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$EVWUDFW�
The biomechanical compatibility of an interspinous device, used for the “dynamic 

stabilization” of a diseased spinal motion segment, was investigated. The behaviour of 

an implant made of titanium based alloy (Ti6Al4V) and that of an implant made of a 

super-elastic alloy (Ni-Ti) have been compared. 

The assessment of the biomechanical compatibility was achieved by means of the finite 

element method, in which suitable constitutive laws have been adopted for the annulus 

fibrosus and for the metal alloys. The model was aimed at simulating the healthy, the 

nucleotomized and the treated L4-L5 lumbar segment, subjected to compressive force 

and flexion-extension as well as lateral flexion moments. 

The computational model has shown that both the implants were able to achieve their 

main design purpose, which is to diminish the forces acting on the apophyseal joints. 

Nevertheless, the Ni-Ti implant has shown a more physiological flexural stiffness with 

respect to the Ti6Al4V implant, which exhibited an excessive stiffness and permanent 

strains (plastic strains), even under physiological loads. 

The computational models presented in this paper seems to be a promising tool able to 

predict the effectiveness of a biomedical device and to select the materials to be used for 

the implant manufacturing, within an engineering approach to the clinical problem of  

the spinal diseases. 
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The incorrect position of the body while sitting, lifting weights or sleeping, is the main 

causes of low back pain and related conditions. One of the most frequent long-term 

effects of these incorrect postures is a degenerative disc disease. Nowadays, these 

problems have gained increasingly more relevance from the medical point of view and 

for their related social costs. Indeed, when the rehabilitation and the pharmacological 

therapy are not sufficient for pain relief, the patient is subjected to a surgical treatment, 

which might imply the implant of a biomedical device.  

The most important anatomic structures determining the biomechanical behaviour of the 

spinal segment are the annulus fibrosus and the nucleus pulposus (the intervertebral 

disc) that bear most of the load transferred between the two vertebral bodies. Part of the 

load is also carried by the apophyseal joints, which come in contact mainly during 

compression and extension. A set of ligaments is also present, having the role to limit 

relative movements between the vertebral bodies. 

In a healthy motion segment, 25 % of the compression load is acting on the apophyseal 

joints and the remaining 75 % is acting on the intervertebral disc [1-3]. 

The degenerative disc changes are likely to occur first in the nucleus pulposus, which is 

subjected to volume loss resulting from decreasing of the water content. The water loss 

decreases the nucleus pressure under compressive load. In a severely degenerated disc, 

the pressure in the nucleus pulposus may be very low [4-5]. This change in the internal 

pressure drastically changes the stress pattern in the annulus fibrosus and causes an 

increase of the load transfer through the articular facets [6]. When the cartilage of the 

articular facets is overloaded by this pathological condition, it reacts by promoting the 



growth of a bone callus, which frequently acts on the spinal cord within the spinal 

foramen and eventually leads to low back pain [3, 7].  

One possible surgical treatment consists of the removal of the degenerated nucleus 

pulposus and of the implantation of an interspinous device, which carries part of the 

compressive load acting on the apophyseal joints. 

The achievement of a correct understanding of the biomechanics of a lumbar motion 

segment and of the role played by each anatomical structure of the system, as well as 

the development of a reliable computer model, able to predict the effectiveness of a 

biomedical device in terms of biomechanical compatibility, seems to be a promising 

approach to the problem.  

Many computational and experimental studies are devoted to the understanding of the 

mechanical behaviour of a spine motion segment. The anatomy of the system and the 

complex in-vivo loading conditions are such that scattered results and some 

discrepancies are found in the literature [8-17]. 

A computational study of the functional spinal unit (the L4-L5 system), in healthy and 

treated conditions, has been carried out. The biomechanics of the healthy and surgical 

treated motion segment was investigated through a three-dimensional finite element 

model, using the commercial finite element code ABAQUS (Hibbitt, Karlsson & 

Sorensen, Powtucket, RI, USA).  

A “U” shaped device, implanted between the spinous processes in the L4-L5 spinal 

segment, has been investigated. Two different metal alloys have been considered as 

possible materials for the implant: a titanium alloy (Ti6Al4V) and a super-elastic alloy 

(Ni-Ti). 



