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Abstract

The lumbar spine is one of the most highly loaded structures of the human body, and several aspects

related to the biomechanical behavior of implantable devices used in its treatment still require further

investigation. Degenerative spinal processes may lead to conditions such as segmental instability

and lumbar spinal stenosis, often associated with pain and functional limitation. In these cases,

surgical treatment may involve the use of interbody cages and interspinous process devices (IPDs) to

restore segmental stability and reduce neural compression. These devices are known to experience

significant compressive loads during daily activities, and insufficient mechanical strength may result

in deformation, structural failure, or implant collapse, potentially requiring revision surgery. In

recent years, biomimetic materials such as SmartBone (SB) have attracted increasing interest due to

their potential biological and structural properties; however, experimental studies characterizing the

compressive mechanical behavior of devices entirely made of this material remain limited. For these

reasons, the present study aims to experimentally evaluate the compressive strength up to failure of

four interbody cages and four IPDs, all manufactured entirely from SB. Axial compression tests were

performed to determine the maximum load-bearing capacity and to analyze failure modes. The results

demonstrated distinct mechanical behaviors between the two implant types, attributable to differences

in geometry and biomechanical function. Specifically, interbody cages exhibited a higher capacity to

withstand compressive loads compared to IPDs, which failed at lower load levels, consistently with

their biomechanical role and load transmission mechanisms within the posterior spinal segment. The

observed failure modes were compatible with clinically relevant loading conditions. In conclusion,

these experimental tests provide a first quantitative characterization of the compressive strength of

SB-based spinal devices, supporting their potential use in the surgical treatment of degenerative spinal

disorders. This work represents an initial step toward future studies aimed at direct comparison with

conventional materials and a more comprehensive evaluation of biomechanical performance under

physiological and pathological conditions.



Riassunto

La colonna vertebrale lombare rappresenta una delle strutture più sollecitate del corpo umano e, ancora

oggi, diversi aspetti legati al comportamento biomeccanico dei dispositivi impiantabili utilizzati nel suo

trattamento richiedono ulteriori approfondimenti. I processi degenerativi del rachide possono condurre

a condizioni quali instabilità segmentaria e stenosi lombare, frequentemente associate a dolore e

limitazione funzionale. In questi casi, il trattamento chirurgico può prevedere l’impiego di dispositivi

quali cage intersomatici e spaziatori interspinosi (IPD), con l’obiettivo di ripristinare la stabilità del

segmento e ridurre la compressione delle strutture neurali. È noto che tali dispositivi sono sottoposti a

rilevanti carichi compressivi durante le attività quotidiane e che un’insufficiente resistenza meccanica

può determinare deformazioni, cedimenti strutturali o fallimento dell’impianto, con possibile necessità

di revisione chirurgica. Negli ultimi anni, materiali biomimetici come lo SmartBone (SB) hanno

suscitato crescente interesse per le loro potenziali proprietà biologiche e strutturali; tuttavia, risultano

tuttora limitati gli studi sperimentali volti a caratterizzare il comportamento meccanico a compressione

di dispositivi realizzati interamente con questo materiale. Per tali ragioni, il presente studio si propone

di valutare sperimentalmente la resistenza a compressione fino a rottura di quattro cage e quattro IPD,

entrambi realizzati completamente in SB. Le prove sono state condotte mediante test di compressione

assiale controllata, al fine di determinare i carichi massimi sopportabili e analizzarne le modalità di

cedimento strutturale. I risultati mostrano un comportamento meccanico differente tra i due impianti,

attribuibile alla diversa geometria e funzione biomeccanica: in particolare, i cage hanno evidenziato una

maggiore capacità di sopportare carichi compressivi rispetto agli IPD, che hanno mostrato cedimenti a

carichi inferiori, coerentemente con il loro ruolo biomeccanico e con la modalità di trasmissione dei

carichi nel compartimento posteriore del segmento vertebrale. Le modalità di rottura osservate risultano

compatibili con le condizioni di carico cliniche. In conclusione, i test sperimentali forniscono una prima

caratterizzazione quantitativa della resistenza a compressione di dispositivi in SB, confermandone il

potenziale impiego nel trattamento chirurgico delle patologie degenerative della colonna vertebrale.

Il presente lavoro rappresenta un primo passo verso studi futuri finalizzati al confronto con materiali

convenzionali e a una valutazione più approfondita del comportamento biomeccanico in condizioni

fisiologiche e patologiche.



Introduction

The spine is an anatomically and functionally complex structure designed to provide mechanical

support, mobility, and protection for neurological structures. In particular, the lumbar spine is subjected

to high biomechanical stress during everyday activities, making it the segment most affected by

degenerative processes and pathologies that compromise the stability and functionality of the vertebral

system. The biomechanical balance of the spine depends on the synergistic interaction between bone

structures, intervertebral discs, ligaments, and muscles, as well as neuromuscular control. Alterations

in one or more of these elements can lead to abnormal load distribution, resulting in increased local

stress and progressive tissue degeneration. This context includes pathologies such as disc degeneration,

vertebral instability, and degenerative lumbar stenosis, conditions frequently associated with pain,

functional limitation, and impaired quality of life for the patient. When conservative treatment

is ineffective, the management of these pathologies may require a surgical approach. Among the

available therapeutic strategies, both indirect decompression techniques using interspinous space

devices (IPDs) and lumbar interbody fusion procedures, which involve the use of cages positioned

in the intervertebral space, play a central role. Both solutions aim to modify the biomechanics of the

pathological vertebral segment, reducing compression on the neural structures and, in indicated cases,

restoring the mechanical stability of the spine. The clinical success of these interventions is closely

linked not only to the correct surgical indication and operating technique, but also to the mechanical

properties of the implanted devices. Cages and IPDs are subjected to significant compressive loads,

which can reach high values during daily activities and increase further in unfavorable posture or load

conditions. The ability of these devices to withstand mechanical stress without deformation or breakage

is therefore a fundamental requirement for ensuring the safety of the implant and the durability of the

clinical result. In recent years, interest has focused on the use of innovative materials with advanced

biomechanical and biological properties. Among these, SmartBone (SB) has attracted particular

attention due to its composite structure, which is designed to mimic the characteristics of natural

bone and promote biological integration. However, in order for a material to be considered suitable

for use as an implantable device in the spine, a rigorous assessment of its mechanical performance,

particularly its resistance to compressive loads, is essential. In light of these considerations, the

aim of this thesis is to experimentally evaluate the compressive strength to failure of four cages and

four IPDs made entirely of SB. Through controlled mechanical tests, the work aims to determine



the maximum loads that can be borne by the two devices, providing quantitative data useful for

understanding their structural behavior and assessing their suitability for clinical use in the treatment

of degenerative spinal disorders. This thesis is structured to progressively guide the reader from the

anatomical and biomechanical foundations of the lumbar spine to the experimental evaluation of

innovative spinal devices. Chapter 1 introduces the anatomical context of the vertebral column, with

particular emphasis on the lumbar region, its biomechanical behavior, load distribution mechanisms,

and the main degenerative pathologies that may compromise spinal stability. Chapter 2 presents a

review of the current state of the art on spinal stabilization techniques, focusing on interbody cages

and interspinous process devices, as well as on existing standards and experimental methodologies

for their mechanical assessment. Chapter 3 details the materials and methods adopted in this study,

describing the SmartBone material, the tested devices, and the experimental and numerical approaches

used to investigate their compressive mechanical performance. The results of the mechanical tests

and finite element analyses are reported and discussed in Chapter 4, with a comparative evaluation of

cages and interspinous devices in terms of strength, deformation, and failure behavior. Finally, Chapter

5 summarizes the main findings of the work and outlines the conclusions, highlighting the clinical

relevance of the results and potential directions for future research.

x



Chapter 1

Anatomical context

This section introduces the anatomy of the human spine. The anatomical description is followed by

an overview of spinal biomechanics, highlighting the relationship between structure, movement, and

stability. Finally, the main degenerative conditions of the spine and their clinical implications are

briefly addressed.

1.1 Spinal column

The vertebral column, or spine, (Figure 1.1), represents the main supporting axis of the human body

and constitutes a complex anatomical structure designed to simultaneously fulfill functions of support,

protection, and movement. It is composed of a succession of bony elements, namely the vertebrae,

which are articulated and interconnected by fibrocartilaginous, ligamentous, and muscular structures

that allow for an optimal balance between stability and mobility. The vertebral column extends from

the skull to the apex of the coccyx and plays a fundamental role in supporting the trunk, protecting the

spinal cord and nerve roots, and enabling physiological movements between the head, trunk, and pelvis.

In adults, the spine is composed of a total of 33 or 35 vertebrae, organized into different anatomical

regions; each vertebra is identified by a designation that associates its region with a numerical index.

Specifically, the vertebrae are divided into seven cervical vertebrae (C1–C7), twelve thoracic vertebrae

(T1–T12), five lumbar vertebrae (L1–L5), and five sacral vertebrae fused to form the sacrum (S1–S5).

