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This study is a step towards a new biomechanical-based measurement of the patient specific risk of rupture of cerebral aneurysms. Following a previous experimental investigation suggesting a correlation between the risk of rupture and the material properties of cerebral aneurysms, fluid-structure interaction simulations are performed to compare the deformations of a patient-specific aneurysm when using degraded or undegraded materials. Results show that material properties have a major impact on the magnitude of systolic/diastolic aneurysmal volume variations along the cardiac cycle. Changes in terms of aneurysmal volume variations depending on the tissue characteristics are shown to be measurable by medical imaging. A one-at-a-time data uncertainty analysis is also presented and shows the robustness of this result to input data uncertainties. The study thus suggests that aneurysmal volume variations may be used as the basis of a biomechanical index of rupture risk.

Introduction

The prevalence of unruptured intracranial aneurysms in the general population, as reported by Wardlaw et al. [START_REF] Wardlaw | The detection and management of unruptured intracranial aneurysms[END_REF] ranges between 3% and 6.6%. The incidence of ruptured aneurysms is however low, with approximately 10 cases in every 100,000 people per year, which suggests that very few aneurysms break. Subarachnoid hemorrhage is the consequence of aneurysm rupture and approximately 12% of patients die before receiving medical attention, 40% of hospitalized patients die within one month after the event, and more than one third of those who survive have major neurological deficits. In contrast, endovascular treatment of unruptured aneurysm is safe with a 0.03% mortality rate. Unruptured intracranial aneurysms may be diagnosed clinically in a setting of subarachnoid hemorrhage caused by the rupture of another existing aneurysm, during screening in a setting of positive family history of ruptured intracranial aneurysm or autosomal dominant polycystic kidney disease, in the investigation of clinical symptoms relative to cranial nerve compression or hydrocephalus related to the aneurysm, or may be diagnosed fortuitously during routine Computed Tomography scanner (CT scan) or Magnetic Resonance Imaging (MRI) investigations for problems unrelated to the aneurysm. Whatever the case, unruptured intracranial aneurysms represent a dilemma for physicians, who have to evaluate the risk of aneurysm rupture with respect to its natural history against the risk of morbidity and mortality from an endovascular or surgical repair. With CT scan and MRI being more frequently and widely used, a growing number of intracranial aneurysms are being diagnosed, posing the problem of which aneurysms harbor a sufficiently high risk of rupture to merit endovascular or surgical repair.

Recent publications have addressed this issue and have demonstrated that, among other variables affecting the natural history of aneurysms, size and location represent independent predictors of both risk of rupture and surgical/endovascular repair outcomes [START_REF] Horikoshi | Size of cerebral aneurysms and related factors in patients with subarachnoid hemorrhage[END_REF][START_REF] Nahed | Hypertension, age, and location predict rupture of small intracranial aneurysms[END_REF]. Other parameters, such as irregular aneurysm shape and the presence of blebs are recognized as 3 translating an area of weak wall structure and high risk of rupture. Rapid aneurysm growth is also likely a risk factor for rupture [START_REF] Matsubara | Incidence and risk factors for the growth of unruptured cerebral aneurysms: observation using serial computerized tomography angiography[END_REF].

From a mechanical point of view, the rupture of an aneurysm occurs when wall tension exceeds the strength of the wall tissue. Since these quantities cannot be assessed from medical imaging, a natural approach is to compute the wall tension and set a rupture threshold. Recently, it has been showed that numerical simulations based on patientspecific image data may be used to simulate wall shear stress (WSS) and pressure in the circle of Willis [START_REF] Penrose | Implicit fluid-structure coupling for simulation of cardiovascular problems[END_REF]. Others have used computations to analyze the flow in cerebral aneurysms, with focus on WSS, which is also thought to be associated with aneurysm formation and rupture [START_REF] Cebral | Association of hemodynamic characteristics and cerebral aneurysm rupture[END_REF][START_REF] Cebral | Quantitative characterization of the hemodynamic environment in ruptured and unruptured brain aneurysms[END_REF][START_REF] Hoi | Effects of arterial geometry on aneurysm growth: Three-dimensional computational fluid dynamics study[END_REF]. Some studies consider the coupled fluid -structure interaction problem (FSI) where the flow equations for blood are solved together with the structural equations for the tissue [START_REF] Chung | A coupling model for macromolecule transport in a stenosed arterial wall[END_REF]. Because mechanical properties for cerebral arteries and aneurysms are very scarce most of the studies based on a FSI [START_REF] Balocco | Feasibility of estimating regional mechanical properties of cerebral aneurysms in vivo[END_REF][START_REF] Nicoud | Computational hemodynamics in moving geometries without solving the fluid-structure interaction problem[END_REF][START_REF] Rissland | Abdominal aortic aneurysm risk of rupture: Patient-specific FSI simulations using anisotropic model[END_REF][START_REF] Torii | Fluid structure interaction modeling of a patient-specific cerebral aneurysm: influence of structural modeling[END_REF][START_REF] Vito | The mechanical-properties of soft-tissues. 2. The elastic response of arterial segments[END_REF] framework do not use experimental mechanical behavior of the aneurysm wall as input. A few exceptions exist for the case of the abdominal aorta aneurysms [START_REF] Vande Geest | The effects of aneurysm on the biaxial mechanical behavior of human abdominal aorta[END_REF][START_REF] Vande Geest | The effects of anisotropy on the stress analyses of patient-specific abdominal aortic aneurysms[END_REF] but not for the intracranial aneurysms.

