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Introduction

Heart disease is currently the leading cause of death in the world, and the total cost that is associated with this disease is expected to triple between the years 2010 and 2030 [START_REF] Heidenreich | Forecasting the future of cardiovascular disease in the United States: A policy statement from the American Heart Association[END_REF]. To combat the rising costs that are associated with heart diseases, a myriad of new treatments have been conceived over the recent decades. These treatments include the surgical ventricular restoration procedure [START_REF] Athanasuleas | Surgical ventricular restoration in the treatment of congestive heart failure due to post-infarction ventricular dilation[END_REF], injection of biocompatible material to augment the left ventricular (LV) wall [START_REF] Sabbah | Circumferential mid-ventricular intramyocardial injections of alginate hydrogel improve left ventricular function and prevent progressive remodeling in dogs with chronic heart failure[END_REF]) and the implantation of a left ventricular partitioning device (LVAD) [START_REF] Nikolic | Percutaneous Implantation of an Intraventricular Device for the Treatment of Heart Failure: Experimental Results and Proof of Concept[END_REF]).

Although animal and clinical studies are often used to understand the mechanisms and effects of these novel treatments (and diseases), computational modeling is increasingly used to perform and supplement these studies [START_REF] Wall | Theoretical impact of the injection of material into the myocardium: A finite element model simulation[END_REF][START_REF] Kerckhoffs | Cardiac resynchronization: insight from experimental and computational models[END_REF][START_REF] Wenk | A method for automatically optimizing medical devices for treating heart failure: designing polymeric injection patterns[END_REF][START_REF] Klepach | Growth and remodeling of the left ventricle: A case study of myocardial infarction and surgical ventricular restoration[END_REF]Lee et al. 2013a,b;[START_REF] Genet | Distribution of normal human left ventricular myofiber stress at end diastole and end systole: a target for in silico design of heart failure treatments[END_REF][START_REF] Hu | Optimizing cardiac resynchronization therapy to minimize ATP consumption heterogeneity throughout the left ventricle: A simulation analysis using a canine heart failure model[END_REF]Lee et al. 2014a,b). The key advantage of using computational modeling is its versatility and low cost [START_REF] Niederer | At the heart of computational modelling[END_REF]Lee et al. 2014c). However, other than a few computational models [START_REF] Klepach | Growth and remodeling of the left ventricle: A case study of myocardial infarction and surgical ventricular restoration[END_REF]Kerckhoffs et al. 2012a), most are only capable of sim-ulating the acute immediate response of a treatment; and are not capable of directly simulating the chronic long term response, i.e., the propensity of the treatment to reverse or attenuate pathological growth and remodeling (G&R) of the heart. Because remodeling is one of the key determinants of the clinical course of heart failure [START_REF] Cohn | Cardiac remodeling concepts and clinical implications: a consensus paper from an international forum on cardiac remodeling[END_REF], while the reversal of this process (i.e., reverse remodeling) is often associated with a favorable prognosis in many diseases [START_REF] Yu | Left ventricular reverse remodeling but not clinical improvement predicts long-term survival after cardiac resynchronization therapy[END_REF][START_REF] Hoshikawa | Effect of left ventricular reverse remodeling on long-term prognosis after therapy with angiotensin-converting enzyme inhibitors or angiotensin II receptor blockers and β blockers in patients with idiopathic dilated cardiomyopathy[END_REF][START_REF] Williams | Intramyocardial stem cell injection in patients with ischemic cardiomyopathy: functional recovery and reverse remodeling[END_REF], the ability to directly simulate the treatment effects on pathological cardiac G&R can shed tremendous light on its efficacy. Specifically, the ability to do so can help determine whether a particular treatment can improve the patient's prognosis.

A number of cardiac G&R constitutive models have been developed to date. The majority of these models were formulated based on the theoretical framework of volumetric growth [START_REF] Rodriguez | Stress-dependent finite growth in soft elastic tissues[END_REF]. Under this framework, changes in the heart geometry due to the collective local effects of cellular hypertrophy can be described mechanistically. Constitutive G&R models constructed under this framework have been able to predict key features of the myocardium during eccentric and concentric hypertrophy (Göktepe et al. 2010a,b). Recently, a reversible cardiac G&R constitutive model that is not only capable of describing cellular hypertrophy but also cellular atrophy was developed [START_REF] Lee | A computational model that predicts reverse growth in response to mechanical unloading[END_REF]. This model is able to predict LV reverse remodeling when the mechanical loading is decreased, a key feature found in hearts implanted with LVAD. However, except in Kerckhoffs et al. (2012b), the simulation of G&R using all these models have thus far been confined only to a single cardiac phase, usually end of diastole. As a result, these models are unable to take into account all the mechanical states that occur during the entire cardiac cycle.

