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Abstract

The lumbar spine is a leaning site for spinal diseases to occur, particularly low back pain, a common
condition involving multiple structures of spine, affecting a great portion of population. Besides being
a health problem, it has a large economic burden on individuals and in government’s annual healthcare
expenditures.

The biomechanical study of lumbar spine allows for a better comprehension of the mechanisms behind
this condition. Developing patient-specific models offers a mean of preventing injuries to occur and
predicting and monitoring the behaviour of spine structures during surgical interventions, when these
cannot be avoided. Additionally, experimental methods, such as in vitro studies in animal models, supply
valuable information when testing new medical devices or investigating pathological cases.

In computational models, mechanical properties play a major role in result’s reliability. In bone, most
models opt for simplified representations of its components, since no clear boundary between cortical and
trabecular bone exists. This work calculated the equivalent Young’s Modulus of the whole vertebra through
compression testing until fracture of sheep samples.

Results were validated by constructing a finite element model, for which the samples’ geometry was
obtained from a CT scan and the material properties and loading conditions of the compression tests
were replicated.

Additionally, material properties’ sensitivity in a patient lumbar model segment was studied.
Homogeneous and heterogeneous distribution of bone properties were initially compared followed by a
contrast between linear and non-linear models of the intervertebral disc. The results were evaluated
through stress distribution, range of motion and intradiscal pressure.
Keywords: Lumbar Spine; Experimental Work; Animal Model; Validation; Finite Element; Material
Properties

1. Introduction

It is estimated that 4 out 5 adults will experience an
episode of significant low back pain (LBP) sometime
during their life.[1, 2]. This condition might involve
bone, muscle, disc or a combination of them.

Playing the major role in bodyweight support
and movement in daily routine, lumbar spine is
commonly subjected to incorrect postures, unex-
pected loads or disc disease. Therefore it is a major
source of pain, despite the pathophysiological mech-
anisms of LBP lack of understanding by the scien-
tific community. Current evidences indicate it is
intimately connected with disc degeneration, mak-
ing it a treatment target site[1].

Multiple non-surgical approaches aim to reduce
or even eliminate pain. Nevertheless, in some cases
surgical intervention is inevitable. Spinal fusion is
a famous technique consisting of joining two (or
more) vertebrae recurring to a bone graft, which

fully stops the motion at a painful motion segment.
Although the intervention provides pain relief, it
does not restore the segment’s biomechanical func-
tion, thus new options such as disc arthroplasty seek
to substitute the normal biological function.

Biomechanical studies of either healthy or un-
healthy lumbar spine guide in the choice of the
best solution/device to each patient. Three types
of methodologies are currently available: in vivo, in
vitro and in silico studies. Due to invasiveness and
limited number of samples, in vivo models are fre-
quently replaced by more controlled environment of
in vitro studies[3]. Both are subjected to strict ethi-
cal regulations, hence the use of in silico models, be-
ing computer-based simulations, allow for a greater
control over the experimental variables. Particu-
larly, Finite Element Models (FEM) offer valuable
information in variables such as stress and strain
measurement and distribution[1, 4].
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Before performing a FEM analysis, the anatomy
and morphology of the structure in study must be
replicated, taking into account geometry and ma-
terial properties assignment. Today, the geometry
is based on image datasets, typically CT scannings
for bone tissue, which are latter subjected to seg-
mentation and superficial mesh techniques in or-
der to get a solid model ready to import into a FE
software. Although the majority of studies adopt
this procedure for geometry, the morphology depen-
dency, meaning the variation of material properties
within the structure, is often neglected. In spine
modelling, authors frequently opt to simplify the
bone constituents by assigning only two materials:
a cortical shell with fixed thickness with a given
Young’s Modulus (E) and Poisson’s Ratio (ν), and
filling the interior with trabecular bone, which has
a different Young’s Modulus and Poisson’s Ratio[5].

To circumvent this simplification and offer
greater clinical value to the model, bone density
information can be extracted from CT data. The
CT values, resulting from linear attenuation of the
X-ray beams by the several tissues, have a linear re-
lationship with bone density. When adequate cali-
bration is performed to the system, this relationship
can be established and offer the additional quanti-
tative information for each point on the CT grid.
With that possibility, one is able to map the den-
sity values to each point of the geometric model[6].