In the study of Costalat and al [START_REF] Costalat | Biomechanical wall properties of human intracranial aneurysms resected following surgical clipping[END_REF], the aneurysm wall properties were characterized and a classification of the aneurysm wall behavior was made. The main output of this study is that the medical status of the aneurysm (undegraded, degraded, close to rupture or ruptured) is strongly correlated with the aneurysmal tissue property (stiff, intermediate, soft). A rupture criterion could be directly evaluated by assessing the state of the material and using an inverse method. By combining medical imaging and FSI computations, it should be possible to determine the mechanical property of the aneurysm wall. This approach can be successful only if a significant difference of the volume variation over the cardiac cycle is observable for two different materials (soft and stiff) with medical imaging.

For example, Karmonik et al, in their study [START_REF] Karmonik | In vivo quantification of wall motion in cerebral aneurysm from 2D cine phase contrast magnetic resonance images[END_REF], could measure a displacement as small as 0.04 mm with a 1.5T MRI.

The objective of the paper is to demonstrate that significant changes in the variations of the volume of the aneurysm are simulated depending on the mechanical behavior considered for the aneurysm. More precisely, we will show that using a mechanical behavior relevant to an aneurysm close to the rupture (soft) leads to very strong geometric variations over the cardiac cycle whereas the temporal variations are moderate when an undegraded aneurysm (stiff) is computed. The experimental data establishing the correlation between the aneurysm status and tissue mechanical properties [START_REF] Costalat | Biomechanical wall properties of human intracranial aneurysms resected following surgical clipping[END_REF] is first briefly discussed in section 2, together with the description of the numerical method. The strategy to deduce the initial stress is presented. Results of the FSI are presented in section 3, where the time evolution of the volume of the aneurysm is observed for two different hyperelastic materials.

A discussion of the results and the concluding remarks are provided in section 4.

Materials and Methods

Identification of mechanical behavior of aneurysm wall

The details of the study establishing the correlation between the aneurysm status and tissue mechanical properties are given in [START_REF] Costalat | Biomechanical wall properties of human intracranial aneurysms resected following surgical clipping[END_REF]; the methodology and main results are briefly given in the following for completeness. The same kind of study has been done by Duprey and al. [START_REF] Duprey | Ex vivo characterization of biomechanical behavior of ascending thoracic aortic aneurysm using uniaxial tensile testing[END_REF] for the thoracic aortic aneurysm.

Samples were extracted from surgically removed aneurysm sacs coming from several University Hospitals. In order to conserve the mechanical properties of the aneurysm wall, a specific conservation protocol was applied in each center by means of a dedicated histopathological removal kit available in the neurosurgical operating room. The resected aneurysm was initially inserted in a tube containing a Ringer lactate, 10 % DMSO solution.

This first tube was then placed in a larger tube containing isopropanol. This combination of the two tubes was placed in a freezer (-80˚C).

