align}\Delta d_r(x) &= \abs {d_r(x) - d_r^\text {HEX8}(x)}, \\ \Delta h_t(x) &= \abs {h_t(x) - h_t^\text {HEX8}(x)},\end {align}


$d_r^\text {HEX8}$


$h_t^\text {HEX8}$
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$\sigma ^\ICC $
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$\sigma ^j$
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$\sigma ^\ICC $
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