In this work, we overcome this limitation by integrating the newly developed reversible G&R constitutive model [START_REF] Lee | A computational model that predicts reverse growth in response to mechanical unloading[END_REF] to an existing strongly-coupled electromechanical model of the heart [START_REF] Sundnes | Improved discretisation and linearisation of active tension in strongly coupled cardiac electro-mechanics simulations[END_REF]. We also demonstrate that the integrated electromechanical-reversible growth model can be applied to understand and predict the mechanisms/effects of heart disease treatments. The organization of this work is as follow. Following this section, the construction of an integrated electromechanical-reversible growth model is described in Section 2. Specifically, we showed that the construction of this model enables one take into account the bidirectional relationship between myocardial G&R and the mechanics that occur during the entire cardiac cycle. In section 3, we describe an application of the integrated model to simulate the chronic effects of a novel therapy that seeks to attenuate pathological LV remodeling by modifying the stiffness of a myocardial infarct [START_REF] Morita | Modification of infarct material properties limits adverse ventricular remodeling[END_REF][START_REF] Fomovsky | Model-based design of mechanical therapies for myocardial infarction[END_REF]. The simulation results are then presented in the next section. In the final section, we discussed our results and showed that the simulation results are consistent with clinical observations and animal studies of myocardial infarction (MI) and the therapy itself.

Methods

Reversible growth constitutive model

The reversible growth constitutive model [START_REF] Lee | A computational model that predicts reverse growth in response to mechanical unloading[END_REF] was constructed under the volumetric growth framework in which the deformation gradient tensor F was multiplicatively decomposed into a growth tensor F g and an elastic deformation tensor F e , i.e.,

F = F e • F g . (1) 
Through this decomposition, local tissue growth and shape changes were described by the incompatible growth tensor F g . The elastic deformation tensor F e restored the required compatibility of the deformation gradient tensor F . To describe cellular hypertrophy occurring in the fiber direction f e.g., during eccentric hypertrophy [START_REF] Gerdes | Structural remodeling of cardiac myocytes in patients with ischemic cardiomyopathy[END_REF]), F g was parameterized by a scalar growth multiplier θ via the following equation

F g = (θ -1) f ⊗ f + I . (2) 
The following constitutive relationship was prescribed to describe the time t evolution of the local growth multiplier θ:

dθ dt = k(θ, λ e )(λ e -λ h ) . (3) 
In the above equation, the driving stimulant for growth and reverse growth is the deviation of the elastic myofiber stretch (over one cardiac cycle) λ e = f • F e T F e • f from its corresponding homeostatic set point λ h . For k(θ) ≥ 0 (the purpose of which is discussed below), local tissue growth ( θ > 0) or shrinkage ( θ < 0) occurs when the average elastic myofiber stretch λ e exceeds or falls below the homeostatic stretch λ h , respectively.

The other function k(θ, λ e ) is a rate limiting function whose main purpose is to ensure that the growth multiplier θ lies within some prescribed limits of θ min and θ max (i.e, θ min ≤ θ ≤ θ max ). Its functional form is given as follows:

k(θ, λ e ) =              1 τ g θ max -θ θ max -θ min γg if (λ e -λ h ) ≥ 0 1 τ rg θ -θ min θ max -θ min γrg if (λ e -λ h ) < 0 (4)
The main construct of this function is that there are some physiological limits associated with cellular hypertrophy and atrophy. To ensure that θ lies within these limits, the above function has the features k(θ, λ e ) → 0 as θ → θ min or θ → θ max . The parameters γ g and γ rg are the degrees of nonlinearity of tissue growth and shrinkage due to the deposition and removal of sarcomere units, respectively; whereas, τ g and τ rg are the timescales associated with tissue growth and shrinkage, respectively. We note that the reversible growth constitutive model described above was developed from previous models of cardiac G&R (Göktepe et al. 2010a;[START_REF] Klepach | Growth and remodeling of the left ventricle: A case study of myocardial infarction and surgical ventricular restoration[END_REF]. Those models, however, do not permit growth to be reversed.