Each sample was then defrozen and studied as appropriate for biomaterials [START_REF] Ambard | Mechanical behavior of annulus fibrosus: a microstructural model of fibers reorientation[END_REF][START_REF] Jourdan | An implicit numerical method for wear modeling applied to hip joint prothesis problem[END_REF][START_REF] Malachanne | Numerical model of bone remodeling sensitive to loading frequency through a poroelastic behavior and internal fluid movements[END_REF][START_REF] Swider | Substructuring and poroelastic modelling of the intervertebral disc[END_REF]: One hour before mechanical testing, aneurysms sample were thawed at ambient temperature. Under microscopy, the aneurysmal wall samples were dissected in a meridional manner in order to obtain a regular rectangular piece. Only the meridional axis of the aneurysm was chosen in order to preserve maximum length of the aneurysmal tissue in the sample, given the very small size of each specimen and the fragility of the tissue. The aneurysm strips were physically measured and then glued on each extremity to aluminum grips. Meanwhile, physiological isotonic liquid was warmed to 40˚C inside the traction test machine. A uniaxial stretch test was carried out on the sample within the warmed physiological liquid in order to simulate the in vivo conditions. This testing device was composed of a Texture Analyzer (TA-XT2, Stable Microsystems, UK) with a 50 N load cell and an optical microscope (ZEISS) equipped with a digital video camera . The uniaxial stretch test consisted of a sequence of 10% length displacement of the sample, in 5 repeated cycles, while registering the traction force applied. In accordance to standard mechanical testing protocol for biological tissue, the specimens were first preconditioned during the first four cycles. The extension rate was 0.01 mm/s and the tension load was recorded every 0.01 s. Velocity of the solicitations was small enough to neglect viscous phenomena.

Strain/stress curves for each sample were generated (Fig. 1).

Using theses measurement series, a behavior model of the tissue was proposed for large displacements in order to represent the evolution of the stress in the materials [START_REF] Hoi | Effects of arterial geometry on aneurysm growth: Three-dimensional computational fluid dynamics study[END_REF]. For this purpose the assumption that the material is isotropic and incompressible was made and the hyperelastic model of Mooney-Rivlin with 3 parameters was selected [START_REF] Ai | A coupling model for macromolecule transport in a stenosed arterial wall[END_REF]. It reads:

W = C 10 (I 1 -3) + C 01 (I 2 -3) + C 11 (I 1 -3)(I 2 -3), ( 1 
)
where W is strain energy potential, I 1 = tr(C) and All unruptured aneurysms presented a stiffer tissue than the ruptured aneurysms (Fig. 1).

I 2 =
Their mechanical behavior is either stiff or intermediate. Conversely, all the ruptured aneurysms correspond to a soft tissue. In order to further analyze whether the difference in tissue behavior leads to measurable differences in aneurysm variation over the cardiac cycle, two aneurysms representative of the average of the stiff (undegraded) and the soft (close to the rupture) classes were selected for the FSI computations described in the next section. The corresponding parameters are given in Table 1 while the strain/stress curves

Numerical Method

In the following, the mechanical behaviors assessed experimentally from actual aneurysm samples are used to feed FSI computations of a realistic aneurysm geometry. The physical and numerical characteristics of the computations are now presented.

3D object

The geometry is obtained from images gained from an MRI of a specific patient exam. The first step is to create a 3D object from 2D images. The software ScanIP is used for this purpose [START_REF] Young | An efficient approach to converting 3D image data into highly accurate com[END_REF]. The next step is to clean up the geometry in keeping only the parent artery and then to reduce the region of interest by cropping. At last, a low-pass fitter is applied to the images to reduce the noise-to-signal ratio and then the result is then exported as an STL file (Fig. 2). The neck diameter is N = 6.25 mm and the dome length is D = 7.6 mm, which gives a ratio D N = 1.216. The parent artery diameter is d = 3.3 mm.

Physical modeling

The blood flow within the computational domain is described by the incompressible Navier-Stokes equations ( 2), [START_REF] Ambard | Mechanical behavior of annulus fibrosus: a microstructural model of fibers reorientation[END_REF].

ρ f d v f dt = -→ div(σ f ), (2) 
div( v f ) = 0, (3) 
where v f is the time dependent flow velocity vector, ρ f is the mass density of blood and σ f is the strain for the fluid part. The flow is assumed to be laminar, a reasonable assumption given the moderate value of the Reynolds number (Re ≃ 300), defined as:

Re = ρ f v f d µ , (4) 
where v f is the bulk velocity of the blood (v f ≃ 0.4 m.s -1 ), d is the diameter of the parent artery (d = 3.3 mm) and µ is the dynamic viscosity of the blood. Blood is modeled as a Newtonian fluid (5), of density of ρ = 1050 kg/m 3 and dynamic viscosity of µ = 0.004 Pa.s [START_REF] Ai | A coupling model for macromolecule transport in a stenosed arterial wall[END_REF][START_REF] Torii | Fluid structure interaction modeling of a patient-specific cerebral aneurysm: influence of structural modeling[END_REF][START_REF] Watton | Blood flow dynamics and fluid-structure interaction in patient specific bifurcating cerebral aneurysm[END_REF][START_REF] Yang | Modeling of low-density lipoprotein (LDL) transport in the artery-effects of hypertension[END_REF].