The prospect of making use of quantitative data
in situ is highly desirable, but often put aside due
to the necessity of using external phantoms to cal-
ibrate commercial CT machines. Apart from that,
even when those are used, their peripheral place-
ment result in a measurable degradation due to
patient-moderated artifacts, partial volume aver-
aging and repositioning errors. To prevent these
errors to occur, several authors have proposed a
phantom-less method that uses the patient body
tissues as the calibration reference. The proximity
of the tissues to vertebral bodies avoid the reported
errors and improve accuracy and reproducibility of
the results[7, 8].

Possessing bone density information, it only re-
mains the need to establish a mathematical rela-
tionship with mechanical properties. Helgason et
al. [9] state these relations to be more challenging
to achieve, since they might depend on the exper-
imental techniques employed to measure the prop-
erties of such a porous anisotropic material.

Besides the heterogeneity in bone material dis-
tribution, another essential structure is the inter-
vertebral disc (IVD), which is responsible for shock
absorption and movement. Schmidt et al. [10] have
recently discussed the relevance of nonlinear effects
of its components in the spine’s overall behaviour.
Following the model proposed by Marchand and

Ahmed [11] for the IVD, the authors have been
comparing their computational models with in vivo
values and found good agreement between both re-
sults, as described in the review article from Dreis-
charf et al.[12].

Validation of computational models with experi-
mental data permits hence to evaluate the reliability
of the former. The requirement of a large number
of samples to minimize experimental errors relies on
the utilization of animal models and, more specif-
ically, sheep models for in vitro testing, as in the
works of Wilke et al. [13] and Buckley et al.[14].

The present work is divided into two parts, to
study the biomechanics of spine by two approaches.
The first is an experimental part, which made use
of cervical sheep vertebrae to determine the equiva-
lent Young modulus by means of compressive tests,
following the work of Buckley et al.[14], and along
with it a computational model of the samples was
used to validate the methodology. The second part
is a computational study of a human L4-L5 segment
in which the effect of bone density distribution is
compared with the a simplified homogeneous model
and posteriorly, the differences of a linear and non-
linear models of IVD components are investigated.
These FEM models were evaluated through stress
distribution, intradiscal pressure (IDP) and range
of motion (ROM) and compared with the models
of the review article from Dreischarf et al.[12].

2. Methods
2.1. Experimental Part

The preparation of samples were previously made
by a colleague of IDMEC and is described in [15].
As for the experimental procedure, some alterations
were made since it was desirable to achieve frac-
ture, but still following Buckley et al.[14]. The IN-
STRON machine was a servohydraulic 8800 model
operating with a 100 kN load cell. In contrast to
Buckley et al., no PMMA cement pot was used
neither pre-test was performed because the servo-
hydraulic machine has already an intrinsic feed-
back loop mechanism to adjust the contact sur-
face between the sample and aluminium compres-
sive plates. The load speed could not be controlled
by frequency, so a velocity of 2.22 kN/min, based on
previous trials, was assigned. Two stopping criteria
were assigned: a maximum load of 30 kN and 40%
load reduction safety measure, considered to be the
breakage of the specimen. Compression tests were
held until reaching the ultimate force and fracture.
Values of displacement and force along time were
saved for latter analysis.

Alongside with the experimental work, a compu-
tational model of the sheep samples was developed,
from a CT scan of the sheep spine. Each slice was
modelled as linear elastic isotropic material contain-
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ing a mesh of C3D4 elements and subjected to a
compression by two analytical surfaces that repli-
cate the loading and boundary conditions of the
experimental procedure. An homogeneous material
with the Young’s modulus value obtained for each
sample and a Poisson’s ratio of 0.3 was introduced
in the model. A displacement analysis by applying
a 18 kN compressive force in the upper plate was
made and compared with the real values.

2.2. Computational model of Human L4-L5

In order to obtain the FEM from the acquired CT
images, several stages should be undertaken. Af-
ter the CT image acquisition, Mimics®was used
for image processing and segmentation, which com-
bined with 3d-Matic, provided a pre-processing of
the superficial meshes that allowed for triangle re-
duction and elimination of artifacts. A Point Cloud
File was obtained and imported into Solidworks©,
and with the help of Scanto3D Module, the su-
perficial mesh was restored and smoothed. The
mesh was converted into surfaces and finally into
a solid model. A Parasolid file was imported into
Abaqus®, where the finite element analysis could
be attained. Human density-based models had an
additional step, where a specific mesh was chosen
and again imported back to Mimics. Back there,
density distribution and material properties were
assigned through the mesh elements. The mesh
was then returned to Abaqus and the analysis pro-
ceeded. Figure 1 summarizes the multiple steps.