Electromechanical model

The coupled cardiac electromechanics model that is capable of simulating the entire cardiac cycle has been previously described [START_REF] Wall | Electromechanical feedback with reduced cellular connectivity alters electrical activity in an infarct injured left ventricle: a finite element model study[END_REF][START_REF] Sundnes | Improved discretisation and linearisation of active tension in strongly coupled cardiac electro-mechanics simulations[END_REF]. In this model, cardiac electrophysiology was described using a standard bidomain model, cellular electromechanics was described by a fully coupled model [START_REF] Winslow | Mechanisms of Altered Excitation-Contraction Coupling in Canine Tachycardia-Induced Heart Failure, II : Model Studies[END_REF][START_REF] Rice | Approximate model of cooperative activation and crossbridge cycling in cardiac muscle using ordinary differential equations[END_REF], whereas tissue mechanics was described by the balance of linear momentum equations with mechanical constitutive relations that are discussed next.

The mechanical behavior of the cardiac tissue was described using an active stress formulation In this formulation, the Cauchy stress tensor σ of the cardiac tissue is additively decomposed into a passive component σ p and an active component σ a that accounts for the crossbridge cycling process of the tissue upon excitation i.e., σ = σ p + σ a (s, λ e , λe ; T ) .

(5)

The elastic deformation gradient tensor F e in Eq.

(1) enters both of these stress tensors σ p and σ a . Specifically, the development of the active stress σ a was described by the constitutive model proposed by [START_REF] Rice | Approximate model of cooperative activation and crossbridge cycling in cardiac muscle using ordinary differential equations[END_REF]. In this model, cellular cross-bridge cycling and active tension development was described by a system of ordinary differential equations involving the state vector s, elastic myofiber stretch λ e , rate of elastic myofiber stretch λe and the reference tension T , a material parameter that scales the tissue contractility. The state vector s serve as the coupling variable between electrophysiology and mechanics, and describe the states of various membrane channels and intracellular ionic concentration. Also, we note that this model was originally formulated at the sarcomere level without consideration of growth. Our choice of using the elastic myofiber stretch as variable to account for length dependence of the active force generated by the crossbridge formation is justified because growth (and reverse growth) of myocytes occurs via the addition (and removal) of sarcomere units and do not occur by lengthening (and shortening) of each individual sarcomere unit [START_REF] Gerdes | Structural remodeling of cardiac myocytes in patients with ischemic cardiomyopathy[END_REF]).

The passive stress σ p was described using a Fung-type transversely isotropic hyperelastic constitutive model [START_REF] Guccione | Passive material properties of intact ventricular myocardium determined from a cylindrical model[END_REF] with the strain energy function

W (E e ) = C 2 (exp Q -1)+C compr (J e lnJ e -J e +1) , (6a) 
where

Q = b f E f f 2 + b s E ss 2 + E nn 2 + E sn 2 + E ns 2 +b f s E f s 2 + E sf 2 + E f n 2 + E nf 2 . ( 6b 
)
In the above equation, E e = 1 2 (F e T F e -I) is the elastic Green strain tensor, J e = detF e is the Jacobian of the elastic deformation gradient tensor and E ij with (i, j) ∈ (f, s, n) are the components of E e that correspond to the material coordinates in the fiber f , sheet s and sheet-normal n directions. The material parameters are C compr , C, b f , b s and b f s . The passive stress is related to the strain energy function W in ( 6) by the standard push-forward operation i.e.,

σ p = 1 J e F e • ∂W (E e ) ∂E e
• F e T (7)

Integrated electromechanical-reversible growth model

As discussed in the previous two sections, the reversible growth model was coupled to the electromechanical model via the elastic deformation tensor defined in Eq. ( 1) and the growth constitutive relationship defined in Eq. ( 2)-( 4). These two equations account for the bidirectional relationship between the tissue's local growth and its local mechanical behavior. Herein, we discuss other implementation details associated with the integrated electromechanical-reversible growth model.