σ f = -p f I + 2µD, (5) 
where p f is the pressure and D is the rate of deformation tensor. More sophiscated models can be used in order to account for non-Newtonian effects, especially in the aneurysmal sac (see for instance Cebral et al. [START_REF] Cebral | Efficient pipeline for image-based patient-specific analysis of cerebral aneurysm hemodynamics: Technique and sensitivity[END_REF] and Sforza et al. [START_REF] Sforza | Hemodynamics of cerebral aneurysms[END_REF]). However, these effects are expected to be prevalent only when dealing with local quantities like wall shear stress. This is not the case in the present paper where the aneurysmal volume, which is primarily influenced by the inviscid pressure forces, is analyzed.

Two different materials [START_REF] Watton | Blood flow dynamics and fluid-structure interaction in patient specific bifurcating cerebral aneurysm[END_REF] are used for the structural parts, one for the aneurysmal sac (hyperelastic) and one for the artery (linear elastic) to focus the attention on the aneurysmal sac and to reduce the computational time. The structure equation solved for the artery and aneurysmal sac reads (6):

ρ s ∂ v s ∂t = -→ div(σ s ), (6) 
where σ s is the Cauchy strain for the structural part.

The aneurysm wall is modeled as an isotropic incompressible hyperelastic material [START_REF] Cebral | Quantitative characterization of the hemodynamic environment in ruptured and unruptured brain aneurysms[END_REF]:

σ s = ρ s F ∂W ∂E F t -p s I ( 7 
)
where F is the deformation gradiant tensor and E is the Green Lagrangian strain tensor.

The material used for the parent artery has the following properties: Young modulus E = 3 MPa, Poisson ratio ν = 0.49, specific mass ρ s = 2300 kg/m 3 and thickness e pa = 0.6 mm [START_REF] Valencia | Blood flow dynamics and fluid-structure interaction in patient specific bifurcating cerebral aneurysm[END_REF][START_REF] Valencia | Blood flow dynamics and arterial wall interaction in a saccular aneurysm model of the basilar artery[END_REF]. The thickness of the aneurysmal wall is e = 0.38 mm.

Boundary conditions

For the FSI analysis, a normal pressure to the external surface, due to the intracranial pressure, of 2000 Pa is imposed to the wall [START_REF] Steiner | Monitoring the injured brain : Icp and cbf[END_REF]. Realistic hemodynamic conditions are imposed as obtained from a specific patient examination by using MRI in phase contrast.

More precisely, the inlet volumetric blood flow rate and the pressure at the artery outlet imposed during the calculation are shown in Fig. 3.

The flow boundary conditions and the morphological data were not measured on the same patient as the geometry: such a complete dataset for a unique patient was not available. However, hemodynamic boundary conditions are relevant to actual physiological conditions and good enough for the proof of concept we attend to demonstrate in the present study.

FSI computations

The structural mesh contains 3,110 shell elements (in order to decrease the computational time and because of the small thickness of the aneurysm wall) and the fluid mesh is composed of 102,562 tetrahedral elements (Fig. 4). For each FSI computation, a time step of 0.004 s was used.

Computations are performed using the software Ansys V.13. The fluid motion equations are solved with the software CFX, which uses the finite volume approach and the Newton-Raphson method for solving the subsequent non linear system. For the structural part, Ansys employs the finite element method and the Newton-Raphson algorithm. The wall pressure resulting from the fluid is imported as boundary conditions in the structural analysis; this procedure is carried out in an iterative manner within each time step. It is an iterative implicit coupling. At the interface of the two physical domains, the element type differs and the nodes of the two meshes do not coincide. In order to solve this interfacial problem, surface interpolation is carried out [START_REF] Alnaes | Computation of hemodynamics in the circle of Willis[END_REF].