From a dimensional standpoint, the vertebral column has an average length of approximately 70 cm in

the adult male and about 60 cm in the adult female, a difference attributable to general anthropometric

factors. [1]



Figure 1.1: View of the spine on different planes [1]

The morphology of the spine is the result of the interaction of multiple factors, including genetic,

environmental, mechanical, metabolic, and hormonal components. When observed in the frontal

plane, the vertebral column appears straight and symmetrical, whereas in the sagittal plane it presents

a characteristic curvilinear configuration consisting of four physiological curvatures. In particular,

the cervical and lumbar regions exhibit an anterior convexity, known as lordosis, while the thoracic

and sacral regions show a posterior convexity, referred to as kyphosis. These curvatures do not

represent an abnormality, but rather the outcome of the evolutionary adaptation of humans to an

upright posture and bipedal locomotion. They allow for a more effective distribution of axial loads,

increase shock-absorbing capacity, and provide the spine with an efficient combination of flexibility

and mechanical strength. The dimensions of the vertebral bodies increase in the craniocaudal direction,

related to the fact that body weight becomes progressively greater on the lower vertebrae. From a

functional standpoint, thanks to the articulation of the numerous vertebral segments, the spine is capable

of wide-ranging movements, particularly flexion, extension, lateral bending, and rotation.(Figure 1.2)

Therefore, the human vertebral column represents an elastic load-bearing structure that must be able to

2



ensure both dynamism and stability by regulating a balance of forces and resistances necessary for the

performance of any type of kinetic activity: this is an active adaptation achieved through modifications

in the tone of various postural muscles under the action of the central nervous system (CNS). [1] [2]

Figure 1.2: Back movements [2]

1.1.1 Vertebre

Each vertebra, arranged in a craniocaudal sequence, consists of a set of bony processes that, as a whole,

contribute to the formation of the vertebral canal, within which the spinal cord runs. Intervertebral

discs are interposed between the vertebral bodies; these fibrocartilaginous structures, thanks to their

hydrostatic behavior, keep the vertebrae separated and allow for proper load distribution. This

organization also enables the formation of lateral intervertebral foramina, through which the spinal

nerve roots emerge and extend toward the various body regions. From an anatomical standpoint (Figure

1.3), a typical vertebra consists anteriorly of a vertebral body, generally cylindrical in shape, and

posteriorly of a vertebral arch. The vertebral body presents a superior and an inferior surface, both flat,

intended to accommodate the intervertebral discs and thus to articulate with the adjacent vertebrae.

3



Figure 1.3: Structure of a vertebra [3]

The vertebral arch originates posteriorly from the vertebral body through two pedicles, short and

robust bony bridges that, together with the laminae, delimit the vertebral foramen. The superimposition

of the foramina of individual vertebrae forms the vertebral canal, which houses the spinal cord and

its meninges. Posteriorly, the laminae join along the midline to form the spinous process, a bony

prominence whose function is to serve as an attachment site for numerous muscles and ligaments

involved in postural control and in flexion–extension movements of the spine. Laterally, from the

junctions between pedicles and laminae arise the transverse processes, which also serve as sites for

muscular and ligamentous attachment and play a significant role in lateral flexion and axial rotation

movements. In close proximity to these same junctions originate the superior and inferior articular

processes, each provided with an articular facet. These surfaces allow articulation between adjacent

vertebrae, permitting limited movements that are nevertheless essential for the overall mobility of the

spine and for its mechanical stability. In the lumbar region, the vertebrae exhibit morphofunctional

adaptations related to the need to support the weight of the overlying structures. In this region, the

vertebral bodies appear progressively larger and more massive than those of the upper segments of the

spine. The vertebrae have a composite structure, characterized by an internal core of trabecular bone

and an external shell of compact bone, in order to optimize load distribution. The superior and inferior

surfaces of the vertebral body are referred to as vertebral endplates; they are thicker in the central

region, where they are covered by cartilaginous tissue, while peripherally they present an annular ridge

known as the marginal rim (Figure 1.4).

4



Figure 1.4: Cartilaginous endplate (p) and marginal rim (l) [4]

With advancing age, the mechanical properties of the vertebral body undergo significant changes:

the reduction in deformability and in the ability to absorb energy leads to decreased resistance to

fracture. This phenomenon explains, on the one hand, the higher incidence of fragility vertebral

fractures in the elderly population, such as osteoporotic collapse, and, on the other hand, the greater

severity of fractures in younger individuals, in whom the high amount of stored energy is released

abruptly at the moment of structural failure. [1, 3, 4]

1.1.2 Intervertebral disc

Interposed between two vertebral bodies is the intervertebral disc, which represents the central

functional element in movements between adjacent vertebrae and plays an essential role in supporting

and cushioning the loads applied to the vertebral column. Indeed, it acts as a viscoelastic structure

capable of distributing mechanical stresses uniformly, thereby reducing stress concentrations on the

bony surfaces. As shown in Figure 1.5, from a structural standpoint the disc is composed of:

1. a central portion, called the nucleus pulposus, which occupies approximately 50–60% of the

disc’s cross-sectional area and is characterized by a high water content, averaging between

85 and 88%, associated with a matrix rich in proteoglycans. These macromolecules exert an

important osmotic function, allowing the nucleus to retain large amounts of water and to maintain

high internal pressure even under load, thereby limiting compressive deformation of the disc.
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2. a peripheral component, called the anulus fibrosus or fibrous ring, composed of collagen fibers

organized into concentric lamellae, generally numbering between 15 and 20, arranged around

the nucleus. Within each lamella, the fibrous bundles have a parallel orientation, whereas the

direction of the fibers varies between adjacent lamellae, resulting in a crossed arrangement. This

specific architecture confers high mechanical strength to the anulus and the ability to deform

elastically, allowing containment of the nucleus and transmission of loads toward the periphery

of the disc. Anteriorly, the anulus is generally thicker and more robust than the posterior portion,

reflecting the predominance of anteriorly directed stresses acting on the spine. [5]

Figure 1.5: Nucleus pulposus and annulus fibrosus [5]

The interaction between a nucleus maintained under constant pressure and a collagen network

subjected to tension makes it possible to prevent direct contact between vertebral bodies even under

conditions of high load. However, this mechanism may lose effectiveness following a reduction in

intranuclear pressure, due either to a decrease in proteoglycan content or to structural failure of the

anulus fibrosus or the cartilaginous endplates, with possible migration of nuclear material. From the

standpoint of vascularization, the intervertebral disc is a poorly perfused structure: only the most

peripheral layers of the anulus fibrosus exhibit limited blood supply, whereas the nucleus pulposus is

completely avascular [1, 4]. Its metabolism therefore depends on diffusion and osmosis mechanisms,

activated by pressure variations generated during spinal movements. Consequently, disc nutrition is

closely related to load application: when the load increases, fluid and catabolites are expelled, resulting

in a temporary reduction in disc thickness; conversely, removal of the load promotes rehydration of the

nucleus and the influx of nutrients. Short-duration loads produce predominantly elastic and reversible

deformations, whereas prolonged loading induces a loss of volume associated with water extrusion,

with a slower recovery of the original configuration (Figure 1.6).
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Figure 1.6: Left: increased pressure with nutrient outflow. Right: decreased pressure with nutrient
inflow [4]

The structure of the disc plays a particularly important role in the lumbar region, where mechanical

stresses are greater. Under standing conditions, most of the load between two adjacent vertebrae is

transmitted through the intersomatic joint, while a smaller portion is absorbed by the posterior elements.

In this context, the interaction between the nucleus pulposus and the anulus fibrosus allows compressive

forces to be converted into circumferential tensile stresses, preventing local stress concentrations and

protecting the bony structures (Figure 1.7). With aging, disc permeability tends to decrease, and the

cartilaginous endplates may undergo calcification, limiting the flow of nutrients and oxygen. This

results in a reduction in cellular metabolic activity and proteoglycan synthesis, with a consequent loss

of water and a decrease in the hydrostatic pressure of the nucleus. The disc therefore becomes less

efficient in absorbing and transmitting loads. Similar processes may also occur at a younger age in

the presence of excessive or abnormal mechanical stresses, which accelerate degenerative phenomena.

Prolonged conditions of overload or underload, such as those associated with sustained static postures,

can impair disc nutritional exchange and promote degenerative processes. Conversely, a moderate and

physiological level of mechanical loading is essential for maintaining the structural and functional

balance of the intervertebral disc, highlighting the importance of mechanical load as a biological

stimulus for spinal health.[4, 5]
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Figure 1.7: Distribution load [5]

1.1.3 Ligaments

The stability and functionality of the vertebral column depend on the coordinated action of the

musculature and a complex ligamentous system, which is responsible for maintaining alignment of

the vertebral segments, limiting excessive movements, and protecting the spinal cord and nerve roots.

Spinal ligaments constitute a passive stabilization system that works in cooperation with the muscles to

control physiological movements, reducing the energy expenditure required of the muscular apparatus

and increasing the mechanical safety of the spine (Figure 1.8).

Figure 1.8: Ligaments of the spine [5]
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The vertebral bodies are connected anteriorly and posteriorly by the longitudinal ligaments, which

play a primary role in controlling movements in the sagittal plane. The anterior longitudinal ligament

runs along the anterior surface of the vertebral bodies and intervertebral discs, extending from the

atlas to the sacrum. It is a robust structure, composed of multiple layers of collagen fibers with

different longitudinal extents, firmly anchored to the vertebral bodies and more weakly to the discs.

Owing to its arrangement, it becomes taut during spinal extension, thereby limiting hyperextension

and contributing to the maintenance of physiological curvatures, particularly the cervical and lumbar

lordosis. The posterior longitudinal ligament is located within the vertebral canal, anterior to the spinal

cord, and extends from the axis to the sacrum. It runs along the posterior surface of the vertebral bodies,

being wider at the level of the intervertebral discs and narrower over the vertebral bodies themselves,

especially in the lumbar region. It consists of dense collagen fibers organized into superficial layers

with a long course and deeper layers that connect adjacent vertebrae. This ligament becomes taut

during spinal flexion, limits hyperflexion, and reinforces the posterior aspect of the intervertebral discs,

contributing to their containment; however, its progressive reduction in width in the lumbar region

decreases its effectiveness in preventing disc protrusions. Additional posterior stabilizing elements

of the vertebrae include a group of ligaments comprising the ligamentum flavum, the interspinous,

supraspinous, intertransverse ligaments, and the capsular ligaments of the zygapophyseal joints.

• The ligamentum flavum connects the laminae of adjacent vertebrae throughout the entire

vertebral column and is characterized by a high proportion of elastic fibers, which account

for its characteristic yellowish color. This particular composition allows it to provide constant

resistance during flexion, to facilitate the return to extension, and to prevent compression of

neural structures. Its thickness increases progressively from the cervical to the lumbar region, in

relation to mechanical demands.