Separation of timescale between growth and elastic deformation

The fact that appreciable G&R can only be observed after a large number of heart beats suggests a separation of timescale between the the reversible growth model (Section 2.1) and the electromechanical model (Section 2.2). Consequently, the growth tensor F g can be treated as a constant within the electromechanical model. Correspondingly, we define a growth cycle as the cumulation of multiple number heart beats within which G&R is not detectable and does not affect the electromechanics of the heart. By assuming that the heart beats are identical to each other within each growth cycle, the simulation of a cardiac cycle is equivalent to that of a growth cycle. By this construct, we are able to prescribe mechanical states of the entire cardiac cycle as stimuli in the G&R model instead of restricting the stimuli to the mechanical state at a distinct point of the cardiac cycle, such as end-diastole in some models (Göktepe et al. 2010a;[START_REF] Lee | A computational model that predicts reverse growth in response to mechanical unloading[END_REF]. This approach is consistent with the modeling philosophy of Kerckhoffs et al. (2012b) where they asserted that individual myocytes should, in principle, be imperceptible to the specific cardiac phase they are in. This approach is also consistent with experiments in which time-varying mechanical stress and strain signals (such as their maximum, mean and amplitude) were found to be likely mechanical candidates that stimulate volume overload G&R rather than the signals derived at a particular time point in a cardiac cycle [START_REF] Holmes | Candidate mechanical stimuli for hypertrophy during volume overload[END_REF]. Guided by the above-described modeling philosophy and experimental observations, we prescribed the deviation of the time-average elastic myofiber stretch over one growth cycle λe from its corresponding homeostatic set point value λh (i.e., λeλh ) as the driving stimulant of G&R in our model. As a result, the local value of θ in each growth cycle can be updated using its previous value via an explicit time integration of Eq. (3) i.e.,

θ n+1 = θ n + k(θ n , λe,n )( λe,n -λh ) , (8) 
where the subscripts n and n+1 denote the growth cycle number.

Elasticity tensors

Because the growth tensor F g is treated as a constant within each growth cycle (see above Sec-tion), the calculation of the elasticity tensors becomes simplified as a result. By defining the components in the 2nd Piola-Kirchhoff elastic stress tensor as ∂S e mn = ∂W /∂E e mn , the second elasticity tensor C ijkl in the reference configuration was transformed by a simple pull-back of the elastic moduli C e mnpq = ∂S e mn /∂E e pq that is given as follows:

C ijkl = C e mnpq F -1 g,im F -1 g,jn F -1 g,kp F -1 g,lq . (9) 
We note that the above elastic moduli tensor differs from that given in Goktepe et al., (Göktepe et al. 2010a). This is because in their implementation, their growth tensor F g depends on the instantaneous myofiber stretch λ e whereas in our implementation, F g is a constant within the growth cycle and does not depend on λ e . Similarly, the first elasticity tensor A ijkl can be transformed by a simple pull-back of the first elastic moduli A e mnpq = ∂P e mn /∂F e pq given by

A ijkl = A e inkq F -1 g,jn F -1 g,lq . ( 10 
)
This transformation is necessary for integrating the growth model with the electromechanical model because the constitutive law for the active stress is usually defined via the first Piola-Kirchhoff or Cauchy stress tensor. As discussed by [START_REF] Sundnes | Improved discretisation and linearisation of active tension in strongly coupled cardiac electro-mechanics simulations[END_REF], it is significantly easier to linearize the active stress tensor σ a using the first elasticity tensor.

Relieving the residual stresses

In the volumetric growth framework, the growth tensor F g generates incompatibility that is restored by the elastic deformation gradient tensor F e in the unloaded but not necessary stressfree configuration. Correspondingly, tissue growth induces residual stresses and strains under this framework [START_REF] Rodriguez | Stress-dependent finite growth in soft elastic tissues[END_REF][START_REF] Genet | Heterogeneous growth-induced prestrain in the heart[END_REF][START_REF] Lee | A computational model that predicts reverse growth in response to mechanical unloading[END_REF]. The experimental study by [START_REF] Omens | Transmural Changes in Stress-free Myocyte Morphology During Pressure Overload Hypertrophy in the Rat[END_REF], however, showed that the time course of opening angle in the rat's heart did not follow the changes in the thickening of cells during hypertrophy. Their finding, therefore, calls into question of whether tissue growth can by itself alter the residual stress field in the heart. Given that it is still not entirely clear as to whether G&R can alter the residual stress field in the heart, we have chosen here to relieve the residual stresses that were generated by the incompatible growth tensor F g at each growth cycle. The residual stresses were relieved by updating the reference (stress-free) nodal position to its new position in the unloaded configuration at the end of each growth cycle (Steps 3-6 in Figure 1). This method is equivalent to the "updated reference configuration approach" described in [START_REF] Kroon | Computational modeling of volumetric soft tissue growth: application to the cardiac left ventricle[END_REF]. With this approach, the growth tensor F g is referred to the most recent updated configuration and correspondingly, its input parameter θ was computed based on this updated configuration (Step 3 of Figure 1). Accordingly, we also note the cumulative growth of all previous cycles θ n (computed in Step 6 of Figure 1) was used as input in the function k in this step.