Initial stress

To perform a finite element computation with an hyperelastic behavior law as described in section 2.1, the knowledge of the stress-free and no strain configuration, not accessible in vivo, is necessary. The approach used by Speelman et al. [START_REF] De Putter | Patient-specific initial wall stress in abdominal aortic aneurysms with a backward incremental method[END_REF][START_REF] Speelman | Initial stress and nonlinear material behavior in patient-specific AAA wall stress analysis[END_REF] is to determine by using computations the stress-free state of the geometry. We put forward an alternative approach, which consists in using a representative configuration, for which we know the geometry and the pressure conditions. This configuration is given by medical imaging synchronized with the cardiac cycle and will be referred to as the geometry at acquisition.

Note that 3D rotational angiography (3DRA) produced only an average geometry over the cardiac cycle. However, since 80% of the cardiac cycle corresponds to the diastolic pressure, we assumed that the geometry and the pressure are closed to the diastolic state (Line C in Fig. 3). In a close future the appropriate MRI sequence (4D phase contrast MRI) with cardiac gating will be used to obtain geometry and a pressure at a particular time of the cardiac cycle. For this geometry, under the estimated pressure (line C in Fig. 3,

p ext ≃ 9000 
Pa), one needs to determine the stress in each Gauss point of the structural mesh. The latter is assessed by assuming that the inertial effects are negligible in the wall motion. Then a computation is made for a linear elastic material under small strain assumption to solve the equilibrium equation.

-→ div(σ s ) = -→ 0 , (8) 
where σ s is the strain tensor for the structural part. Note that the stress results of this equation does not bring into play the material behavior characteristics. Note also that neglecting the inertial effects was validated by comparing two FSI computations, one with ρ s = 2300 kg/m 3 for the tissue, the other one with ρ s = 0, and checking that the results were very similar (not shown). The stress field obtained from Eq (8) is thus used as the initial condition for all the FSI computations. Using this representative stress, from now on, Ansys is able to compute the stress and strain states at any time over the cardiac cycle.

This technique is valid only if the inertial effects can be neglected for this assessment;

In Fig. 5, a summary of a representation on the stress/strain graph of the different conditions is proposed.

is present and S = 0.

-State 1 corresponds to the diastolic condition with the nominal stress associated S d .

(Point A in Fig. 3 and Fig. 5)

-State 2 corresponds to the systolic condition with the nominal stress associated S s .

(Point B in Fig. 3 and Fig. 5)

-State 3 corresponds to the geometrical acquisition condition with the nominal stress associated S a . (line C in Fig. 3 and point C in Fig. 5)

3 Results and parametric study

Representative computation

The aim is to determine if significant geometrical differences measurable using medical imaging exist between a soft (close to the rupture) aneurysm and a stiff (healthy) aneurysm

. For this purpose, two representative FSI computations were performed for the stiff and soft tissues using the numerical procedure described in subsection 2.2.

Two quantities are observed and discussed in the following:

-V dif f : the volume variation of the aneurysm sac (lumen because of the incompressibility of the material model) over the cardiac cycle.

-D max : the maximal mesh displacement on the aneurysm sac.

V dif f represents a global information about the aneurysmal sac, contrary to D max which is the maximal displacement of a point of the mesh and gives a local information. Both quantities can be easily measured by MRI From table 2, significant differences are observable between the soft and stiff aneurysm (Fig. 6). The relative difference between the two maximal mesh displacements is about 200 % and 500% for the volume variation. The variation of the volume of the aneurysm is roughly 10 times larger in the case of the soft tissue. The number of elements of the meshes and the time step were determined to obtain the best compromise between result accuracy and CPU time. Other simulations were made with a time step of 0.0004 s (ten times smaller than the representative simulations) and meshes 10 times finer (about 30,000 elements for structural side and 1,000,000 elements for the fluid side). Despite a significant increase of the CPU time, the results were similar; for example for the soft case, the maximal mesh displacement is 0.78 mm (difference of 1.3%) an the volume variation is 44.3 mm 3 (difference of 0.7%).

Such a difference is most probably measurable by modern medical imaging. This information could then be used to assess indirectly the status of the tissue (soft/stiff, that is to say close to the rupture/undegraded). Note however that a common difficulty when computing blood flows under in vivo conditions is the uncertainty on the input data. To this purpose, a parametric study was performed and is described in the following sub-sections, in order to make sure uncertain quantity will be considered separately and results will be compared to the representative computations presented in this section. That to make sure that the computed difference between the evolution of soft and stiff aneurysm is robust to uncertainties in input data.