The Titanium alloy has been modelled though an isotropic elastic-plastic model, with 

linear hardening and von Mises plastic surface. 

The Ni-Ti alloy is expected to work exploiting its super-elastic behaviour: a suitable 

constitutive law, able to account for phase transformations, has been implemented into 

the finite element code through a suitable FORTRAN routine, linked to the finite 

element code.  

The nucleus pulposus is modelled as a fluid-filled cavity, able to carry constant 

hydrostatic pressure only. The constitutive law for the annulus fibrosus was an 

anisotropic non-linear elastic law, allowing for finite strains. Anisotropy was described 

by defining preferential material directions parallel to the collagen reinforcing fibres. 

The constitutive law is based on the definition of a free energy given by two different 

contributions: one related to an isotropic ground matrix and one related to the collagen 

fibres. An uncoupled volumetric-deviatoric formulation for the strain energy function, 

allowing for an easy handling of the incompressibility constraint, together with a Hybrid 

element formulation have been used [18]. The constitutive law for the annulus fibrosus 

has been implemented into a FORTRAN user subroutine, linked to the finite element 

code.  

Validation of the finite element model was achieved by comparing the results obtained 

for the healthy and nucleotomized situations with those available in literature. 

The main objective of the finite element analyses was to compare the biomechanical 

behaviour of the healthy L4-L5 segment with that of the surgical treated segment. 

In particular, axial compression, flexion and extension in the sagittal plane, as well as 

lateral flexion have been simulated.  



The results, obtained through this computational model, are not meant to be used for a 

quantitative design of a spinal implant, but they may be positively adopted for the 

assessment of the biomechanical compatibility and for the selection of the most suitable 

material of the device.  
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The models of the healthy and the treated L4-L5 motion segment of the lumbar spine 

are described in the following two subsections, respectively. 

 

7KH KHDOWK\�/��/��PRWLRQ�VHJPHQW�
A sequence of 101 axial sections of the abdomen was taken from Computer 

Tomography (CT) scans of a healthy male subject having a body weight of 

approximately 70 kg. The CT images were processed by automatic segmentation 

techniques, using a dedicated software, in order to obtain a three dimensional 

reconstruction of the L4 and L5 vertebrae anatomy. Since the vertebrae exhibit a much 

higher stiffness than the other anatomic structures of the motion segment, it was 

expected that the global deformation of the segment was primarily due by the 

deformation of the soft tissues. Therefore, the vertebrae were modelled as rigid bodies 

and only the outer surface were meshed using rigid plate elements. 

Because the CT images are not suitable for a soft tissues reconstruction, an approximate 

elliptical anatomy of the intervertebral disc [10], with its annulus fibrosus, nucleus 

pulposus and cartilagineous endplates, were built by means of a CAD tool. The 



intervertebral disc has a constant thickness of 12 mm: the two cartilagineous endplates 

are 1 mm thick and the annulus fibrosus is 10 mm thick. The total cross-sectional area 

of the intervertebral disc is 1610 mm2, those of the nucleus pulposus and of the annulus 

fibrosus are 470 mm2 and 1140 mm2, respectively; the volumetric ratio between nucleus 

and annulus is 3:7, which is consistent with the data reported in [10]. 

The nucleus pulposus was assumed as a fluid-filled cavity inside the annulus fibrosus 

and bounded by the cartilagineous endplates, according to Shirazi-Adl et al. and 

Eberlein et al. [11, 18]. The annulus fibrosus was discretized using 2160 hybrid 8-noded 

three-dimensional solid elements, the cartilagineous endplates using 1300 8-noded 

isoparametric three-dimensional solid elements and the nucleus pulposus was also 

meshed with 1588 4-noded isoparametric three-dimensional fluid elements. 

The effect of the anterior and posterior longitudinal ligaments, of the flavum, 

intertransverse, interspinous and supraspinous ligaments was also included in the finite 

element analyses. A physiological pre-stretching condition occurring in the erect 

standing position was simulated, according the data reported in Table I. The ligaments 

were modelled as one-dimensional linear elastic strings, with attachment sites retrieved 

from the anatomy of the L4-L5 motion segment [19-22]. 

Suitable gap elements, able to impose kinematic constraints in a previously defined 

direction, the vertical direction in this case, were used to model the articular facets of 

the apophyseal joints [8-12, 23]. 