Simulating the long term response of infarct stiffening therapy

We applied the integrated electromechanicalreversible growth model to a realistic human LV geometry to simulate the chronic long term effects of a novel therapy that seeks to attenuate LV remodeling by stiffening the infarct [START_REF] Morita | Modification of infarct material properties limits adverse ventricular remodeling[END_REF][START_REF] Fomovsky | Model-based design of mechanical therapies for myocardial infarction[END_REF]). Standard displacement-based finite element (FE) method with an operator splitting scheme was used to solve the system of partial differential equations describing the integrated electromechanicalreversible growth model. Details of the solution scheme can be found in [START_REF] Sundnes | Improved discretisation and linearisation of active tension in strongly coupled cardiac electro-mechanics simulations[END_REF].

Left ventricular computational model

The LV geometry was reconstructed from magnetic resonance images of a patient and a FE mesh consisting of 4425 tetrahedral elements was used to model the LV. In the FE model, the LV epicardial edge was fixed and the LV base was constrained to move only in the basal plane. Helix angle defining the myofiber direction f was prescribed to vary linearly across the LV wall from -60 • (endocardium) to 60 • (epicardium) [START_REF] Streeter | Fiber orientation in the canine left ventricle during diastole and systole[END_REF]) (Figure 2a).

Simulating the full cardiac cycle

We simulated several full cardiac cycles with each having a cycle length of 900ms. Specifically, passive filling was simulated by incrementally applying pressure to the LV endocardial surface until the prescribed end-diastolic pressure (EDP) was reached. Thereafter, systole was simulated by stimulating the LV apex and its cavity volume was constrained to remain constant during the isovolumic contraction phase. When the LV pressure (LVP) exceeded the prescribed aortic valve opening pressure P ao , the LV cavity volume was coupled to a 3parameter Windkessel model to simulate the ejection phase [START_REF] Wall | Electromechanical feedback with reduced cellular connectivity alters electrical activity in an infarct injured left ventricle: a finite element model study[END_REF]) (Figure 2b). The parameters associated with the Windkessel model are the peripheral pressure P p , aortic compliance C ao , aortic resistance R ao and the peripheral resistance R p . Ejection phase was terminated when the LV cavity outflow rate became negative. The same volume constraint was then applied to describe the isovolumic relaxation phase. 

Simulation cases

Four cases were simulated using the LV FE model. These cases differ from each other in terms of the prescribed values for the LV passive stiffness C and myocardial contractility that is given by the reference tension T in Eq. ( 5). The differences are summarized below: Normal : LV has homogeneous and normal passive stiffness C N and contractility T N . (Refer to Table 1 for these values).

I-1 :

LV has 3 distinct material regions consisting of an infarct, a borderzone (BZ) and a remote (healthy) region (Figure 2b). These regions have similar passive stiffness C N but different contractility T . The contractility values at the infarct, BZ and remote were T R = T N , T BZ = 0.5 T N and T I = 0 kPa, respectively.

I-10 : Same as I-1 except that C is 10 times higher at the infarct.

I-100 : Same as I-1 except that C is 100 times higher at the infarct.

All other parameters associated with the simulation are given in Table 1. We note that the infarct was assumed to be completely devoid of myocytes and hence, was prohibited from growing (and shrinking) via cellular hypertrophy (and atrophy) in the simulation (i.e., θ = 1). The infarct LV's regional contractility was prescribed based on a previous study showing that the developed con-tractile force at the BZ is one-half of that at the remote region [START_REF] Guccione | Mechanism underlying mechanical dysfunction in the border zone of left ventricular aneurysm: a finite element model study[END_REF]. We also note that the homeostatic set point for the average elastic myofiber stretch λh in the growth constitutive relationship in Eq. ( 8) was prescribed using the local values obtained from the "Normal " case.

Circulation Passive mechanics

Ra = 15 mmHg s /ml C N = 0.189 kPa Rp = 4.5 mmHg s /ml b f f = 29.9 Cao = 0.4 ml / mmHg bs = 13.5 Pp = 4.5 mmHg b f s = 13.3 EDP = 13.5 mmHg Ccompr = 20kPa Pao = 52.5 mmHg

Growth

Active mechanics

λ h = "Normal" case T N = 60 kPa γg = 1
* All other parameters are given in [START_REF] Rice | Approximate model of cooperative activation and crossbridge cycling in cardiac muscle using ordinary differential equations[END_REF] . γrg = 1 τg = 0.2 τrg = 0.2 

Results

Pressure-volume relationship

Compared to the Normal case, the presence of a non-contractile infarct and a BZ with depressed contractility in the other 3 cases (I-1, I-10 and I-100 ) caused an immediate reduction in pump function (Figure 3). In these cases, the stroke volume (SV) was about half of that of the Normal case.