Influence of the initial stress

Assessing the initial stress for conducting proper FSI computation is a difficult task, which makes input data quite uncertain. The uncertainty on S a comes notably from the limit of the precision of the registration of the blood pressure during medical imaging. Starting from the initial stress (S a ) assessed as described in section 2.2.4, two types of FSI simulations were performed to evaluate the influence of this parameter. The first one without initial stress (S = 0) and the second one with an initial stress multiplied by two (S = 2S a ). The main results are gathered in table 3 and 4 and (Fig. 7).

Influence of the flow boundary conditions

Because they are difficult to measure from medical imaging, boundary conditions are also quite uncertain when performing FSI computation under in vivo conditions.

Influence of a simultaneous variation of the inlet and the outlet boundary conditions

The imposed flow at the inlet and the imposed pressure at the outlet were modified in this section. Two FSI computations were performed for the stiff and soft aneurysms. In the first case, an increase of 10% (CL+10%) of the flow boundary conditions (inlet volumetric flow rate and outlet pressure) is imposed and in the second one, a decrease of 10% (CL-10%) is imposed.

Results are gathered in table 3 and 4 and Fig. 7.

These results suggest that the change of the boundary flow conditions (± 10%) generates a limited impact on the volume variation of the aneurysm sac over the cardiac cycle in both stiff and soft cases (respectively ± 7.5% and ± 5%). Their influence is a little bit more significant locally, as shown by the maximal mesh displacement results, for both stiff and soft aneurysms (respectively ±14% and ± 9%). This impact is in any case small enough to still distinguish soft and stiff aneurysmal sacs.

Influence of the volumetric flow rate

In this section, only the volumetric flow rate (VFR)at the inlet was modified. An increase and a decrease of 30% (VFR +30% and VFR -30%) were applied on both stiff and soft materials.

Results are gathered in table 3 and 4 and Fig. 7.

The variation of the volumetric flow rate have an impact on D max (± 16% for the soft and ± 30% for the stiff) and V dif f (± 18% for the soft and ± 24% for the stiff). But, despite an important increase and decrease of the volumetric flow rate, a significant difference is still observable between the stiff and the soft aneurysm.

Influence of the outlet pressure

To quantify the influence of the outlet pressure, only the difference between the diastolic pressure and the systolic pressure (△P) were modify. Two cases were performed, for △P = 35 mmHg and △P = 45 mmHg.

Results are gathered in table 3 and 4 and Fig. 7.

Whatever the values of △P, the results showed that a significant difference is observable between the stiff and the soft materials.

Influence of the parent artery properties

To measure the influence of the parent artery properties, the Young modulus of the artery (E a ) was modified, during the FSI computations, first to 1.5 MPa and then to 6 MPa instead of E a = 3 MPa in the representative computations.

Results are gathered in table 3 and 4 and Fig. 7.

A significant difference is still observable between a wall composed of the stiff material with the softer parent artery properties and a wall composed of the soft material with the stiffer parent artery properties.

Overall, the influence of the parent artery properties can almost be neglected given the results of the volume variation in both stiff and soft cases. The maximal mesh displacement gives a local information, contrary to the volume variation which gives a global information. The variation of the maximal mesh displacement measured by the software depends strongly of the displacement of the artery (notably for E = 1.5 MPa). The deformation of the artery induces an additional displacement of the mesh of the aneurysmal sac. Then, the bulge of the artery is added to the displacement of the sac in relation to the artery to obtain the total maximal mesh displacement D max . V dif f is a more relevant quantity than D max to assess the material state of the aneurysmal sac.

Influence of the intracranial pressure

The intracranial pressure is difficult to measure and the influence of the error on its value is another uncertainty to quantify. Two cases were considered on both stiff and soft aneurysms. In the first case, no intracranial pressure was applied (P ext = 0 Pa). In the second one, a pressure of 5000 Pa was applied (P ext = 5000 Pa) instead of P ext = 2000 Pa in the representative computation [START_REF] Steiner | Monitoring the injured brain : Icp and cbf[END_REF]. This increase of the external pressure corresponds to pathologies where the intracranial pressure can reach a value between 30 and 35 mmHg and becomes dangerous for the patient.

Results are gathered in table 3 and 4 and Fig. 7.