The lumbar motion segment L4-L5 was loaded with forces and moments, applied to the 

centre of mass of the L4 vertebra (Table II), whereas the L5 was clamped. Three 

loading conditions were considered: the axial compression, the bending in the sagittal 

plane (flexion-extension rotation) and the lateral bending. A maximum force of 4000 N 



was applied in the compression loading case. Maximum bending moments of ±60 Nm 

and 40 Nm were applied in flexion-extension and in lateral bending respectively; in 

these two cases a compression preloading force of 1000 N was applied. This allows 

taking into account of the effect of the body weight above L4 and of the muscle forces, 

acting in the erect standing position [15-17]. 

 

7KH WUHDWHG�/��/��PRWLRQ�VHJPHQW�
The surgical treatment considered in this study consists of two stages: the nucleotomy, 

that implies the removal of the whole nucleus pulposus, followed by the “dynamic 

stabilization”, that implies the resection of the supraspinous and interspinous ligaments 

and the implant of a “U” shaped device between the spinous processes of the two 

vertebrae. 

The model of the treated segment was achieved removing the above-mentioned 

ligaments and the fluid elements of the nucleus from the healthy model of the L4-L5 

segment and including within the model the finite element discretization of the device 

(Figure 1). 

The interspinous device was discretized using 690 8-noded isoparametric three-

dimensional solid elements; the finite element grid was built for the part having a 

structural relevance only, therefore the fixation wings were not discretized (Figure 2). 

The contact between the implant and the interspinous processes was modelled by means 

of the master-slave technique that enforces the kinematic constraints by making use of 

Lagrange multipliers, through the definition of fictitious contact elements. The contact 

formulation implemented into the finite element code ABAQUS was used. 
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Because water is the most component of nucleus pulposus, it is modelled as an 

incompressible fluid able to carry only a hydrostatic pressure, which is considered 

constant in the whole cavity. 

The two cartilagineous endplates are considered as made of an isotropic linear elastic 

material, with Young modulus of 23.8 MPa and Poisson’s ratio of 0.28. 

The annulus fibrosus consists of collagen fibres embedded in the extra-cellular matrix 

and arranged in concentric layers. The orientation of the collagen fibres differs from 

layer to layer in an alternate fashion, forming an angle with the disc plane variable in 

the hoop direction (from ±23° ventrally, to ±57° dorsally; average ±33°) [18]. 

For the annulus fibrosus an accurate anisotropic non-linear elastic constitutive law, 

allowing for finite strains and material incompressibility, was considered. The 

constitutive law can provide the deviatoric part of the stress components, whereas the 

hydrostatic stress must be determined through equilibrium considerations [24]. 

A decoupling of the deformation gradient LM) into an isochoric part LM) and a 

volumetric part allows for an easy handling of the incompressibility constraint. 

According to [18]: 

LM
�

LM )-) 31= (1) 

where - is the determinant of LM) .

Following this definition, the right Cauchy-Green tensor LM& can be decoupled in the 

same way: 

NMNLLMLM ))-&-& 3/23/2 == . (2) 



The existence of an elastic strain energy function is postulated, depending on the two 

invariants ( 21 , ,, ) of LM& and on two pseudo-invariants: 
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which are related to the fibres stretch accounting for two preferential material 

directions, which are defined by the two unit vectors N
LQ . These are the orientations of 

the reinforcing fibres in the undeformed configuration. 

This strain energy function can be defined according to the following additive 

decomposition: 

�,�,�,�:-:: LVRYRO 421)( += . (4) 

The second Piola-Kirchhoff stress tensor is obtained by differentiating : with respect 

to the components of LM& :
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in the relation (5), S is the hydrostatic pressure that is related to the volumetric strain, 

according to: 

G-
G:S YRO= . (6) 

In the specific case in which the material is fully incompressible ( 1=- ), S is a 

Lagrange multiplier having the meaning of hydrostatic pressure. 

For the annulus fibrosus, the simplifying assumption, that the strain energy function is 

given by the sum of the strain energy stored within the extra-cellular matrix P: and 

that stored within the reinforcing fibres I: , can be used. This assumption implies that 

no fibres-matrix interaction is considered. However, it is not trivial to find the most 



suitable strain energy function that correctly describes the material behaviour under 

various loading conditions. 