Figure 1: Methodology used for the developed mod-
els.

2.2.1. Non calibrated vs calibrated bone density dis-
tribution

To verify how the system’s calibration might influ-
ence the density values, a non-calibration condition
was evaluated. For this case, one assumes that no
non-linearities in the detector system occurs and

that a linear relationship between CT values (mea-
sured in Hounsfield Units) - CT=CTH - and the
material’s density (in g/cm−3) - ρ - exists such that:

ρ = a+ bCT (1)

where a and b are constants resulting from the re-
gression law and CT and CTH are the ”measured”
and ”corrected” values,respectively. These con-
stants were found by knowing the values of CTair
and ρair and the higher CTbone and ρbone corre-
sponding to cortical bone in selected ROI’s. The
obtained relation was:

ρ = 0.777350392 + 7.924061081 × 10−4CT [gcm−3]
(2)

In the calibrated case both fat and muscle tissues
contain water and fixed chemical compositions, as
well as known linear attenuation coefficients as a
function of X-ray effective energy[7].

The CT number in Hounsfield scale of a material
x with linear attenuation coefficient νx is given by:

HU =
µx − µwater

µwater − µair
× 1000 (3)

where µwater and µair are the linear attenuation
coefficients for water and air, respectively[6].

The manipulation of this relation to obtain the
difference between HU values for muscle and fat
gives:

HUmuscle −HUfat =
µmuscle − µfat

µwater
× 1000 (4)

and considering the real value of HUwater =
CTHwater = 0 one can find the following ratio

− HUfat

HUmuscle −HUfat
=

µwater − µfat

µmuscle − µfat
(5)

to be a remarkable consistent value of 0.77 for mea-
sured CT values between 60 keV and 80 keV of ef-
fective energy, which correspond to tube peak volt-
ages in the range of 120-140 kVp [8]. The measured
HU values CT are then related to the corrected HU
values CTH by

CTH = kCT +B (6)

where k is the slope and B is the offset[8].
As previously done, two ROI’s containing only

paraspinal muscle or fat were selected and inserted
into a Matlab routine to draw an histogram and
obtain the most frequent CT value for each ROI.

At a peak voltage of 135 kVp , which corresponds
approximately to an effective energy of 70 keV, the
corrected values were given by

CTH = 1.0019CT − 17.361 (7)
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and this adjustment was inserted in equation (2) to
give the new HU-ρ relation:

ρ = 0.791081265 + 7.909033917 × 10−4CT [gcm−3]
(8)

As there is no consensus in a global mathematical
relationship between elasticity modulus and bone
density, several relation from Helgason et al.[9] were
studied and are found in Table 1.

Study E[MPa] R2

Morgan et al.(2003) E = 4730ρ1.56
app 0.73

Keller(1994) E = 1890ρ1.92
ash 0.702

Kopperdahl(1998) E = 2100ρapp − 80 0.61
Carter and Hayes(1977) E = 3790ε̇0.06ρ3

app NR

Ash density = ρash = 0.60ρapp; Strain rate= ε̇ = 1

Table 1: Density-elasticity mathematical relation-
ships used [9].

Besides these heterogeneous models, an homoge-
neous model containing only trabecular bone and
a cortical shell with 0.35 mm thickness was devel-
oped. The properties and element type for each
component of the L4-L5 segment are presented in
Table 2.

Tie constraints were assigned between disc-
vertebrae interfaces and between Nucleus Pulposus
(NP) and Annulus Fibrosus (AF) in the IVD. A
fluid-cavity interaction was implemented in the NP
to behave like a liquid with ρ = 1.125 gcm−3 and
a frictionless surface-to-surface interaction was ap-
plied in the facet joints of the posterior elements.

2.2.2. Linear vs Nonlinear Disc Model
IVDs contain collagen fibres arranged in concentric
layers in the AF, whose orientation changes radially
from the inner to the outermost layer. Fibres are
surrounded by the annulus ground substance which
behaves as a nonlinear near-incompressible mate-
rial, showing high levels of strain. Therefore, IVD
behaves nonlinearly rather than the previous linear
simplification.