The variation of the intracranial pressure has almost no influence on the maximal mesh displacement and on the volume variation in both, the stiff and the soft, cases. That is a consequence of the computation of the initial stress. The computation of the initial stress is made by taking into consideration the external pressure and the pressure at the acquisition time. The variation of the external pressure modifies the state of the initial stress. The structure is in equilibrium under this load; the deformation of the wall results only from the variation of the pressure between the diastolic and systolic state (Fig. 5).

Influence of the thickness of the aneurysmal wall

The thickness of the wall is difficult to evaluate from actual medical imaging. That is why we need to know the impact of an error on this parameter. For this purpose, two extreme thicknesses (e = 0.2 mm and e =0.6 mm) were tested in our FSI computations.

Results are gathered in table 3 and 4 and in Fig. 7.

As expected, the thickness of the aneurysmal wall has an important influence on the results of the FSI, especially on the volume variation for both stiff and soft aneurysm. Note that the difference is still important (far from a cross-road) between the soft material with the thickest wall and the stiff material with the thin wall.

The thickness of the aneurysm wall can be measured by a black blood MRI sequence [START_REF] Park | Imaging of the walls of saccular cerebral aneurysms with double inversion recovery black-blood sequence[END_REF], which gives access to a homogenous thickness of the wall not so far from the real one. Still, wall thickness is not known precisely. However, the presented results show that whatever the thickness, a soft aneurysm deforms more than a stiff one.
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Recent experimental measurements on real intracranial artery tissues extracted from aneurysm during surgery suggest a strong correlation between the mechanical properties of the material and the risk of rupture of aneurysms [START_REF] Costalat | Biomechanical wall properties of human intracranial aneurysms resected following surgical clipping[END_REF]. The present study demonstrates that, on a particular case of saccular aneurysm.

From the FSI computation with initial stress, there is a significant difference between the displacements and volume variations corresponding to the soft and stiff tissues. This results are coherent with a recent clinical study by Hayakawa et al [START_REF] Hayakawa | Detection of pulsation in ruptured and unruptured cerebral aneurysms by electrocardiographically gated 3-dimensional computed tomographic angiography with a 320-row area detector computed tomography and evaluation of its clinical usefulness[END_REF], which shows a difference of the pulsation of the aneurysm sac (or volume variation) between ruptured aneurysms and unruptured aneurysms. They came to the conclusion that the detection of pulsation in an unruptured aneurysm is therefore a clue of an important risk of rupture of the aneurysm. Note also that the difference observed in our FSI simulation are large enough to be detected by advanced MRI protocole since displacements as small as 0.04 mm are measured recently by Karmonik et al [START_REF] Karmonik | In vivo quantification of wall motion in cerebral aneurysm from 2D cine phase contrast magnetic resonance images[END_REF].

More importantly, this result is robust regarding the numerous sources of uncertainty involved in such FSI computations. Numerous parameters are not known precisely when computing the FSI problem for a specific patient: wall thickness, fluid boundary conditions, artery properties, intracranial pressure,etc. Thanks to a parametric study, the present paper demonstrates that such uncertainties do change the details of the results, but not the main conclusion: whatever the values of the uncertain parameters (in a range of acceptable variations), the soft aneurysm deforms more than the stiff one.

A patient specific risk of rupture could be based on the comparison of the volume variation (V dif f ) of the aneursymal sac of the FSI computations (for the stiff and the soft materials) and the observed V dif f of the patient (Fig. 8). For example, if the V dif f value measured on a patient aneurysm is close to V dif f value obtained in the simulation using the soft material, then the aneurysm is close to the rupture according to the classification of Costalat et al.

A limitation of this study is to not introduce the aneurysmal environment in the FSI computations. This environment would probably lead to important changes in the geometrical variations of the aneurysm continent on the localization of this one (friction and contact of the wall with other structures, suppression of degrees of freedom...). The assumption we made about the wall is another limitation. In the present study, the aneurysm wall is considered as isotropic and homogenous but the anisotropy of this kind of biological material is known. However, due to the smallness of the samples, biaxial testing to characterize the anisotropy of the wall could not be realized. Isotropy and homogeneity were thus assumed because they most probably do not change the trends observed when comparing soft and stiff materials. Note that the methodology presented in this paper could be readily extended to more complex rheologies as soon as biaxial testing are made available Another limitation comes from the fact that the data used to feed the FSI computations do not come from a single patient. Note however that these data are all realistic and that their collection on a single patient would be feasible in the medical routine. We thus believe that the results presented in this paper demonstrate the possibility to build a biomechanical based criterion for the patient specific rupture risk assessment. The fact that the uncertainties were evaluated only one by one for each parameter is another limitation. The evaluation of the influence of combined parameter uncertainties is another step to perform.