• The interspinous ligaments are located between adjacent spinous processes, from the lower

cervical region to the sacrum, and provide resistance to spinal flexion. The deep fibers, rich

in elastin, merge with the ligamentum flavum, while the superficial fibers, predominantly

collagenous, continue with the supraspinous ligament. The latter runs along the posterior midline

of the spine, attaching to the apices of the spinous processes, opposing flexion and providing

region-specific resistance; in the cervical region it expands to form the nuchal ligament, a strong

fibroelastic structure essential for head support.

• The intertransverse ligaments connect the transverse processes of adjacent vertebrae and

display variable morphological characteristics along the spine; they primarily resist contralateral

lateral flexion and, to a lesser extent, anterior flexion. In the lumbar region they are of particular

importance, together with the iliolumbar ligaments, which connect the transverse process of the

L5 vertebra to the ilium and contribute significantly to the stability of the lumbosacral junction.

[1, 2, 3, 4, 5]
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Finally, the following image is included in order to more effectively clarify the structural organization

of the spine and vertebrae, highlighting the main anatomical components, the spatial relationships

among the various osseous and fibrocartilaginous elements, and their arrangement along the different

regions of the vertebral column (Figure 1.9).

Figure 1.9: Summary of the structure of the spine

1.2 Muscles

After analyzing the osseous, discal, and ligamentous structures of the spine, it is necessary to further

examine the role of the musculature, which constitutes the active component of the vertebral system

and determines its dynamic stability. For the purposes of this thesis, particular attention will be

devoted to the musculature at the lumbar level. The vertebral column, in fact, cannot be considered a

purely passive system, since the maintenance of alignment, movement control, and load distribution

largely depend on the coordinated action of the surrounding muscles. The musculature of the spine is

organized into a complex system of intrinsic muscles, directly connected to the vertebrae, and muscles

functionally related to trunk stability. The intrinsic muscles, also known as the autochthonous muscles

of the back, extend along the entire vertebral column and are innervated by the dorsal rami of the

spinal nerves. They play a fundamental role in controlling segmental movements and maintaining the

upright posture. In the cranial region are located the suboccipital muscles, including the rectus capitis

posterior major, rectus capitis posterior minor, obliquus capitis superior, and obliquus capitis inferior.

These structures, situated between the occiput, the atlas, and the axis, are responsible for fine head

movements and for controlling craniocervical stability. Proceeding caudally, the intrinsic musculature

of the spine is organized into several superimposed systems. The spinotransverse system is mainly

represented by the splenius capitis and splenius cervicis muscles, which are involved in extension,

rotation, and lateral flexion movements of the cervical and upper thoracic spine. Alongside this system

is the sacrospinal system, or erector spinae muscle, composed of the iliocostalis, longissimus, and
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spinalis muscles. The iliocostalis runs laterally from the sacrum and iliac crest toward the ribs and

cervical vertebrae; the longissimus occupies an intermediate position and extends cranially toward

the skull; and the spinalis connects the spinous processes along the spine. The combined action of

these muscles enables extension of the vertebral column and maintenance of the upright posture, and

is particularly relevant in the lumbar region due to load-bearing demands. Deep to the sacrospinal

system lies the transversospinal system, which includes the semispinalis, multifidus, and rotatores

muscles. The semispinalis muscles span several vertebrae and participate in spinal extension and

rotation. The multifidus and rotatores, by contrast, connect adjacent vertebrae and have a short course.

These muscles play an important stabilizing role, as they limit micromovements between vertebrae and

protect the intervertebral discs and posterior joints. In addition to the intrinsic spinal muscles, muscles

functionally associated with the vertebral column play a fundamental role in lumbar biomechanics,

including the abdominal wall muscles and the iliopsoas complex. The abdominal musculature consists

anteriorly of the rectus abdominis muscle and laterally of the external oblique, internal oblique,

and transversus abdominis muscles. Through the interweaving of their aponeuroses, these muscles

form a continuous structure that envelops the trunk and contributes decisively to stabilization of

the lumbar spine. The transversus abdominis muscle, in particular, plays a key role in controlling

intra-abdominal pressure and trunk stabilization. In synergy with the diaphragm and the pelvic floor,

its contraction increases intra-abdominal pressure, thereby reducing the direct compressive load on the

lumbar intervertebral discs and contributing to unloading of the posterior spinal structures. A structure

of primary importance in lumbar biomechanics is also the iliopsoas muscle, composed of the psoas

major and iliacus muscles. The psoas major originates from the lateral surfaces of the thoracolumbar

vertebral bodies and intervertebral discs, while the iliacus arises from the iliac fossa; distally, the two

muscles converge into a common tendon inserting on the lesser trochanter of the femur. In addition to

being the main flexor of the hip, the iliopsoas exerts a direct influence on the lumbar spine, contributing

to trunk flexion and control of pelvic tilt. Shortening or hyperactivity of this muscle is associated

with an increase in lumbar lordosis and with greater stress on the intervertebral discs and posterior

spinal structures. Posteriorly, another important stabilizer is the quadratus lumborum muscle, which

extends from the iliac crest to the twelfth rib and the lumbar vertebral bodies. Its function contributes

to lateral flexion of the trunk and to stabilization of the lumbar spine, playing a significant role in

controlling pelvic position. It can therefore be concluded that, taken together, the spinal muscles,

the abdominal wall muscles, and the iliopsoas complex operate as an integrated system, in which

the deep muscles ensure segmental stability, while the more superficial muscles and the abdominal

musculature provide global control and proper load distribution. Lumbar spine stability thus results

from the synergistic interaction between passive and active structures, and disruption of this balance

represents a fundamental prerequisite for the development of degenerative spinal disorders and the

consequent indication for surgical stabilization procedures, such as lumbar or cervical decompression

and interbody fusion techniques. In light of the complex anatomical and functional organization of the
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lumbar spinal musculature, it is evident that spinal stability cannot be attributed to isolated individual

structures, but must instead be interpreted as the outcome of an integrated system. [1]

1.2.1 Lumbar stability and neuromuscular control

Lumbar stability represents an emergent functional property that arises from the coordinated interaction

among passive structures, active musculature, and neuromuscular control. Lumbar stability therefore

does not coincide with a condition of spinal immobility, but rather with the ability to maintain

intervertebral movements within physiological limits compatible with function and with the integrity

of spinal structures. This concept is clearly expressed in the work of Panjabi, in which spinal stability

is interpreted as the result of the interaction among three subsystems:

• the passive subsystem, consisting of vertebrae, intervertebral discs, and ligaments;

• the active subsystem, represented by the musculature;

• the neural subsystem, which is responsible for the control and modulation of muscle activation .

Within this model, the passive subsystem provides only limited intrinsic stability and is insufficient

on its own to sustain the physiological loads to which the lumbar spine is subjected during daily life.

Indeed, Panjabi demonstrated that, when considering the lumbar spine in isolation, its load-bearing

capacity is extremely low, on the order of 90 N acting on the vertebral bodies, a value far below the

actual loads encountered during everyday activities, which have been shown to exceed 1500 N. This

discrepancy is attributable to the contribution of the active subsystem, which is in turn regulated by

the neural subsystem. In particular, the deep muscles are responsible for controlling intervertebral

micromovements and for regulating the so-called “neutral zone,” defined as the range of motion in

which the passive resistance offered by osteoligamentous structures is minimal. [6] An increase in

the neutral zone is associated with a condition of functional instability and with increased mechanical

stresses on the intervertebral discs and posterior joints. The importance of movement control lies

primarily in the role of the central nervous system, which, through the use of proprioceptive information

arising from muscles, ligaments, and joints, modulates muscle tone according to task demands. This

regulation occurs through both feedback mechanisms and anticipatory feedforward mechanisms, which

allow preactivation of trunk musculature prior to movement execution. The latter mechanism is

particularly relevant, as it prepares the spine to withstand impending loads, thereby reducing stress

on passive structures [7, 8]. Consequently, impairment of neuromuscular control leads to delayed

activation of stabilizing muscles and to a reduction in the efficiency of active stabilization, resulting

in increased mechanical loads at the discal level. In conclusion, lumbar stability must be interpreted

as an emergent property of a complex system in which anatomical structures, muscle function, and

neuromuscular control operate synergistically. Compromise of one or more of these components
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disrupts the biomechanical balance of the lumbar spine and represents a fundamental prerequisite for

the development of segmental instability and degenerative spinal disorders. [1, 6, 7, 8]

1.2.2 Loads on the spine

During occupational activities and many actions of daily life, the vertebral column is subjected to

a complex set of biomechanical loads that include axial compressive forces, anteroposterior and

lateral shear forces, as well as torsional moments. These loads represent the musculoskeletal system’s

response to the demands imposed by movement and posture and cannot be reduced to a single load

value that is valid under all conditions. In the context of manual material handling, extensively analyzed

in the theses considered, compressive forces at the lumbosacral level represent the most relevant load

component. The NIOSH guidelines indicate a reference threshold of 3400 N, beyond which the

probability of damage to spinal tissues increases. This threshold may be exceeded not only when

lifting heavy loads but also when handling relatively moderate loads under unfavorable geometric or

dynamic conditions [9]. In situations involving complex or asymmetrical lifting, compressive forces

can reach values on the order of 5000 N, while shear forces may exceed 1000 N, highlighting that the

weight of the load is only one of the factors determining the internal load acting on the spine. [10]

An additional factor to be considered is the horizontal distance of the load from the body when lifting

the same weight. As shown in Figure 1.10, increasing this distance raises the mechanical moment

acting on the lumbar spine and requires greater muscular effort to maintain equilibrium, resulting in an

increase in internal forces within the vertebral column. This aspect explains why seemingly light loads

can generate high mechanical stresses when they are handled far from the body.