Following the work from Little[16], 8 rebar layers
representing the collagen layers were inserted and
evenly spaced in the FEM model of the AF and
all parameters were adapted as function of surface

Young′s Modulus [MPa] Poisson′s Ratio Element type

Cortical Bone 12000 0.3 M3D3
Trabecular Bone 100 0.2 C3D4
Annulus Fibrosus 4.2 0.45 C3D4
Nucleus Pulposus Incompressible fluid − filled cavity SFM3D4

Cartilage Endplates 24 0.46 M3D4

Table 2: Material properties and element types for the simplified model.

area. Elliptical radius (R) was determined in Solid-
works and the layer thickness (TL) was calculated
by dividing the radius by the total number of lamel-
lae (N) and sketching splines that intermediate the
inner and outermost layers of the AF.

For the rebar layers, cross-sectional area (AB),
angle of inclination (α) and spacing (s) between
fibers in each lamella were assigned from the exper-
imental work from Marchand and Ahmed[11]. The
cross-sectional area of each bundle was considered
to be elliptical, with a width (WB) being 59% of
TL and a thickness (TB) of 82.35% of TL. These
calculations are represented in Figure 2.

Figure 2: Implemented model for 8 collagen layers
and respective calculations, based on the works of
Marchand and Ahmed [11] and Little [16].

The angle inclination of the fibres and their rel-
ative strength were calculated by linearly interpo-
lating the values reported in literature for the inner
and outer layers of AF. Young Modulus in the outer
layer corresponds to 100% stiffness with a value of
655 MPa, varying to 65% in the inner layer. In-
clination ranges from 25◦ to the vertical direction
to 35◦ and a criss-cross pattern implies α to alter-
nate between positive and negative values. Rebar
elements’ properties are shown in Table 3.
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Layer α(o) E ν Relative
(MPa) Strength (%)

1 +35 425.75 0.3 65
2 −35 425.75 0.3 65
3 +32 504.35 0.3 77
4 −32 504.35 0.3 77
5 +28 576.40 0.3 88
6 −28 576.40 0.3 88
7 +25 655 0.3 100
8 −25 655 0.3 100

Table 3: Collagen rebar layers properties as

function of radial distance.

Ground substance was defined as a Mooney-Rivlin
hyperelastic material, whose strain energy function
is described by:

U = C10(Ī1 − 3) + C01(Ī2 − 3) +
1

D1
(Jel − 1) (9)

where Ix are two invariants of the left Cauchy-Green
deformation tensor, C10 and C01 are material con-
stants obtained experimentally and D1 describes
the compressibility of the material depending on

µ0 = 2(C10 + C01) (10)

,

ν =

3
k0

µ0
− 2

6
k0

µ0
− 2

(11)

and

k0 =
2

D1
(12)

where µ0 is the initial shear modulus, ν is
the Poisson’s ratio and k0 is the initial bulk
modulus[17]. The material constants were based on
previous sensitivity tests made by Little (2004)[16],
having values of C10 = 0.5 and C01 = 1. To contrast
the nonlinear AF with the linear one(ν = 0.45),
a compressible material having D1 = 0.06897 was
chosen to the AF.

Vertebra Āexp[mm2] Ācomp[mm2] Error (%) l0(mm) ∆lexp[mm] ∆lcomp[mm] Error (%) Eexp(MPa)

V1 Slice 1 1043.981 1037.965 0.58% 9.95 0.869 0.827 4.83% 186.84

V1 Slice 2 965.900 1004.845 4.03% 10.25 0.907 1.031 13.67% 219.76

V2 941.339 931.72 1.02% 15.78 0.860 0.778 9.53% 475.54

V3 924.199 933.91 1.05% 11.25 1.414 1.233 12.80% 178.67

Mean Value (µ) 265.20

Standard Deviation (σ) 122.409

Table 4: Results of area, displacement and Young Modulus for computational (Xcomp) and experimental(Xexp) works.

Constraints and interactions assigned in the lin-
ear model were likewise applied to the nonlinear
model.

Lastly, for both models, a concentrated force and
moment were applied to the upper surface of L4 ver-
tebra and a point on the lower surface of L5 was de-
fined as encastre, with these conditions propagating
to the neighbour elements as coupling constraints.