Following [18], the isotropic matrix within the annulus fibrosus can be modelled 

through the Mooney-Rivlin model: 

)3(
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in which µ is the shear elastic modulus of the material. 

The strain energy stored within the two families of fibres is assumed according to the 

following function: 
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where 1N is a parameter measured in stress units [MPa] and 2N a dimensionless 

constitutive parameter. 

Hence, the constitutive law for the annulus fibrosus (incompressible anisotropic 

material) can be written in the following form: 
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in which the deviatoric stress components are split into three contributions: one owing 

to the matrix ( PGHY
LM6 ) and two owing to the two families of fibres ( IGHY

LM6 ). 

The previously expounded constitutive law is used by calling a suitably written 

FORTRAN subroutine within the finite element procedure; it requires the three 

constitutive parameters ( 45,3,33.1 21 === N03DN03Dµ ) and the three components 

of the two unit vectors N
LQ , parallel to the two families of fibres and defined in the 

unloaded configuration, at each integration point. 



The incompressibility constraint was fulfilled up to a prescribed tolerance, by using the 

finite elements with hybrid formulation. For these elements, an independent hydrostatic 

pressure interpolation is provided (constant pressure for the 8-noded three-dimensional 

solid elements). 

�
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Two different metal alloys were considered: the commercial titanium based alloy 

(Ti6Al4V), currently used for the manufacturing of the interspinous “U” device, and a 

super-elastic nickel-titanium alloy (Ni-Ti). 

The behaviour of the titanium alloy was simulated through an isotropic elastic-plastic 

material model, with linear isotropic hardening and von Mises yield surface; the used 

material properties are shown in Table III. 

In the temperature ranges of the human body (37°C) is expected that the Ni-Ti alloy 

works exploiting its super-elastic behaviour, which is not exhibited by traditional metal 

alloys. This alloy has the ability to undergo large strains (up to 7%) during loading-

unloading path, due to a reversible stress-induced solid phase transformation; this 

without developing permanent deformations, like in the case of elastic-plastic materials. 

A uniaxial cyclic stress-strain response of the constitutive model used for Ni-Ti material 

is shown in Figure 3. The phase transformation, which is activated when a stress-based 

criterion is fulfilled, causes a stiffness decrease and a plateau in the stress-strain uniaxial 

response. Once the transformation is completed, the stiffness increases to that of the 

generated phase. The material properties are reported in Table III. 

The abrupt decrease of stiffness during loading exhibited by the alloy can be a profitable 

mechanical feature, usefully exploited in the biomechanical application of the alloy 



presented in this paper, as will be pointed out in the next sections. In the analyses was 

used the constitutive law of the Ni-Ti alloy implemented for the ABAQUS code into a 

suitable FORTRAN subroutine by [25], able to account for the reversible stress-induced 

solid phase transformation. 
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The validation of the non-linear finite element model was achieved by comparing the 

results carried out for the healthy lumbar segment, with experimental data retrieved 

from LQ�YLWUR laboratory tests, which are available in literature, and with data obtained 

from a linear elastic model, according to [8-9, 12 and 23]. In this latter model, linear or 

bilinear elastic cable elements are embedded within an isotropic linear elastic ground 

matrix, in order to simulate the reinforcing fibres of the annulus fibrosus. 

In particular, the percentage of the compression load carried by the apophyseal joints 

was estimate: for a 1000 N axial force, the physiological load transfer form L4 to L5 is 

in 25% through the apophyseal joints and 75% through the intervertebral disc [1-3]. The 

proposed non-linear model estimates a through the apophyseal joints transfer of the 

26%, whereas the linear model estimates a load transfer of the 36%. 

Figure 4 shows the axial force-displacement response, calculated at the centre of mass 

of the L4 vertebra for the non-linear model used in this study, the linear model and the 

in-vitro experimental results by [26-27]. The experimental data refer to a lumbar motion 

segment without the posterior processes and show a non-linear behaviour with 

increasing stiffness. The linear model is not able to simulate such stiffening effect, 

whereas the non-linear model exhibits a more physiological response, even if a higher 

stiffness has been found. The difference in stiffness between the non-linear model and 



the experimental results can be partly ascribed to the contact between the articular facets 

of the apophyseal joints in the computational model. 