Figure 1.10: Prediction of L5-S1 disc compression forces for variable loads lifted at four different
horizontal distances from the body [10]
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Trunk posture also plays a decisive role. Forward flexion modifies the distribution of the upper

body masses relative to the spine, increasing the moment arm and, consequently, compressive and

shear forces. Likewise, lifts performed under asymmetrical conditions show an increase in load

components even in the absence of an increase in the lifted weight, demonstrating that the geometry of

the movement significantly affects the magnitude of spinal loads. Another relevant factor is movement

velocity. The theses report that an increase in lifting speed leads to higher compressive forces due to

dynamic inertial effects, with the possibility of exceeding reference thresholds even when handling

relatively light loads. To this is added the contribution of muscular co-contraction: in order to ensure

spinal stability during lifting, trunk muscles are simultaneously activated, generating internal forces

that are superimposed on those due to the external load. This phenomenon is accentuated in the

presence of unfavorable postures, asymmetry, or fatigue, and contributes substantially to the increase

in compressive forces acting on the spine. All these aspects raise the question of the extent to which

spinal tissues are able to tolerate such loads. Experimental studies reported in the literature indicate

that microfractures of the intervertebral disc may occur under compressive loads spanning a wide

range, approximately between 3300 and 6900 N. In the presence of trunk flexion, these thresholds

are lower, with values ranging from about 1100 to 3600 N, confirming that the load-bearing capacity

of the spine is strongly dependent on posture and movement execution conditions [10]. Although

most of the available quantitative data derive from studies conducted in occupational settings, the

biomechanical principles governing the generation of spinal loads are also applicable to activities of

daily living. Actions such as lifting objects from the ground, carrying bags, or moving household

loads involve loading mechanisms similar to those observed in occupational contexts, albeit generally

associated with lower intensities and shorter durations. Nevertheless, frequent repetition of such actions

or the adoption of unfavorable postures may result in a cumulative increase in the forces acting on

the vertebral column. With regard to the spinous processes, no direct loads acting on them have been

identified, as these structures are not considered primary elements for axial load transmission, which

is instead borne by the vertebral body–intervertebral disc complex. However, under physiological

conditions, partial transmission of axial load to the posterior elements of the vertebral segment does

occur; in particular, the lumbar facet joints may support approximately 10–20% of the total axial load,

with a significant increase during extension and in the presence of reduced disc height [11]. Therefore,

loads acting on the spinous processes should be interpreted as indirect rather than as direct compressive

loads quantifiable in absolute terms, and may be regarded as a fraction of the load transmitted to the

facet joints.[10, 11, 9]

14



1.3 Pathologies

As illustrated in the previous sections, proper spinal function depends on the interaction of multiple

factors, ranging from structural organization to biomechanical aspects and the magnitude of applied

loads. The following section presents some spinal pathologies in order to better understand the reasons

for the use of vertebral prostheses.

1.3.1 Vertebral instability

When the mechanical balance of the spine is disrupted, the concept of vertebral instability arises.

Vertebral instability is defined as the loss of the ability of a vertebral segment to maintain physiological

alignment and mechanical behavior under normal loads, resulting in the appearance of abnormal or

excessive movements between vertebrae. This condition does not necessarily correspond to an evident

macroscopic lesion, but rather represents a biomechanical dysfunction that may clinically manifest as

pain and, in more advanced cases, as neurological impairment. From an etiopathogenetic standpoint,

vertebral instability recognizes multiple causes. In degenerative conditions, a central role is played by

degeneration of the intervertebral disc, which progressively loses elasticity and its ability to distribute

loads effectively. Reduction in disc height alters posterior joint relationships, leading to overload

of the facet joints and promoting the development of arthrotic changes. In parallel, ligamentous

structures may undergo laxity or loss of tension, further contributing to impaired control of vertebral

motion. Clinically, vertebral instability manifests predominantly as mechanical pain, exacerbated by

movement and loading and often accompanied by reflex muscle spasm. Pain tends to improve with

rest and with postures that reduce stress on the affected segment. In this initial phase, symptoms are

mainly algic and not necessarily associated with evident neurological deficits. With progression of

degenerative processes, however, vertebral instability does not remain an isolated event but becomes

part of a broader evolutionary process involving all components of the vertebral segment. Altered load

distribution and abnormal mobility favor the development of secondary structural changes, such as

hypertrophy of the facet joints, marginal osteophyte formation of the vertebral bodies, and thickening

of ligaments, particularly the ligamentum flavum. These adaptations, initially compensatory in nature,

progressively reduce the space available for neural structures; it is within this context that degenerative

lumbar spinal stenosis develops.

1.3.2 Degenerative lumbar stenosis

The term stenosis derives from the Greek stenós, meaning “narrow” or “constricted,” and refers to a

pathological reduction in the caliber of an anatomical canal or passage. This condition may involve

different regions of the spine; in the present work, attention is specifically focused on the lumbar region.

In particular, lumbar spinal stenosis is defined as a reduction in the caliber of the vertebral canal, the
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lateral recesses, and/or the intervertebral foramina, resulting in compression of the nerve roots or the

cauda equina. Stenosis should therefore be regarded as an anatomical and functional consequence

of degenerative processes and segmental instability rather than as an isolated pathology. From a

pathophysiological standpoint, degenerative lumbar spinal stenosis results from the combination of

multiple anatomical alterations involving both the anterior and posterior components of the vertebral

segment. Anteriorly, degeneration of the intervertebral disc leads to loss of hydration and disc height,

with consequent disc protrusion and formation of posterior marginal osteophytes of the vertebral bodies.

These changes directly contribute to a reduction in the space available for neural structures within the

vertebral canal. Posteriorly, reduction in disc height increases mechanical loading on the facet joints,

which undergo arthrotic changes characterized by hypertrophy of the articular facets and joint capsules.

Facet joint hypertrophy represents one of the main factors responsible for lateral recess stenosis, as the

facets—particularly at the lower lumbar levels—may encroach upon the canal and compress the dural

sac and adjacent nerve roots. In parallel, the ligamentum flavum undergoes thickening and loss of

elasticity, progressively buckling into the vertebral canal and contributing significantly to central canal

stenosis. A key feature of degenerative lumbar stenosis is its dynamic nature. The reduction in canal

caliber is not static but varies according to spinal posture and movement. During lumbar extension, the

vertebral canal narrows further due to approximation of posterior elements and increased infolding

of the ligamentum flavum; conversely, during flexion, an increase in the space available for neural

structures is observed. This dynamic behavior explains the close relationship between posture, axial

loading, and the onset of clinical symptoms. Clinically, degenerative lumbar spinal stenosis typically

manifests after the sixth decade of life and follows a slow, progressive course. In the early stages,

the condition is often characterized by chronic low back pain related to disc degeneration and facet

joint osteoarthritis. As stenosis progresses, neurological symptoms affecting the lower limbs develop

and progressively become more prominent than lumbar pain [12]. The most characteristic clinical

manifestation is neurogenic claudication, defined by pain, paresthesias, sensations of weakness, or

fatigue in the lower limbs triggered by standing and walking. Indeed, lumbar extension further narrows

the vertebral canal, increases infolding of the ligamentum flavum, and exacerbates neural compression,

ultimately leading to pain. [12, 13, 14]

1.3.3 Degenerative disc disease

Disc disorders represent one of the main manifestations of degenerative pathology of the lumbar spine

and constitute a fundamental transitional stage from the physiological functioning of the vertebral

segment to its progressive biomechanical dysfunction. Discopathy develops as the outcome of a

progressive degenerative process that initially affects the nucleus pulposus. Loss of proteoglycans,

documented as a central event in disc degeneration, leads to a reduction in intradiscal osmotic pressure

and a consequent decrease in water content. As a result, the nucleus loses its gel-like nature and

becomes progressively more fibrous and less elastic, with a marked reduction in its ability to withstand
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compressive loads. From a biomechanical standpoint, this transformation alters the distribution of

stresses: forces are no longer evenly dispersed but instead become concentrated in specific areas of

the disc and adjacent vertebral structures, promoting mechanical overload and premature wear of the

segment.[15]In parallel, the anulus fibrosus undergoes profound structural changes. The concentric

collagen lamellae lose their orderly orientation, concentric and radial fissures develop, and the ability

to contain the residual pressures generated by the nucleus is reduced. From an anatomical standpoint,

these fissures represent critical points of weakness, particularly in the posterolateral region of the

disc, where the annular structure is physiologically thinner. In this context, migration of disc material

toward the periphery becomes more likely, predisposing to the formation of disc protrusions and

herniations. Discopathy therefore acquires not only a mechanical significance but also a neurological

one, as contact with or compression of nerve roots may lead to radicular pain and neurological

deficits.[16]From a functional standpoint, degeneration of the intervertebral disc results in an alteration

of lumbar spine kinematics. Reduced disc elasticity limits the segment’s ability to adapt to movements

of flexion, extension, and rotation, leading to a pathological redistribution of stresses toward the

posterior structures and surrounding soft tissues. At this stage, the paravertebral musculature and the

neuromuscular control system are required to play a compensatory role by increasing muscle tone in

order to maintain stability. However, this compensation is often ineffective in the long term and leads

to muscle fatigue, stiffness, and loss of fine motor control, thereby contributing to the chronicity of

painful symptoms. [15, 16]

1.3.4 Scoliosis

Scoliosis is a spinal disorder defined as a three-dimensional deformity of the vertebral column,

characterized by a lateral deviation in the coronal plane greater than 10 degrees, associated with

vertebral rotation and alterations of the physiological curves in the sagittal plane (Figure 1.11). From a

clinical and morphological standpoint, scoliosis is classified into postural and structural forms.

• Postural scoliosis is generally secondary to functional imbalances, incorrect postural habits, or

lower limb length discrepancies. It is characterized by the absence of permanent anatomical

changes and by the reversibility of the deviation under unloading conditions or during clinical

tests, such as forward trunk flexion.