Besides causing a substantial reduction in the pump function, impairment of the contractility of the infarcted LVs also has an effect on the long term response (Figure 3). The long term response was indicated by a rightward shift of the pressure volume (PV) loop in each growth cycle. The largest shift of the PV loop occurred in the unstiffened infarct case (I-1 ) in which both end-diastolic volume (EDV) and end-systolic volume (ESV) were increased by about 23 ml at the final growth cycle. The magnitude of the shift decreased with increasing infarct stiffness, and the least amount of shifting of the PV loop occurred in the case with the stiffest infarct (I-100 ). In that case, both EDV and ESV increased by approximately 10 ml.

In terms of the percentage change in EDV and ESV at the final growth cycle with respect to those at the initial cycle, the I-1 case had the largest increase (EDV: 27% and ESV: 36%). On the other hand, the I-100 case showed the smallest percentage increase (EDV: 13% and ESV: 19%) (Figure 4). Ejection fraction (EF) decreased in the infarct LV cases with I-1 and I-100 having the largest and smallest decrease of 5% and 3%, respectively.

Geometrical changes

Corresponding to the rightward shift of the PV loop, the infarcted LV became dilated and more spherical as the ratio of the short-axis to long-axis dimension increased in each growth cycle (Figure 5). Myocytes hypertrophy occurred primarily at the BZ as reflected by the higher value of the growth multiplier θ found in that region (Figure 6). Consistent with the result that the change in EDV and ESV decreased with increasing infarct stiffness (see previous section), we find that θ was higher in the I-1 case than the I-10 and I-100 cases (Figure 6a). The higher θ-value in the I-1 case with an unstiffened infarct was reflected by the larger and more spherical LV found in the final growth cycle when compared to that in the I-100 case with a stiffer infarct (Figure 6b). Defining the sphericity (SI) as the ratio between the largest dimension in the long and short axis views, sphericity increased by 7.2% (SI: 0.97 → 1.04) in the I-1 case and only increased by less than 1% (SI: 1.01 → 1.02) in the I-100 case. We also note that θ was unity in the infarct because this region was not permitted to grow in our simulation.

Elastic myofiber stretch

Because the infarct is non-contractile, the elastic myofiber stretch in the infarct region was out-ofphase with the other two regions during the cardiac cycles (Figure 7). When averaged over time in each growth cycle, the elastic myofiber stretch λe in the BZ of the infarct LV cases (I-1, I-10 and I-100 ) was substantially higher when compared to that found in the Normal case. In subsequent cycles involving G&R, λe at the BZ decreased and became close to the value found in the Normal case (i.e., λe,h ) . This feature was independent of the infarct stiffness and was found in all the infarct LV cases.

On the other hand, the difference between λe in the non-contractile infarct and that found in the Normal case was sensitive to the infarct stiffness. This difference decreased with increasing infarct stiffness. In the I-1 case, λe was significantly higher in the infarct before the onset of G&R when compared to that found in the other regions (i.e., BZ and remote). The time-averaged elastic myofiber stretch λe found at the infarct was also higher than that found in the Normal case. This result reflects the effects of having an unstiffened infarct which, without the ability to contract, underwent stretching in the myofiber direction in most part of the cardiac cycle. Because the infarct was prescribed not to grow, the region's time-averaged elastic myofiber stretch λe remained elevated in the subsequent growth cycles. With increasing infarct stiffness, however, elastic stretching of the infarct was reduced as found in the I-10 and I-100 cases. In the I-100 case, λe at the infarct was comparable to that found the BZ and remote regions. This value was also close to that found in the Normal case.

Discussion

We have described the integration of a reversible cardiac growth constitutive model with a coupled electromechanical model of the heart (i.e. integrated electromechanical-reversible growth model). We have also applied this integrated model to simulate the long term effects resulting from an alteration of the infarct mechanical stiffness as a form of therapy. By invoking a separation of timescale between the immediate deformation and the long term G&R process, we were able to use the deviation of the time-averaged elastic myofiber strain from its homeostatic set point value as the stimulant for G&R and update the growth multiplier θ in each growth cycle. This assumption is appropriate because the timescale at which post MI remodeling occurs (in the order of days to months [START_REF] Sutton | Clinical Cardiology : New Frontiers Left Ventricular Remodeling After Myocardial Infarction Pathophysiology and Therapy[END_REF]) is slower by several orders of magnitude than the time taken for a cardiac cycle to complete (in the order of seconds). Moreover, the assumption of timescale separation also simplifies the calculation of the elasticity tensors. The results from our simulation are consistent with experimental and clinical observations of MI in both animals and patients.