3. Results and Discussion
3.1. Experimental Work and Validation

Force and displacement data combined with area
measurement (Āexp, Table 4) by ImageJ was
imported to a Matlab routine that drew force-
displacement (kN/mm) (Figure 3) and stress-strain
(MPa/(mm/mm)) curves. The strain was obtained
by the formula:

ε =
∆l − ∆l0

l0
(13)

where ∆l = l− l0 and ∆l0 = ll− l0, with l being the
instantaneous displacement at a given point in the
curve, l0 the initial length (Table 4) and ll being
a chosen value by the operator where it is consid-
ered to begin the elastic region. Trabecular bone
exhibits nonlinear behavior responsible for a toe re-
gion at small strains[18], being the reason for choos-
ing a point inside the elastic region and another just
before the apparent compressive yield strain to rep-
resent the interval of the linear region.

Figure 3: Force-Displacement curves for the four
samples with maximal displacement at 18 kN force
displayed in experimental work (red) and Abaqus
(blue).
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Experimental Young moduli were obtained from
the mentioned linear regions of the stress-strain
curves and are displayed in Table 4. This find-
ings showed good agreement with literature, with a
mean value of 265.20 MPa and a standard deviation
of 122.409 MPa. Goldstein’s article [19], a survey of
published mechanical properties of human trabec-
ular bone, presents the vertebrae ranging from 10
to 428 MPa. The large standard deviation factor
relates to the reduced number of samples and also,
since vertebrae are composed of cortical and tra-
becular bone, the obtained model is only an equiv-
alent value, with its value depending on cortical-
trabecular bone ratio.

For the displacement analysis with validation
models, a commensurable load of 18 kN was applied
to all tests, as depicted in Figure 4. With excep-
tion of vertebra 1 slice 2, all validation displacement
values (∆lcomp) were lower than the experimental
ones(∆lexp), as seen in Table 4.

The different behaviour of first slice might be ex-
plained by a previous test performed on the sam-
ple to verify if the test machine was operating cor-
rectly. Therefore, there was not enough time for the
initial tissue adaptation (toe region) to restore the
initial length. Throughout the curve’s interval, the
computational models were assumed to have linear
elasticity, not accounting for the visible nonlinear
behaviour at the initial moments. It is perceptible
that in this region, all experimental curves tend to
have a greater displacement variation with a smaller
stress intervals.

Moreover, computational model assumes the ex-
istence of only one homogeneous material, not tak-
ing into account the existence of the thin and
denser cortical layer and the highly porous trabec-
ular bone. The material assignment translates the
overall stiffness to a higher value than those occur-
ring in reality, which reflects in smaller strains to
the same stress interval.

Finally, cross-sectional areas in experimental
(Āexp) and computational (Ācomp) models were
computed as an average of top and bottom surfaces’
area, as seen in Table 4. For each sample, this esti-
mation offers a small error, being the highest 4.03%
in V 1 2, which is another cause of elasticity modu-
lus alteration.

Compressive Linear Carter and Hayes (MPa) Keller (MPa) Kopperdahl (MPa) Morgan (MPa)
Force model No Cal Cal No Cal Cal No Cal Cal No Cal Cal

300N 0.336 0.375 0.375 0.369 0.368 0.372 0.372 0.375 0.375

460N 0.515 0.566 0.575 0.564 0.564 0.571 0.571 0.575 0.575

600N 0.670 0.750 0.750 0.735 0.736 0.745 0.745 0.750 0.750

Table 5: Intradiscal pressure for the homogeneous model and for the calibrated and non-calibrated models with different

density-elasticity relationships. All values are in MPa.

3.2. Computational model of Human L4-L5

The comparison between the several models was
made through stress distribution, IDP pressure and
ROM and validated with data from Dreischarf et
al.[12]. Differences in stress distribution were eval-
uated after applying a pure compressive load of 460
N. IDP was evaluated in Nucleus Pulposus pres-
sure in three compressive load magnitudes of 300 N,
460 N and 600 N to preview its growing behaviour.
ROM was tested in each axis direction, representing
a movement within the physiological range. Adding
to ROM, a pre-load is imposed with a compressive
force to mimic disc’s compression in real scenarios.

3.2.1. Non calibrated vs calibrated bone density dis-
tribution

Stress distribution is observed for the three model
types in Figure 4. It varied from the homogeneous
model to the heterogeneous models, whereas be-
tween the calibrated heterogeneous model and the
non-calibrated one the differences were less evident.