• Structural scoliosis, by contrast, presents stable anatomical alterations of the vertebrae and

intervertebral discs, with vertebral rotation and curve rigidity that persist regardless of the

posture adopted by the individual. Among structural forms, idiopathic scoliosis represents the

most frequent type, particularly during adolescence, and affects apparently healthy individuals

in the absence of a clearly identifiable etiological cause. This condition exhibits a variable

potential for progression, closely related to age, sex, and skeletal maturity, making scoliosis a
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clinically heterogeneous disorder of significant diagnostic relevance and with potential long-term

functional impact. [14, 17, 18]

Figure 1.11: a) Posterio-anterior standing radiograph showing right thoracic curve. b) Lateral standing
radiograph [17]

1.3.5 Spondylolisthesis

Spondylolisthesis is a disorder of the vertebral column characterized by the anterior displacement of

one vertebra relative to the one beneath it. The term derives from the Greek spondylos (vertebra) and

olisthesis (to slip), and refers to a condition that may lead to alterations in spinal stability, compression

of neural structures, and the onset of low back and/or radicular pain.[19] Spondylolisthesis may present

in different forms; among these, the most clinically relevant are degenerative spondylolisthesis and

isthmic spondylolisthesis.

• Degenerative spondylolisthesis: is an acquired condition that develops as a consequence

of wear-related processes affecting the structures of the vertebral column, particularly the

intervertebral disc, the posterior facet joints, and the spinal ligaments, in the absence of bony

defects of the vertebral arch. It typically occurs in individuals over 50 years of age, with a

higher prevalence in females, and most commonly involves the L4–L5 level. Degeneration of

the intervertebral disc leads to a reduction in disc height and a decrease in segmental stability.

Concurrently, facet joint osteoarthritis and ligamentous laxity promote the progressive forward
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slippage of the vertebra. This condition is frequently associated with spinal canal stenosis, which

is responsible for the development of neurogenic claudication.

• Isthmic spondylolisthesis: is caused by a defect of the pars interarticularis, a small bony

portion located in the posterior part of the vertebra that connects the posterior articulations and

contributes to segmental stability. This defect is generally the result of repeated stress fractures

that fail to heal completely over time. When the pars interarticularis is damaged bilaterally, the

“constraint” preventing anterior vertebral slippage is lost, thereby favoring the development of

spondylolisthesis. This condition is referred to as spondylolysis and is frequently associated with

the isthmic form. Isthmic spondylolisthesis is more common in younger individuals and athletes,

particularly those engaged in activities that repeatedly load the lumbar spine in extension and

rotation. The level most frequently involved is L5–S1. The condition may remain asymptomatic

for long periods; however, in some cases it can cause mechanical low back pain and radicular

symptoms due to foraminal stenosis. [20]

The most widely used radiographic classification is the Meyerding classification, which divides

spondylolisthesis into five grades based on the percentage of slippage of the vertebral body:

• Grade I: 0–25%

• Grade II: 26–50%

• Grade III: 51–75%

• Grade IV: 76–100%

• Grade V: >100%

In clinical practice, the majority of degenerative spondylolisthesis cases fall within Grades I and II

and are generally managed conservatively, with interbody fusion reserved for selected or severe cases

(Figure 1.12)
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Figure 1.12: Meyerding’s classification of spondylolisthesis based on the percentage of vertebral
slippage [20]

The clinical presentation of spondylolisthesis is variable and depends on the degree of vertebral

slippage, the stability of the vertebral segment, and the presence of compression of neural structures.

Symptoms generally include mechanical low back pain, radicular pain radiating to the lower limbs,

neurogenic claudication, and, in more advanced cases, sensory or motor neurological deficits. It is

important to emphasize that there is not always a direct correlation between the degree of slippage and

the severity of symptoms, particularly in degenerative spondylolisthesis. [19]

1.4 Care for spinal conditions

Spinal disorders can significantly affect quality of life, mobility, and daily functioning. Effective

management requires a comprehensive and individualized approach, based on an accurate diagnosis

and a clear understanding of the patient’s clinical condition. Below are outlined the main therapeutic

strategies used to treat this spinal pathologies, aimed at reducing pain, restoring function, and preventing

recurrence.

1.4.1 Conservative treatment

In the treatment of these conditions, a conservative approach is initially adopted, and only in cases

of failure is surgical decompression and/or interbody fusion considered. This strategy reflects the

progressive nature of certain pathologies and the need to balance clinical benefit with the invasiveness

of treatment. Considering the simple case of spinal stenosis, in the early stages or in mild to
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moderate clinical presentations, treatment is predominantly conservative and includes physiotherapy,

pharmacological therapy, and, in some cases, epidural injections. Physiotherapy primarily aims to

improve posture, strengthen trunk musculature, and promote greater tolerance to lumbar flexion,

a position in which symptoms typically improve. Pharmacological treatment is mainly based on

analgesics and anti-inflammatory drugs, sometimes combined with muscle relaxants or opioids in more

severe cases, while epidural corticosteroid injections are used with the goal of reducing inflammation

and radicular pain. Although these strategies may lead to symptomatic improvement, such benefits are

often temporary and are not accompanied by a true modification of the anatomical and biomechanical

conditions responsible for stenosis. Clinical data show that a significant proportion of patients, despite

prolonged conservative treatment, continue to experience neurogenic claudication, reduced walking

capacity, and a substantial impact on quality of life, thereby defining failure of non-surgical therapy.

It is precisely the failure of conservative management, associated with persistence or progression of

symptoms, that leads to a predominantly surgical choice, namely decompressive surgery. [21]

1.4.2 Lumbar decompression

Lumbar decompression aims primarily to reduce compression of neural structures, particularly the

nerve roots and the cauda equina, which are responsible for the clinical symptoms. From a surgical

standpoint, this objective can be pursued through two main strategies: direct decompression and

indirect decompression.

1. Direct decompression involves the anatomical removal of structures responsible for neural com-

pression, such as portions of the vertebral lamina, hypertrophic ligamentum flavum, osteophytes,

and, in some cases, part of the facet joints. The most commonly employed techniques include

traditional laminectomy, bilateral laminotomy, and bilateral decompression via a unilateral

approach. Although this strategy allows immediate and direct decompression of the vertebral

canal and intervertebral foramina, it inevitably alters the posterior spinal structures, with a

potential risk of iatrogenic instability that may necessitate additional stabilization through

arthrodesis (spinal fusion).

2. Indirect decompression, by contrast, does not rely on direct removal of compressive structures

but instead acts on the biomechanics of the vertebral segment, modifying its kinematics and

producing a secondary reduction in neural compression. In this context, clinical improvement is

achieved through changes in the dynamic conditions contributing to stenosis. An example of

indirect decompression is the use of interspinous process devices (IPDs), which are designed to

selectively limit lumbar spine extension and maintain the treated segment in a functionally more

flexed position. This mechanism leads to an increase in the dimensions of the vertebral canal

and intervertebral foramina, as well as a reduction in ligamentum flavum infolding, making it

particularly effective in cases of dynamic stenosis without structural instability. [22]
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Although the principle of lumbar decompression is primarily associated with the treatment of

degenerative lumbar spinal stenosis, it also finds application in other conditions characterized by

compression of neural structures. These include stenosis associated with low-grade degenerative

spondylolisthesis, stenosis of the lateral recesses and intervertebral foramina, degenerative disc disease

with a predominant neurological component, and recurrent or post-surgical stenosis in cases where

conservative treatment has proven ineffective. In all these clinical scenarios, the choice between direct

and indirect decompression must take into account the severity of compression, the dynamic component

of the pathology, and the stability of the vertebral segment [21, 22, 23]. IPDs are positioned posteriorly

between the spinous processes of adjacent vertebrae, most commonly at the L3–L4 and L4–L5

levels, which are frequently involved in degenerative processes. Placement is generally performed

as anteriorly as possible within the interspinous space in order to maximize the effect of indirect

decompression. Depending on the type of device and the surgical technique adopted, the interspinous

and/or supraspinous ligaments may be preserved or partially sectioned, with potential biomechanical

implications [24]. From a procedural standpoint, the intervention is generally performed with the

patient in the prone position, under general or spinal anesthesia; in some cases, local anesthesia with

sedation may also be adopted. After fluoroscopic identification of the vertebral level to be treated, a

posterior approach is performed, and with the use of modern devices and minimally invasive surgical

(MIS) techniques, the skin incision and soft tissue dissection can be minimized, with the aim of reducing

trauma to the posterior structures [25]. A particularly critical aspect of the procedure is achieving

functional restoration of the foraminal space, defined as distraction; it is during this phase that there is a

risk of overdistraction, a condition associated with an increased risk of fracture of the spinous processes.

The size of the implant is determined intraoperatively based on the patient’s anatomy and the elastic

response of the vertebral segment. The device is then inserted and stabilized, for example by means of

wings, cams, or expansion mechanisms, in order to reduce the risk of migration [24, 26]. Although IPDs

share a common biomechanical rationale, implantation techniques are not uniform but vary according

to device design, anchoring mechanisms, and the intended degree of invasiveness, encompassing

different surgical approaches. Compared with traditional direct decompression, implantation of an

IPD as a stand-alone indirect decompression procedure does not require laminectomy or extensive

facetectomy and does not involve fusion. This may result in reduced blood loss, shorter operative times,

and potentially shorter hospital stays, with often earlier functional recovery in appropriately selected

patients [21, 27]. In the postoperative period, management is generally conservative and individualized,

including analgesia and early mobilization; the use of a lumbar brace may be reserved for selected

cases. Radiographic follow-up is aimed at verifying correct device positioning and identifying possible

mechanical complications, such as migration or fracture of the spinous processes, whose clinical

relevance may vary depending on the overall condition and symptomatology. The most common

indications for IPD implantation include mild to moderate lumbar stenosis associated with neurogenic

claudication that improves with flexion. Conversely, severe osteoporosis, marked segmental instability,
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and spondylolisthesis beyond Grade I represent significant contraindications, as they increase the risk of

implant failure and mechanical complications [28]. Despite their theoretical advantages, several studies

and literature reviews have shown that reoperation rates and complications associated with interspinous

spacers may be non-negligible. These findings have contributed to sustaining an ongoing debate

regarding the role of IPDs compared with laminectomy, which continues to represent a reference

treatment for appropriately selected cases of symptomatic lumbar stenosis [27, 28]. Interspinous

spacers represent a surgical strategy primarily aimed at indirect decompression through modification

of vertebral segment kinematics, without pursuing fusion. As previously discussed, these devices

mainly act by limiting extension and redistributing loads at the posterior level, making them suitable

for selected cases of dynamic lumbar stenosis in the absence of significant structural instability. In this

context, the therapeutic goal is improvement of neural space through a functional mechanism rather

than through a direct structural intervention on the segment.When, however, segmental stability is

compromised or at risk, either due to pre-existing conditions or as a predictable consequence of more

extensive decompression, the sole modification of segmental kinematics may be insufficient to ensure

a durable clinical outcome. In such situations, reduction of neural compression must be accompanied

by restoration and maintenance of the mechanical stability of the vertebral segment. It is within this

context that interbody fusion procedures using cages are employed, designed to provide structural

support and promote arthrodesis of the treated segment.