Effects of MI on local deformation

First, our simulation shows that in the presence of a non-contractile infarct, the time-averaged elastic myofiber stretch is higher in the adjacent BZ region compared to the homeostatic set point value found in the same region when the LV was normal (Figure 7). Consistent with this result, abnormal stretching of the tissue and reduced negative (contracting) strain magnitude were observed in the BZ in animal models and patients during systole [START_REF] Kramer | Regional differences in function within noninfarcted myocardium during left ventricular remodeling[END_REF][START_REF] Ashikaga | Electromechanical analysis of infarct border zone in chronic myocardial infarction[END_REF][START_REF] Rutz | Accelerated whole-heart 3D CSPAMM for myocardial motion quantification[END_REF][START_REF] Soleimanifard | Three-dimensional regional strain analysis in porcine myocardial infarction: a 3T magnetic resonance tagging study[END_REF]. When averaged over a cardiac cycle, the BZ elastic myofiber stretch would, therefore, be higher than that found in the remote region.

Effects of MI on local G&R

Second, the elevated elastic myofiber stretch found in the BZ region drives the local G&R process that occurs predominantly in this region itself, as reflected by its higher θ value (Figure 6). Because the field variable θ reflects local growth in the myofiber direction, this result implies that the myocytes became larger and elongated in the borderzone region. Likewise in both MI animal models [START_REF] Jackson | Extension of borderzone myocardium in postinfarction dilated cardiomyopathy[END_REF][START_REF] Shimkunas | Myofilament dysfunction contributes to impaired myocardial contraction in the infarct border zone[END_REF]) and patients [START_REF] Gerdes | Structural remodeling of cardiac myocytes in patients with ischemic cardiomyopathy[END_REF], surviving myocytes in the infarcted LV typically undergo hypertrophy and became larger. In a histological study of the infarcted sheep heart, the myocytes was found to be about 70% larger than that in the remote region 2 weeks after MI [START_REF] Shimkunas | Myofilament dysfunction contributes to impaired myocardial contraction in the infarct border zone[END_REF]). Similarly, myocytes isolated from explanted hearts of patients who had ischemic dilated cardiomyopathy were observed to be about 40% longer than those found in the normal human heart [START_REF] Gerdes | Structural remodeling of cardiac myocytes in patients with ischemic cardiomyopathy[END_REF].

Effects of MI on global G&R

Third, our simulation shows that the collective effects of local tissue growth in the non-infarcted region led to the LV becoming dilated and markedly more spherical (Figure 5), a feature that corresponds to a rightward shift of the LV pressure volume loop in each growth cycle (Figure 3). This pathological feature of progressive LV dilation due to the presence of an MI has been observed. Specifically, dilation of LV was found in MI patients and animal models to be accompanied by a rightward shift of the pressure-volume loop and a parallel increase in both EDV and ESV [START_REF] Warren | Time course of left ventricular dilation after myocardial infarction: influence of infarct-related artery and success of coronary thrombolysis[END_REF][START_REF] Jeremy | Patterns of left ventricular dilation during the six months after myocardial infarction[END_REF][START_REF] Sutton | Clinical Cardiology : New Frontiers Left Ventricular Remodeling After Myocardial Infarction Pathophysiology and Therapy[END_REF]Mc-Call et al. 2012).