The Figure 5 illustrates that both models (linear and non-linear) exhibit the behaviour 

described by [28]: the pressure in the nucleus pulposus increases linearly with the 

external compressive applied load and it reaches a value of 0.7 MPa at 1000 N as found 

by Frei et al in [28]. 

The posterior disc bulge (Figure 6) predicted by the proposed non-linear model is in 

good agreement comparable with the experimental data obtained from the literature [26, 

29], whereas the linear model overestimates this quantity for forces greater than 2000 N. 

�
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For the treated situations, the sharing of the applied compressive force through the most 

important load bearing structures of the L4-L5 motion segment (i.e. the annulus 

fibrosus, the apophyseal joints and the implanted device) was computed. 

Figure 7 illustrates the percentage of the compressive load carried by the above-

mentioned structures versus the total compressive force applied to the segment, for the 

Ni-Ti or the Ti6Al4V devices. 

In both cases, above 500 N of compression-applied force, an approximately constant 

load, equal to the 75 % of the total applied force, is acting on the annulus fibrosus.  

The apophyseal joints are unloaded up to a compressive applied force of 400 N for the 

Ni-Ti device and of 800 N for the one made of Ti6Al4V. Below these thresholds, the 

load is totally transferred through the annulus fibrosus and the device: this is because 

the devices are implanted in the pre-stretched segment through a distraction of the two 

spinous processes, which increases the gap between the articular facets.   



Upon the increasing of the applied force, the load carried by the device decreases in 

both cases, whereas the one carried by the apophyseal joints increases. 

The load carried by the apophyseal joint is greater than that carried by the Titanium-

based device for loads above 2300 N; in the case of a Ni-Ti device, this occurs at a 

compressive force above 1200 N (see Figure 7). This difference is owed to the stiffness 

mismatch between the two devices. 

The force-displacement response of the motion segment for the compression loading 

case is shown in Figure 8; the healthy, nucleotomized and the implanted cases (Ni-Ti 

and Ti6Al4V) are reported. 

The healthy segment presents the physiological non-linear stiffening due to the annulus 

fibrosus behaviour, well known in the literature as already stated in the previous section 

[26-27]. The removal of the nucleus pulposus (simulation of the nucleotomy surgical 

procedure) results in a loss of stiffness of the L4-L5 segment. This stiffness degradation 

is essentially due to the increased radial deformation of the annulus fibrosus, which is 

not confined by nucleus pulposus hydrostatic pressure. The models with the Ti6Al4V 

device and with the Ni-Ti device exhibit the same stiffness as the nucleotomized one.  

The response of the Ni-Ti device slightly differs from that of Ti6Al4V device, for loads 

lower than 1000 N. This difference is owed to phase-transformation phenomena in the 

super-elastic alloy. 

The nucleotomy and the implant of the device modify the load transfer through the 

apophyseal joints with respect to the physiological situation. The finite element model 

of the healthy segment showed that the load carried by the articular facets reached a 

value of 1000 N for an applied compressive force of 4000 N, with an approximately 

linear relationship. The removal of the nucleus pulposus overloads the articular facets; 



whereas, the implant of the devices unloads the articulations for compressive loads 

lower than 2000 N. Above this value, the Ni-Ti device overload the articular facets. 

Figure 9 shows the values of the force acting on the apophyseal joints normalized with 

respect to the values of the physiological one.  

Figure 10 shows the value of the hydrostatic pressure within the intervertebral disc at a 

compression load of 2000 N; the stress is calculated along a straight path in an anterior-

posterior direction, belonging to the mid-sagittal plane. The results related to the healthy 

situation are in qualitative agreement with experimental data obtained through H[�YLYR�
tests [30-31] in which the peak of hydrostatic pressure in the posterior location was 

highlighted. The simulation of the nucleotomy causes an increase of the hydrostatic 

pressure in the annulus fibrosus (Figure 10). 

�
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The results of the flexion and extension cases are shown in terms of applied moment 

versus relative rotation between L4 and L5 vertebrae (Figure 11). 

Under flexion loading, the healthy and the nucleotomized models have practically the 

same response, thus indicating that the nucleus pulposus does not have any influence in 

this specific loading condition. The maximum flexional rotation of approximately 10° is 

reached at an applied moment of 60 Nm. 