1.4.3 Lumbar Interbody Fusion

Lumbar interbody fusion (LIF) is an established treatment for a range of spinal disorders, including

degenerative diseases, trauma, infections, and neoplasms. LIF is a fundamental and well-established

procedure for the treatment of spinal pathologies, providing stabilization and symptom relief. Despite

the high success rate of the surgical procedure, complications such as pseudarthrosis and implant

failure may occur and may require revision surgery. Several surgical techniques have been developed

for LIF, although there is insufficient evidence to recommend a standard fusion method. LIF involves

the placement of an implant (cage, spacer, or structural graft) within the intervertebral space following

discectomy and preparation of the endplates. Currently, there are five different LIF approaches that

vary according to the access region in the abdominal area: posterior lumbar interbody fusion (PLIF),

transforaminal lumbar interbody fusion (TLIF), oblique/anterior-to-psoas lumbar interbody fusion

(OLIF/ATP), anterior lumbar interbody fusion (ALIF), and lateral lumbar interbody fusion (LLIF) [29].

The development of new techniques aims to reduce operative time and achieve faster recovery with

fewer intraoperative complications. Below, an image is presented showing the access pathways for

each technique, followed by explanations of each LIF approach. (Figure 1.13)
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Figure 1.13: (A) Surgical approaches to the lumbar spine for interbody fusion techniques. (B) surgical
approaches to the lumbar spine for interbody fusion techniques: anatomy of the psoas and anterior
vasculature determines approach at various levels [29]

1. PLIF: represents one of the earliest techniques developed within the field of LIF and was first

described in the 1950s by Cloward as a posterior approach to the disc space through laminectomy

[30]. Even today, PLIF represents a traditional approach that is widely known among spine

surgeons, capable of combining decompression of neural structures with stabilization of the

lumbar spine through a single posterior incision. The procedure is performed under general

anesthesia with the patient positioned in the prone position on a suitable operating table, such as

a Jackson table, or in the knee–chest position, in order to facilitate maintenance or restoration of

lumbar lordosis. A fundamental aspect of patient positioning is the elimination of abdominal

pressure, which allows decompression of the epidural venous plexus and contributes to reducing

intraoperative bleeding. This measure is considered essential to improve visualization of the

surgical field and to reduce hemorrhagic complications. The classic PLIF procedure involves an

open midline approach, with subperiosteal exposure of the posterior structures of the vertebral

column: the spinous process, laminae, facet joints, and transverse processes of the involved

segments. At this stage, pedicle screws may be inserted either before or after decompression;

if placed beforehand, they can be used to achieve controlled distraction of the intervertebral

space during subsequent phases of the procedure. Generally, a wide laminectomy is performed,

involving resection of the caudal two-thirds of the lamina of the rostral vertebra, while preserving

the superior edge in order to maintain the integrity of the posterior ligamentous complex of

the adjacent segment [31, 32]. It involves bone resection up to partial or complete excision

of the facet joints in order to achieve adequate neural decompression and access to the disc

space. After removal of the ligamentum flavum, the dural sac and nerve roots are bilaterally
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retracted medially, allowing access to the interbody space; this phase is particularly delicate due

to the risk of neurological injury and postoperative fibrosis associated with prolonged neural

retraction. Once the disc space is reached, annulotomy, discectomy, and preparation of the

endplates are performed, preserving the subchondral bone. Subsequently, one or two interbody

cages or bone grafts are inserted; to reduce the risk of anterior injury, it is recommended to

limit the depth of instrument insertion to approximately 30 mm [32]. From a clinical standpoint,

PLIF allows bilateral and circumferential decompression of the spinal canal, provides wide

visualization of neural structures, and enables compression fusion, promoting stability and bone

consolidation [30]. However, extensive muscle dissection and retraction of neural structures

result in high invasiveness, with an increased risk of blood loss, neurological complications, and

adjacent segment degeneration (ASD), which is why PLIF is currently reserved for selected

cases. [31, 30]

2. TLIF: is a posterior surgical approach used for the treatment of degenerative lumbar spine

disorders refractory to conservative therapy. It was introduced as an alternative to PLIF in order

to reduce retraction of neural structures, which is responsible for radicular injuries, dural tears,

and epidural fibrosis. The principle of TLIF consists of accessing the disc space through a more

lateral trajectory, by opening the foramen on one side only, thereby limiting manipulation of the

dural sac and nerve roots while still allowing effective interbody fusion. After general anesthesia,

the patient is positioned prone. TLIF can be performed using an open technique or a minimally

invasive technique (MIS/mini-open), which employs smaller incisions and reduces soft tissue

trauma, promoting faster postoperative recovery. In traditional open TLIF, access is achieved

through a posterior midline incision with exposure of the posterior structures. Decompression is

generally unilateral, with resection of the facet joint on the working side to create a transforaminal

window that allows access to the disc space without significant bilateral retraction of the dural

sac, while preserving the contralateral structures [29, 32]. In MIS-TLIF, access is obtained

through a paraspinal approach according to Wiltse, exploiting the cleavage plane between the

multifidus and longissimus muscles. Through tubular retractors, the transforaminal corridor is

reached up to Kambin’s triangle, which represents the safe anatomical pathway for accessing the

disc space and performing interbody fusion (Figure 1.14).
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Figure 1.14: Kambin triangle [32]

The nerve root is protected and retracted medially as needed; discectomy and preparation of the

vertebral bodies are performed, followed by implant selection and placement of an interbody

cage filled with autologous or allogeneic bone graft. Stabilization with pedicle screws and rods

completes the construct, allowing a “360°” fusion through a single posterior approach [32]. The

main advantages of TLIF over PLIF derive from the more lateral trajectory and unilateral access,

which reduce retraction of neural structures and dural exposure, with a potentially lower risk of

durotomy and greater safety even at upper lumbar levels. Preservation of posterior structures

may contribute to maintaining biomechanical stability, with outcomes comparable to PLIF;

the lateral access is also advantageous in revision surgery to avoid midline scar tissue. When

performed using a MIS technique, TLIF is associated with reduced blood loss, less muscle

damage, and faster recovery [18, 29]. Disadvantages include, particularly in open TLIF, the

risk of paraspinal muscle injury related to prolonged retraction and, due to unilateral access,

the possibility of incomplete discectomy. MIS-TLIF also involves a learning curve, and the

ability to correct deformity and restore lordosis may be inferior compared with other approaches,

particularly anterior ones [32]. The indications and contraindications for TLIF largely overlap

with those of PLIF and include degenerative disc disease, segmental instability, spondylolisthesis,

degenerative scoliosis, pseudarthrosis, and recurrent disc herniation. Contraindications include

extensive epidural scarring, arachnoiditis, active infection, severe osteoporosis, and nerve root

anomalies, which are considered risk factors for iatrogenic injury. [18, 29]

3. ALIF: is a well-established surgical technique for the treatment of discogenic low back pain and
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degenerative disc disease, allowing achievement of stable interbody fusion, restoration of disc

height, and improvement of lumbar sagittal alignment. The procedure is based on an anterior

approach, generally retroperitoneal, which allows direct visualization of the disc space and wide

exposure of the vertebral bodies, facilitating complete discectomy, accurate preparation of the

vertebral endplates, and insertion of large interbody cages. The patient is positioned supine, and

incisions vary depending on the treated level, with the Pfannenstiel approach frequently used at

L5–S1 [29, 32]. From an anatomical standpoint, ALIF is particularly indicated at the L4–L5 and

especially L5–S1 levels, whereas application at higher levels is more limited due to the greater

complexity of exposure and the potential vascular risk. (Figure 1.15)

Figure 1.15: On the left, CT angiography of vascular relationships and on the right, anterior exposure
L5–S1 with common iliac veins [32]

After anterior annulotomy, the disc is removed and the vertebral endplates are prepared, avoiding

violation of the posterior annulus; an interbody cage filled with autologous or allogeneic bone

graft is then placed. The main indications include degenerative disc disease, discogenic pain,

failure of previous posterior fusions, and correction of sagittal deformities. The use of lordotic

cages allows effective restoration of lumbar lordosis and foraminal height, with benefits for

sagittal balance [29, 32]. Advantages of ALIF include preservation of posterior structures

and the psoas muscles, reduced surgical trauma, and a large interbody contact surface, which

is associated with favorable fusion rates and biomechanical advantages compared with other

approaches. Disadvantages are related to the anterior approach and include vascular and visceral

complications, deep vein thrombosis, ureteral injury, and retrograde ejaculation in male patients

due to injury to the hypogastric plexus; transient symptoms of sympathectomy may also occur.