Figure 4: Von Mises stress distribution when ap-
plying a compressive force of 460N. On the left,
the homogeneous model: (top) cortical layer, (mid-
dle) trabecular bone and (bottom) AF. On the top
right, calibrated Kopperdahl model and respective
AF. On bottom right, non-calibrated Kopperdahl
model and respective AF.
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In the homogeneous model, stresses tended to
concentrate in the outer cortical shell, mostly in the
vertebral body rather than in posterior elements,
with higher magnitude in L5 vertebra and in the
anterior part of the AF. The cortical bone limits are
well defined, so does the rapid change in stress dis-
tribution from the cortical to the trabecular bone.

In the heterogeneous models, for the several ρ−E
relationships, the stress patterns were very similar,
showing a bigger spread of the stress from the outer
surface to the inner material. However, the higher
stresses appeared to form a shell boundary near the
surface, suggesting regions of higher density similar
to the one simplified in the homogeneous model.
The stresses in vertebrae were one order of magni-
tude lower than in the first model, but the stresses
in the AF were in the same order. Between the cal-
ibrated and non-calibrated model, the variation in
stress occurred only in the third decimal order for
all ρ− E relations, except for Kopperdahl.

IDP values for the homogeneous and heteroge-
neous linear models showed a growing linear trend
when applying greater loads, as shown in Table 5.
Comparing to Figure 6, both models showed greater
IDP than the in vivo values in [12], but within the
limits of the computational models reviewed in the
article.

Homogeneous model showed lower IDP values
than the heterogeneous models, since the latter pre-
sented higher stiffness contributing to an increase in
IDP, and between the calibrated and non calibrated
equations, IDP values were identical. In terms of
E − ρ relations, Keller model showed closer values
to the linear model and to in vivo values in [12].

ROM for linear models is shown in Table 6. Ex-
cept for flexion, all movements in the three mod-
els showed similar ROM values to those exhibited
in vivo, shown in Figure 7. Nevertheless, homo-
geneous model over-estimated ROM and even ex-
ceed the physiological range, such as axial rotation,
whereas the heterogeneous models did not display
such exaggerated behaviour. Juxtaposing the cali-

Linear Carter and Hayes Keller Kopperdahl Morgan
model No Cal Cal No Cal Cal No Cal Cal No Cal Cal

Flexion
8.96 7.03 6.30 7.11 7.09 7.03 6.58 7.07 7.07

7.5Nm + 1175N

Extension
3.24 1.81 1.80 2.80 2.79 1.81 2.40 1.86 1.85

7.5Nm + 500N

Lateral
Left 2.93 2.32 2.32 2.32 3.46 2.40 2.32 2.60 2.60

Bending
7.8Nm +

Right 4.11 2.69 2.68 2.69 2.90 2.69 2.71 2.97 2.97
700N

Axial
Left 2.48 1.31 1.31 1.73 1.72 1.31 1.38 1.72 1.72

Rotation

5.5Nm +
Right 3.37 1.82 1.82 2.17 2.16 1.82 1.88 2.19 2.19

720N

Table 6: Range of motion for each axis. All units in degrees.

brated and non-calibrated models, ROM are mostly
different in flexion/extension and in lateral bending.

3.2.2. Linear vs Nonlinear Disc Model
Visually, stress distribution patterns in both linear
and nonlinear models after applying a 460N com-
pressive force were very similar, even showing sim-
ilar scales for the cortical bone. L5 suffered the
higher stresses in its cortical shell, but a reduc-
tion in nonlinear model of the L4 stress occurred.
Trabecular bone also showed a similar distribution
but the higher stress in the linear model was in L5,
whereas in nonlinear model happened for AF. The
load transfer from L5 to AF reveals the load-bearing
role of IVD, biologically demonstrated.

Figure 5: Stress distribution in the linear model
on the left and in the nonlinear model on the right.
(a) and (b) show the cortical shell, (c) and (d) show
the trabecular bone. (e) shows the linear AF and
(f) shows the nonlinear AF, which has been sepa-
rated into its components: the hyperelastic ground
substance below and the elastic collagen fibres on
the right.