The model with the titanium device exhibits a stiffer response than the healthy one: a 

rotation of 3° is reached at 70 Nm applied moment; moreover, for rotations greater than 

2°, plastic strains develop in the curved part of the device. 

The model with the Ni-Ti device has sown a moment-rotation relationship much more 

similar to that exhibited by the healthy one. This response, more compliant than the one 



exhibited by the titanium-based device, is owed by the super-elastic (recoverable) 

deformation of the Ni-Ti device and by the phase transformation during which the 

material exhibits small apparent Young modulus (see the plateau of the uniaxial cyclic 

tensile stress-strain response of the super-elastic alloy in Figure 3). 

In the case of extension loading, the analyses have shown that the nucleotomy 

procedure destabilizes the L4-L5 motion segment, which presents a loss of stiffness. 

The maximum extensional rotation (-3°) is reached by the healthy segment at an applied 

moment of -70 Nm, whereas the same rotation is reached by the nucleotomized segment 

at -50 Nm. 

The implanted Ni-Ti device is not able to restore the physiological stiffness: the treated 

segment has the same behaviour of the nucleotomized one. 

In respect of the healthy and the nucleotomized conditions, the segment with the 

Ti6Al4V implanted device presents an intermediate behaviour: at an applied moment of 

-55 Nm the maximum extensional rotation (-3°) is reached. In the case of extension, as 

well as in the case of flexion, this device develops plastic deformations in its curved 

part for rotations greater than -2°. 

�
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Figure 12 illustrates the applied lateral bending moment versus the relative rotation 

between the two vertebrae L4 and L5, for all the considered cases. 

The healthy and nucleotomized cases exhibited a similar response: applying a lateral 

moment of 40 Nm a maximum relative rotation of approximately 6° is reached. As in 

the case of flexion-extension loading, the removal of the nucleus pulposus does not play 

a role in the moment-rotation response. 



The segment treated with the Ti6Al4V implant showed a stiffer response with respect to 

that shown by the healthy segment (for a lateral moment of 40 Nm a maximum relative 

rotation of approximately 4° is reached). The super-elastic alloy exhibited a better 

performance compared to the one obtained by the Titanium based alloy. Indeed the 

moment-rotation relationship for the Ni-Ti device is very close to that of the healthy 

one.

�� ',6&866,21�
This paper shows that the finite element model seems to be a good tool to predict the 

biomechanical behaviour of a healthy lumbar motion segment, provided that a suitable 

material modelling for the soft tissues (i.e. the intervertebral disc) is included. 

Moreover, this computational model allows evaluating the biomechanical compatibility 

(i.e. from the static and kinematic standpoint) of the interspinous device used for the 

“Dynamic Stabilization” of a diseased lumbar motion segment. To this purpose, a 

possible alternative to the commercially available Titanium-based device has been 

investigated and evaluated through the computational analyses. A super-elastic metal 

alloy (Ni-Ti) was considered for the new device. A suitable material modelling of the 

Ni-Ti and Titanium based alloys has been adopted in the finite element calculations.  

Some approximations have been introduced in order to improve the computational 

performance: i) the two vertebrae have been assumed as perfectly rigid; ii) the ligaments 

have been modelled with a linear elastic constitutive law. The first simplifying 

assumption seems to be acceptable, in view of the fact that most of the deformation of 

the lumbar segment is localized in the intervertebral disc and in the interspinous 

implant. The tensile preload applied to all the ligaments (so that the physiological 



situation is approached) is such that the stress-strain relationship falls within the linear 

range, thus justifying the second approximation [32]. 

The computational model has shown that the device, which is designed with the purpose 

to decrease the forces acting on the articular facets of the apophyseal joints, seems to be 

able to fulfil this requirement. Furthermore, the computational analyses have shown that 

the metal alloy used for the implant may have a key role in the assessment of the 

biomechanical compatibility: the Ti6Al4V device, that is stiffer than the Ni-Ti one, 

causes a greater unloading of the joints. In this regard, it is still to be understood 

whether a total unloading may cause some long-term consequences for the patients (for 

example bone reabsorption). 

Under compression loading, neither of the two devices is able to restore the 

physiological stiffness of the treated lumbar spinal segment, the behaviour of which 

remains similar to that of the nucleotomized one. 