Contraindications include previous abdominal surgery with significant adhesions, severe vascular

disease, morbid obesity, prior radiotherapy, active spinal infection, a solitary kidney on the side of

access, and high-grade degenerative spondylolisthesis without associated posterior stabilization;

isthmic spondylolisthesis at L5–S1 represents a relative contraindication [29, 32].
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4. LLIF: also known as Extreme Lateral Interbody Fusion (XLIF), is a minimally invasive lumbar

interbody fusion technique first described by Ozgur et al. in 2006. It uses a lateral retroperitoneal

transpsoas approach to reach the disc space and represents an effective alternative to anterior

and posterior (PLIF/TLIF) approaches, allowing segmental stabilization, restoration of disc

height, and improvement of sagittal alignment with reduced surgical morbidity [30, 32, 33]. The

lateral approach is anatomically limited superiorly by the eleventh or twelfth rib and inferiorly

by the iliac crest, making LLIF typically applicable to levels between L1–L2 and L4–L5. The

L5–S1 level represents a constant anatomical contraindication due to interposition of the iliac

wing, proximity of the iliac vessels, and the anterior course of the lumbar plexus, which increase

neurological and vascular risk [30, 32]. The patient is positioned in the lateral decubitus position

on a radiolucent operating table; flexion of the hip and knee reduces tension on the psoas muscle.

After correct positioning and fluoroscopic confirmation, access is achieved through a small

lateral incision, followed by blunt dissection of the abdominal wall, anterior mobilization of the

peritoneal sac, and transpsoas progression. During this phase, intraoperative neuromonitoring is

essential to identify a safe corridor and avoid injury to the lumbar plexus, which tends to migrate

anteriorly at the lower lumbar levels. Once the disc space is reached, annulotomy, complete

discectomy, and careful preparation of the vertebral endplates are performed, preserving their

structural integrity. A large interbody cage, often lordotic and filled with osteobiologic material,

is then inserted. Restoration of disc height allows indirect decompression of the spinal canal and

foramina, reducing radicular compression without the need for direct decompression. Depending

on segmental stability, LLIF may be performed as a stand-alone procedure or combined with

supplemental posterior stabilization [30, 33]. (Figure 1.16)

Figure 1.16: Cage positioning [29]
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The main indications include degenerative disc disease, low- to mid-grade spondylolisthesis,

adult degenerative scoliosis, and adjacent segment disease. LLIF is particularly advantageous

in revision surgery, as it avoids dissection of posterior scar tissue and reduces the risk of

dural complications. The use of large cages also allows effective correction of coronal and

sagittal plane deformities [34]. The advantages of LLIF include a minimally invasive approach

with small incisions, minimal intraoperative blood loss, preservation of posterior musculature

and longitudinal ligaments, absence of direct manipulation of abdominal viscera and major

vessels, reduced hospital stay, and fusion rates comparable to anterior and posterior approaches

[30]. The main complications are related to traversing the psoas muscle and include transient

neurological deficits, such as thigh pain or paresthesia and hip flexion weakness, which are

generally reversible within 6–12 months. Additional risks include vascular or visceral injury

and incisional hernia. LLIF is contraindicated in cases of severe central stenosis, bony lateral

recess stenosis, high-grade spondylolisthesis requiring direct decompression, active infection,

prior retroperitoneal surgery, or a history of radiotherapy [32, 33, 34].

5. OLIF: also known as the anterior-to-psoas or prepsoas approach, represents a lumbar interbody

fusion technique developed to overcome some of the main limitations and complications

associated with LLIF. OLIF allows access to the disc space through an oblique retroperitoneal

corridor located between the psoas muscle and the major abdominal vessels, avoiding direct

dissection or traversal of the psoas and thereby reducing the risk of lumbar plexus injury.(Figure

1.17)

Figure 1.17: OLIF access to the lumbar spine [29]

29



As can be seen from the image, the patient is positioned in the lateral decubitus position,

generally with a left-sided approach, since the anatomical corridor between the psoas and the

inferior vena cava on the right side is narrower and potentially more risky. The skin incision

is performed laterally or paramedially, centered on the anterior margin of the affected disc,

under fluoroscopic guidance. After blunt dissection of the abdominal wall and access to the

retroperitoneal space, the peritoneum is retracted anteriorly and the psoas slightly posteriorly,

creating the oblique working corridor. Since the lumbar plexus runs within the psoas muscle,

OLIF does not routinely require intraoperative neuromonitoring. Discectomy is then performed

using an orthogonal maneuver to reduce the risk of injury to the contralateral nerve root, followed

by insertion of a large interbody cage. Depending on the treated pathology, the procedure

may be completed with percutaneous or open posterior stabilization. OLIF is indicated for

the treatment of degenerative lumbar spine disorders, including degenerative disc disease,

low-grade spondylolisthesis, pseudarthrosis, discitis, and sagittal and coronal deformities, such

as degenerative scoliosis with lateral listhesis. A relevant advantage over LLIF is the possibility

of treating the L5–S1 level, which is generally not accessible with the transpsoas lateral approach.

OLIF is also useful in revision surgery. Conversely, the technique is not indicated when direct

decompression of the spinal canal is required, in the presence of severe central stenosis or

high-grade spondylolisthesis, nor in patients with prior retroperitoneal surgery, radiotherapy, or

local infections. From the standpoint of advantages, OLIF allows minimally invasive surgery with

reduced blood loss, short operative times, and rapid postoperative mobilization. The possibility

of extensive disc space preparation and insertion of large cages promotes high primary stability,

effective indirect foraminal decompression, and high fusion rates, generally exceeding 80%.

Moreover, compared with LLIF, OLIF is associated with a significant reduction in the incidence

of anterior thigh pain, hip flexor weakness, and lumbar plexus injury. The oblique visual

field provides the surgeon with more favorable visualization of the epidural space and anterior

structures, facilitating possible removal of ventral osteophytes or disc herniations. However,

OLIF is not free from disadvantages and complications. Proximity to the major abdominal

vessels entails an increased risk of vascular injury compared with LLIF. Additional reported

complications include vertebral endplate fractures, cage subsidence, transient neurological

deficits, postoperative pain, and, more rarely, infection or the need for reoperation. Clinical

studies have reported a relatively high overall incidence of complications, but with a low

percentage of permanent damage. [29, 30, 32, 33]

Therefore, the decision to transition from conservative treatment to more invasive interventions, with or

without implantation, depends on the severity of the pathology, the degree of instability, the response

to decompression, and the long-term biomechanical objectives.
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1.5 Intervertebral stabilization devicess

Intervertebral stabilization devices are implants used to restore alignment, stability, and function of the

treated vertebral segment, promoting disc space maintenance and postoperative motion control.

1.5.1 Interspinous spacer devices

IPDs constitute a class of implants developed for the treatment of certain forms of degenerative lumbar

pathology, particularly in cases of spinal canal stenosis associated with neurogenic claudication. The

introduction of these devices addresses the need for a minimally invasive option as an alternative to

traditional direct decompression, especially in selected patients in whom the invasiveness of more

extensive procedures may entail an increased perioperative risk. However, the use of IPDs remains a

subject of debate, as clinical outcomes and rates of failure and reoperation show considerable variability

among studies, devices, and patient selection criteria. From a biomechanical standpoint, implantation

of an interspinous spacer is based on the principle of selective limitation of extension of the treated

vertebral segment. In degenerative lumbar stenosis, symptoms tend to worsen during extension and

improve during flexion, in relation to the dynamic reduction of the diameter of the vertebral canal

and the intervertebral foramina during extension. Insertion of the device into the interspinous space

maintains the segment in a condition of relative flexion, counteracting terminal extension responsible

for stenotic worsening; this results in an indirect increase in neural space, with enlargement of the

vertebral canal and/or foramina and a consequent reduction in compression on neural structures,

without the need for bone removal [27]. The literature describes increases in the dimensions of the

vertebral canal and intervertebral foramina under dynamic conditions, particularly during extension;

the magnitude of these changes depends on the study model, the type of implanted device, and patient

anatomy. These findings derive mainly from biomechanical studies and dynamic imaging investigations

[22, 35]. An additional biomechanical effect attributed to IPDs is a reduction in intradiscal pressure,

particularly at the posterior compartment of the intervertebral disc, with a possible decrease in load on

the facet joints during extension. Nevertheless, the direct clinical relevance of this mechanism is not

unequivocal, and the correlation between the biomechanical modifications induced by the device and

improvement in symptomatic outcomes should be interpreted with caution [22]. Interspinous spacers

do not constitute a homogeneous group of devices but can be subdivided into different categories based

on their biomechanical behavior and clinical objectives. A first fundamental distinction is between

static spacers and dynamic spacers. This distinction represents a useful functional simplification

from a didactic and clinical standpoint; however, some devices exhibit intermediate biomechanical

characteristics, positioning themselves between rigid motion limitation and dynamic stabilization,

depending on design, material, and anchoring mechanism.

1. Static devices maintain a fixed distance between the spinous processes and rigidly limit extension

of the treated segment. They provide indirect decompression of the vertebral canal and the neural
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foramina and include devices such as X-Stop, BacJac, and Ellipse.

• X-Stop is one of the earliest and most extensively studied interspinous spacers and was the

first device of this category to receive FDA approval. It consists of a centrally oval-shaped

body, initially made of titanium and later coated with PEEK, equipped with two lateral

wings that prevent anterior or lateral migration of the device. From a functional standpoint,

it maintains a constant distance between the spinous processes and rigidly limits extension

of the treated segment. Its primary objective is indirect decompression of the vertebral

canal and neural foramina in patients with lumbar stenosis and neurogenic claudication. A

distinctive feature of X-Stop is preservation of the supraspinous ligament, which contributes

to posterior stability and reduces the risk of posterior implant migration.

• BacJac is a static PEEK spacer designed for minimally invasive unilateral implantation.It is

a self-expanding device that anchors to the spinous processes with a broad contact surface,

reducing the risk of bony subsidence.Its primary purpose is indirect decompression through

limitation of extension, while maintaining a certain degree of physiological mobility. It is

mainly indicated in patients with radiculopathy or neurogenic claudication secondary to

degenerative lumbar conditions.