7



A division of AF components was made into
ground substance and collagen fibres. Ground sub-
stance exhibited similar stress pattern to the lin-
ear model, being even the same range. Collagen fi-
bres showed reversed behaviour for higher stresses.
These are the zones where fibres largely deform
(expand) and, since they responded only to tensile
stress, there is where the higher stresses were noted.

Macroscopically, linear model displayed greater
bulge of the IVD than the nonlinear. This stiffen-
ing effect is due to the resistance offered by colla-
gen fibres in response to the incompressible nucleus
stretch.

In IDP analysis illustrated in Figure 6, values in
the nonlinear model were always superior to the lin-
ear model, even so within the range of the com-
putational models and close to the in vivo model.
The additional pressure revealed by the nonlinear
model was due to the resistance offered by the col-
lagen fibres and the nucleus deformation was less
perceptible.

Figure 6: Image adapted containing IDP of the lin-
ear and nonlinear models in comparison with the in
vivo and computational models of [12].

For ROM verification, IDP graphs were added
to the ROM ones to investigate the effect of pre-
loads in NP, as shown in Figures 7 and 8. Except
for flexion, nonlinear models came close to in vivo
ROM values. Flexion was identical to other FEM
studies but all far from the in vivo result. Dreischarf
et al.[12] have already hypothesised that the loading
conditions applied to mimic the experimental value
are not adequate and further studies should be done
to better estimate it.

In all movements, the increase in stiffness by col-
lagen fibres led not only to a reduction in ROM but
also to an increase in IDP. The existence of pre-
loads was thus responsible for an initial increase in
axial strain of ground substance in AF, which once
more contributed to the increment of resistance in
fibres.

Except for flexion, all values were higher than
the in vivo, still remaining within the range of the
FEM studies. The article mentioned the in vivo
IDP values had emerged from data coming from
only one subject under maximal voluntary motion
and older than the patient analysed in the present
work. [12].

Figure 7: ROM values for the linear and nonlinear
models in comparison with previous studies. Image
adapted from [12].

Figure 8: IDP values for the linear and nonlinear
models in comparison with previous studies. Image
adapted from [12].

A wider explanation for the IDP high values that
extends to the other models relies on the geomet-
rical model design. Being a soft tissue, the IDV
presents less contrast in CT imaging than bone.
Therefore, segmentation process was subjected to
more errors. Disc height was smaller than those
presented in Dreischarf et al. article [12]. The sur-
face ratio between NP and AF is estimated 1/3 to
1/2 in the lumbar segment, and in the present case
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it was assigned as 1/3, whilst in the article this ratio
was always greater. The result is a NP with smaller
volume and a larger AF, which will offer greater re-
sistance. Thus a higher IDP could be expected.

4. Conclusions

The study of spinal diseases is of major interest, due
to their high prevalence in population. Combining
experimental and computational approaches allows
for a better comprehension of the key mechanisms
that trigger them. In vitro and computational mod-
els were studied in this work, from which some con-
clusions and future directions are presented:

• Compressive tests carried out until fracture al-
lowed to determine equivalent Young’s Modu-
lus and presented good agreement with litera-
ture. A follow-up work should study the effect
of strain-rate and also contain tensile tests to
study the type of mechanical fracture.

• Computational validation displayed similar re-
sults to the in vivo values, with errors infe-
rior to 14%. A suggestion is to insert hypere-
lasticity properties provenient from experimen-
tal data, allowing the validation computational
curve to initially fit the toe region displayed by
the experimental curve.

• Making use of the tensile tests, a complete frac-
ture biomechanics model of vertebrae could be
investigated. Using regions of high stress con-
centration as crack sources, a fracture criterion
could be imposed and propagated throughout
the analysis.

• Human L4-L5 segment was evaluated in terms
of bone distribution in vertebrae and nonlinear-
ity of the disc. When prescribing larger detail
to the anatomy, results in terms of stress dis-
tribution and range of motion approached the
in vivo ones. IDP showed overall higher val-
ues than the in vivo, but two points should
be highlighted in its interpretation: 1) IDP
data from literature came from only one indi-
vidual under maximal voluntary action, older
than the patient for which the present compu-
tational model was designed; 2) disc’s height
and surface area assigned for NP were smaller
than those reported in literature.

• In future models, additional factors could be
studied with the insertion of ligaments that
connect posterior elements of vertebrae and
the capsular joints in articular facets. From
here, the impact of pathological conditions and
spinal devices/solutions can be explored.
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