Obviously, the generality of such a conclusion has to be demonstrated in further studies, but given the correlation between volume variation, observable from MRI, and the aneurysm status observed in [START_REF] Costalat | Biomechanical wall properties of human intracranial aneurysms resected following surgical clipping[END_REF], the present paper represents the first step of a proof of concept in the evaluation of an individual risk of rupture of intracranial aneurysms. Where PA = Parent Artery, IP = Intracranial Pressure and TW = Thickness of the aneurysm Wall.

1 2 (

 2 tr 2 (C)-tr(C 2 )) are the first and second strain invariants of the right Cauchy-Green deformation tensor C and C 10 , C 01 , C 11 are the material coefficients. The latter were tuned in order to mimic the mechanical behavior of each sample. The 1D curve from the experimentation is used to determine the coefficient thanks to an identification process. In absence of relevant data regarding the material anisotropy and inhomogeneity, these coefficients were then used without any change in the 3D version of the model (1). The experimental study demonstrated three main tissues classes: soft, stiff and intermediate. C 11 (1) is the material coefficient the most representative of the behavior of the aneurysm wall.
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 1 Figure 1: Nominal stress/engineering strain curves representing the average mechanical properties of the soft and the stiff classes.
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 234 Figure 2: Modelling of a 3D geometry from 2D images (dicoms). (a) Dicom image from medical exam; (b) threshold step: selection of the voxels in the image having a grey level value inside a user-prescribeb range (the first segmentation step) ; (c) 3D view before segmentation; (d) 3D object after segmentation and smoothing

Figure 5 :

 5 Figure 5: Definition of the four states of the tissue

Figure 6 :

 6 Figure 6: Total mesh displacement with initial stress at the systole: for both the stiff aneurysm (left) and the soft aneurysm (right).

Figure 7 : 34 Figure 8 :

 7348 Figure 7: Results of the influence of the parameters tested in the parametric study. Where IS = Initial Stress, BC = Flow Boundary Conditions, VF = Volumetric Flow Rate, DP1 = △P of 35mmHg, DP2 = △P of 45mmHg, PA = Parent Artery, IP = Intracranial Pressure and TW = Thickness of the aneurysm Wall.

  

  

Table 1 :

 1 Material coefficients of the aneurysm walls used in the present study. 36 Aneurysm D max (mm) V dif f (mm 3 )

	7 Tables			
	Aneurysm C 10 (MPa) C 01 (MPa) C 11 (MPa)
	stiff	0.39	0	22.14
	soft	0.024	0.026	0.42

Table 2 :

 2 Comparaison between the results of FSI computations for the two different aneurysmal tissues (stiff and soft) Parameter variation material V dif f (mm 3 ) increase/decrease (%) D max (mm) increase/decrease (%)

	IS	2 S a	soft	32.3	-26.5	0.52	-32
			stiff	6.26	-24	0.25	-32
		0	soft	56	+ 27	0.9	+ 17
			stiff	10	+ 21	0.44	+ 19
	BC	+ 10%	soft	46.2	+ 5	0.82	+ 8
			stiff	8.9	+ 7.5	0.42	+ 13
		-10%	soft	41.7	-5	0.69	-10
			stiff	7.6	-7.5	0.31	-16
	VF	+ 30%	soft	53	+ 20	0.89	+ 15.5
			stiff	10	+ 21	0.5	+ 35
		-30%	soft	37	-16	0.64	+ 17
			stiff	6	-27	0.28	+ 19
	P	DP1	soft	40	-9	0.68	-12
			stiff	7	-15	0.34	-8
		DP2	soft	42	-4.5	0.9	+ 17
			stiff	7.8	-5.5	0.44	+ 19

Table 3 :

 3 Results of the parametric study.

	Where IS = Initial Stress, BC = Flow Boundary Conditions, VF = Volumetric Flow Rate,
	DP1 = △P of 35mmHg, DP2 = △P of 45mmHg.

Table 4 :

 4 Results of the parametric study.
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