In the flexion loading case, the model with the Ti6Al4V device exhibits an excessive 

stiffness compared to the healthy situation; moreover, irreversible deformations under 

physiological loads were predicted. Under this loading case, the Ni-Ti implant exhibited 

a more compatible behaviour, without development of plastic strains. For the extension 

loading, similar considerations apply. 

In compression, Ni-Ti devices behave similarly to the Titanium-based ones. In this 

loading case, the selection of a new material is not sufficient to achieve the 

biomechanical compatibility.  

The computational model presented in the paper allowed speculating on a new implant, 

which might fulfil biomechanical compatibility conditions and exhibit better mechanical 

behaviour with respect to the currently available device. This numerical approach will 



be usefully employed for the investigation of new designs of the implant shape, in order 

to achieve a fully compatible spinal device. 
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FIGURE 1 

The finite element model of the L4-L5 lumbar motion segment with the implanted 

interspinous device. 



FIGURE 2 

The U-Shaped interspinous device. 
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FIGURE 3 

Uniaxial tensile response of the Ni-Ti alloy during a loading-unloading cycle. 
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FIGURE 4 

Compressive axial force, applied to the L4 centre of mass, versus the L4-L5 relative 

displacement. 
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FIGURE 5 

Hydrostatic pressure within the nucleus pulposus versus the compressive axial force, 

applied on the L4 centre of mass. 
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FIGURE 6 

Posterior disc bulge versus the compressive axial force, applied on the L4 centre of 

mass. 
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FIGURE 7 

Percentage of load shared by the annulus fibrosus, the apophyseal joints and the Ni-Ti 

(left) or Ti6Al4V (right) interspinous device versus the compressive axial force applied 

on the L4 centre of mass. 
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FIGURE 8 

Compression: the response of the finite element models. The axial compressive force 

was applied on the L4 vertebra centre of mass. 
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FIGURE 9 

Normalized axial forces acting on the articular facets of the apophyseal joints versus the 

total axial force applied to the L4-L5 motion segment. 
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FIGURE 10  

Intradiscal pressure predicted by the finite element models along an anterior-posterior 

mid-sagittal path. Note the pressure peaks in the posterior region, corresponding to the 

annulus fibrosus.  
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FIGURE 11 

Moments predicted by the finite element models in Flexion (positive rotations) –

Extension (negative rotations) in the sagittal plane. 
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FIGURE 12 

Moments predicted by the finite element models in lateral bending.



TABLE I 

Geometrical and material data for the ligaments (pre-stretched). 

/LJDPHQW� $QDWRPLFDO�&URVV�6HFWLRQDO$UHD�>PP�@
<RXQJ0RGXOXV( >03D@

3RLVVRQ5DWLR�Q
3UH�VWUHWFKLQJ6WUDLQ�

Anterior 
Longitudinal 

65 8 0.45 0.1 

Posterior 
Longitudinal 

20 10 0.45 0.1 

Flavum 40 20 0.45 0.1 
Intertransverse 1.8 40 0.45 0.05 
Interspinous 40 12 0.45 0.05 
Supraspinous 30 12 0.45 0.05 



TABLE II 

Axial compression force and moments applied to the L4-L5 motion segment in the 

various loading cases considered in this study. The preload in flexion-extension and in 

lateral bending is considered in order to simulate the body weight and the muscles 

forces acting in the erect standing position for a 70 kg subject. 

/RDG�&DVHV� $[LDO&RPSUHVVLRQ)RUFH�>1@�
0RPHQW>1P@�

Compression 4000 - 
Flexion-Extension 1000 (preload) ±60

Lateral bending 1000 (preload) 40 



TABLE III 

Mechanical properties of the alloys used in this study for the interspinous device: E, 

Young modulus; ν, Poisson ratio; σY, yield stress; σU, ultimate stress; εL, maximum 

recoverable strain; σT, stress threshold for the onset of the phase transformation. 

$OOR\� (�>*3D@� Q V< >03D@� V8 >03D@� 2WKHU�3DUDPHWHUV�
Ti6Al4V 110 0.3 790 860 - 

Ni-Ti 75 0.3 700 895 εL = 0.07 
σT = 105 MPa 
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