Effects of altering the mechanical properties of MI

Last, our simulation shows that the remodeling rate, defined by the rate of increase in EDV and ESV, decreases with increasing mechanical stiffness of the infarct. In other words, our simulation predicts that LV remodeling can be attenuated by stiffening the infarct (Figure 4). As suggested by our simulation, a possible mechanism for this effect is that the stiffened infarct reduces the time-average elastic myofiber stretch in the BZ region (Figure 7). This prediction is consistent with a number of long-term large animal studies that were conducted by different groups to investigate the alteration of infarct mechanical properties as a treatment for MI [START_REF] Mukherjee | Targeted Myocardial Microinjections of a Biocomposite Material Reduces Infarct Expansion in Pigs[END_REF][START_REF] Ifkovits | Injectable hydrogel properties influence infarct expansion and extent of postinfarction left ventricular remodeling in an ovine model[END_REF][START_REF] Morita | Modification of infarct material properties limits adverse ventricular remodeling[END_REF]. Different materials were injected directly to stiffen the infarct in these studies. These materials include fibrin-alginate [START_REF] Mukherjee | Targeted Myocardial Microinjections of a Biocomposite Material Reduces Infarct Expansion in Pigs[END_REF], methacrylated hyaluronic acid macromers (MeHA) [START_REF] Ifkovits | Injectable hydrogel properties influence infarct expansion and extent of postinfarction left ventricular remodeling in an ovine model[END_REF]) and a biocompatible dermal filler of calcium hydroxyapatite [START_REF] Morita | Modification of infarct material properties limits adverse ventricular remodeling[END_REF]. Results from these experimental studies show that post-MI remodeling was attenuated when the infarct was stiffened. In particular, a smaller increase in EDV and ESV was found in treated animals when compared to the untreated animals after several weeks. In [START_REF] Morita | Modification of infarct material properties limits adverse ventricular remodeling[END_REF], LV remodeling was found to be attenuated at 8-week follow up in animals that underwent this therapy when compared to those that did not. In that study, the increase in LV volumes was found to be lower in treated animals (ESV : 39% and EDV : 28%) compared to untreated animals (ESV : 83% and EDV : 65%). Cardiac function, as quantified by the ejection fraction (EF), was also found to have deterioriated at a slower rate in treated animals (EF: 36% → 31%) compared to untreated animals (EF: 35% → 28%). The stiffness of the infarct was also found to be an important parameter that affects the outcome of this therapy in the experimental study by [START_REF] Ifkovits | Injectable hydrogel properties influence infarct expansion and extent of postinfarction left ventricular remodeling in an ovine model[END_REF]). In their study, which consists of two groups of animals injected with different amounts of MeHA, they found that cardiac function and remodeling rate was significantly improved only in animals injected with a higher amount of MeHA that correspond to a stiffer infarct.

Conclusion

In summary, we have presented an integrated electromechanical-reversible growth model and have applied it to study the long term effects resulting from altering the infarct mechanical properties. This work overcomes the limitation of a previous study by [START_REF] Fomovsky | Model-based design of mechanical therapies for myocardial infarction[END_REF], in which only the immediate (acute) effects of this therapy was modeled. We have demonstrated that the simulation results obtained from the integrated model are qualitatively consistent with the key experimental and clinical findings of both MI-induced remodeling and infarct stiffening therapy. Future studies will investigate the effects of altering the mechanical anisotropy of the infarct as an experimental study using animal model have shown that the acute pump function is sensitive to this property [START_REF] Fomovsky | Anisotropic reinforcement of acute anteroapical infarcts improves pump function[END_REF].
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Fig. 1 :

 1 Fig. 1: Scheme to update the growth multiplier θ. Inset shows a sketch of the evolution of PV loop under this scheme.

Fig. 2 :

 2 Fig. 2: LV FE model: (a) myofiber direction color coded with the the local helix angle (b) infarcted LV model connected to a 3-parameter Windkessel model to simulate cardiac cycle.

Fig. 3 :

 3 Fig. 3: Effects on the pressure-volume loop for I-1, I-10 and I-100. Dotted line shows the Normal case.

Fig. 4 :

 4 Fig. 4: Long term effects on (a) end-diastolic volume (a) end-systolic volume and (c) ejection fraction in the I-1, I-10 and I-100 cases.

Fig. 5 :

 5 Fig. 5: Comparison of the end-diastolic LV geometry of the final growth cycle between the I-1 and Normal cases. Short and long-axis view are shown as insets. Black and red denote I-1 and Normal, respectively.

Fig. 6 :

 6 Fig. 6: Comparison of (a): growth multiplier θ (final cycle) between the cases I-1, I-10 and I-100. (b): LV geometry at ED of the final growth cycle between I-1 (black) and I-100 (blue). Short and long-axis view are shown as insets

Fig. 7 :

 7 Fig. 7: Long term effects on myofiber stretch in the I-1, I-10 and I-100 cases. Upper: time-averaged elastic myofiber stretch λe of each growth cycle. Lower: local elastic myofiber stretch λe (taken from arbitary points in each material regions) as a function of time over all growth cycles. Blue: infarct, grey: BZ and red: remote.
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 1 Values of the simulation parameters