• Ellipse is an interspinous device composed of two elliptical components made of titanium

and PAEK that assemble around the spinous processes. It is designed to “embrace” the

bone, evenly distributing loads and respecting the elastic modulus of osseous tissue. It is

implanted via a minimally invasive unilateral approach and is primarily indicated for mild

to moderate lumbar stenosis. Its configuration reduces the risk of migration and of stress

concentration on the spinous processes.

2. Dynamic spacers, allow controlled micromovements while limiting extension and perform a

function of mechanical stress absorption. Devices belonging to this category include Coflex,

DIAM, Wallis, and Viking. They are used in lumbar stenosis, in some forms of degenerative

disc disease, and as a strategy for preventing adjacent segment degeneration.

• Coflex, is a titanium device characterized by a “U”-shaped design with two lateral wings

that anchor to the superior and inferior spinous processes. It allows a certain degree of

controlled motion compared with X-Stop and Coflex. It is a dynamic device designed

to allow flexion while maintaining selective restriction of extension and, in part, rotation.

Coflex is often used as an adjunct to surgical decompression rather than as a stand-alone

spacer. A relevant aspect is that the interspinous ligament is generally removed during

implantation, making the device more “active” from a biomechanical standpoint and more

dependent on proper bony fixation.

• DIAM (Device for Intervertebral Assisted Motion) represents a different concept compared
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with rigid spacers. It consists of an elastomeric silicone core covered by a polyester

sheath, associated with fixation bands that anchor it to the spinous processes. DIAM is

a typical dynamic load-absorbing device, designed to function as a shock absorber. Its

role is not only to limit extension but also to redistribute forces between the anterior and

posterior compartments of the spine. It has been used across a wide spectrum of conditions,

from lumbar stenosis to degenerative disc disease, and even for prevention of so-called

topping-off after spinal fusion.

• Wallis is one of the earliest modern interspinous stabilization systems and consists of

a central PEEK spacer associated with two Dacron bands that limit both extension and

excessive flexion. Unlike other devices, Wallis is not limited to simple interspinous

distraction but aims at global dynamic stabilization of the segment. The fixation bands

increase the contact surface and reduce stress concentration on the spinous processes.

Wallis was initially used in cases of recurrent disc herniation and was later extended to the

treatment of lumbar stenosis and degenerative low back pain.

• Viking is a next-generation dynamic device made of PAEK, a polymer with elastic

properties similar to cortical bone. Its anatomical design includes concave ends that adapt

to the morphology of the spinous processes and a deformable elastic core. The distinctive

feature of Viking is its ability to allow compression, lateral bending, and physiological

loading movements while maintaining a protective function for the treated segment. It has

been proposed mainly for minor lumbar instability and to reduce the risk of recurrence

after microdiscectomy.

In the end there are interspinous fusion devices, are sometimes improperly included within the

categories described above; however, from a biomechanical and conceptual standpoint, they cannot

be considered true interspinous spacers, as they serve substantially different purposes. Their primary

objective is mechanical stabilization of the vertebral segment, achieved through intentional reduction

of motion. These devices are designed to promote osteointegration, allow placement of bone graft, and

achieve interspinous arthrodesis. In contrast, interspinous spacers do not pursue fusion and are often

specifically intended to avoid it; for this reason, they are contraindicated in the presence of marked

instability. Consequently, in fusion devices, any decompressive effect is secondary or indirect. It

can therefore be concluded that if the primary aim is not to increase neural space, the device cannot

be defined as an interspinous spacer. Devices belonging to this category include Aspen, BacFuse,

Stabilink, and BridgePoint. [28]

1.5.2 Cage

Interbody cages were developed as structural support devices aimed at stabilizing the vertebral

segment and promoting interbody fusion [1,2]. Any indirect decompression achieved through their
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use represents a secondary biomechanical effect, mainly resulting from restoration of disc height,

foraminal distraction, and improvement of sagittal alignment, rather than the primary objective of

implantation [36]. This conceptual distinction is fundamental for understanding the different clinical

indications and the specific role that interbody cages play within the surgical strategy compared with

other indirect decompression devices. Interbody cages do not constitute a homogeneous category

either, but rather include implants with different geometric and biomechanical characteristics. A first

functional classification (used in clinical and educational settings) distinguishes cages based on their

implant behavior, regardless of the surgical approach used [37], into static and expandable.

1. Static cages: have predetermined dimensions and geometry and are implanted with a fixed height.

Primary stability relies mainly on mechanical interference with the vertebral endplates and, in

most cases, on the support of supplemental posterior instrumentation. From a biomechanical

standpoint, the effectiveness of these devices depends significantly on:

• accurate preparation of the vertebral endplates;

• correct dimensional selection;

• quality of the subchondral bone.

The contribution of static cages to indirect decompression is limited and is mainly achieved

through restoration of disc height and the consequent distraction of the intervertebral foramina,

without this effect representing the primary objective of the implant [38].

2. Expandable cages: are designed to be inserted with a reduced initial profile and subsequently

expanded in situ until the desired height is achieved. This feature allows reduction of trauma

to discal structures and endplates during insertion and enables more controlled modulation of

disc height restoration and, in some models, of segmental lordosis [37]. Several studies have

shown that expandable cages allow a greater initial increase in disc height compared with static

cages, with more evident differences in the early postoperative period, although these advantages

may diminish during mid- to long-term follow-up [38, 39]. From a biomechanical standpoint,

the expansion mechanism may lead to increased stresses on the vertebral endplates, making an

appropriate balance between the final achieved height and the contact surface essential in order

to limit the risk of subsidence [39]. Narrative reviews available in the literature further highlight

that the radiographic advantages associated with expandable cages do not always translate

into significant long-term clinical benefits, underscoring the need for prospective studies with

prolonged follow-up to more precisely define their clinical role [37].

A further relevant distinction concerns the sagittal geometry of the cage: Neutral cages have a uniform

height and primarily serve a structural support function, and Lordotic cages are designed to actively

contribute to the restoration or maintenance of segmental lordosis. This feature significantly influences
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load distribution between the anterior and posterior compartments and may affect the overall sagittal

balance of the spine, particularly in multisegmental treatments [40]. Regardless of the type of cage

used, a transversal biomechanical parameter of fundamental importance is represented by the footprint,

defined as the contact area between the cage and the vertebral endplates. A large footprint allows a

more uniform distribution of axial load, reducing stress concentrations at the level of the subchondral

bone, with a consequent decrease in the risk of subsidence and improvement in the primary stability

of the implant [41]. The footprint should not, however, be interpreted exclusively as a geometric

parameter, but rather as a key element in modulating the overall load-sharing of the interbody fusion

construct. In vitro biomechanical studies have demonstrated that, in lumbar fusion systems, the axial

load applied to the segment is not transmitted solely through the cage, but is distributed among multiple

components, including the vertebral endplate, residual disc, facet joints, and posterior instrumentation

[42, 43]. In particular, Calek et al. highlighted that the interbody cage bears a significant portion of

the axial load, especially in the presence of posterior instrumentation that generates intraoperative

preload on the construct. However, the ability of the cage to support load is strongly dependent

on its interaction with the vertebral endplates, suggesting that the extent of the bearing surface and

therefore the footprint plays a decisive role in force transmission across the segment [42]. A more

comprehensive analysis of the load-sharing phenomenon was provided by Khodaee et al., who directly

and simultaneously measured the loads acting on the cage, posterior rods, and residual anatomical

structures. The results of this study showed that anatomical structures contribute substantially to axial

load transmission, supporting more than 40% of the total applied load, while the cage contributes

approximately one third and the posterior instrumentation a smaller fraction. These data indicate that

interbody fusion does not result in replacement of physiological load by the implant, but rather in

redistribution of forces within a complex biomechanical system. In this context, the cage footprint

assumes a crucial role in maintaining a favorable biomechanical balance. An adequate contact surface

helps preserve endplate integrity and maintain a more physiological load distribution. Conversely, a

reduction in effective footprint, as may occur in cases of endplate compromise or early subsidence,

leads to redistribution of load toward posterior structures and residual bone, with a potential increase in

stresses on screws and rods and a higher risk of mechanical failure [43]. Supporting these experimental

findings, finite element modeling studies have further clarified the role of functional footprint and cage

position in stress distribution. In particular, an FEM study on the impact of cage position in stand-alone

LLIF demonstrated that central cage placement allows more uniform stress distribution on the endplate,

reducing stress concentrations on both the implant and posterior structures. In contrast, anterior or

posterior positioning results in increased localized stress on the endplate and the cage, with a potential

increase in the risk of subsidence and overload of adjacent structures [44]. (Figure 1.18)
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Figure 1.18: Different positions of cage: (a) anterior placement (AP), (b) middle placement(MP), (c)
posterior placement (PP), (d) oblique placement (OP) [44]

The footprint is therefore influenced not only by the size and shape of the cage, but also by

the surgical approach adopted and by the position of the implant relative to the vertebral endplates.

Techniques that allow insertion of cages with a large bearing surface, such as lateral approaches,

theoretically enable a more favorable load distribution compared with smaller cages. Furthermore,

materials and surface design play a relevant role in the local biological response: technologies with

controlled porosity and three-dimensional surfaces, such as 3D-printed titanium cages, appear to

promote bone ingrowth and secondary stability compared with traditional materials such as PEEK.

Taken together, these findings suggest that the biomechanical effectiveness of an interbody cage does

not depend exclusively on the material or elastic modulus, but rather on the combination of footprint,

endplate integrity, preservation of residual anatomical structures, and construct configuration. The

footprint therefore emerges as a central parameter not only in the prevention of subsidence, but also in

the regulation of load-sharing and the adaptive bone response during the early postoperative period,

prior to completion of the fusion process. [45]

1.5.3 Materials

The choice of materials in spinal devices has a decisive influence on the distribution of mechanical loads

on bone and, consequently, on bone remodeling processes as described by Wolff’s Law. According to

this principle, bone tissue structurally adapts to the mechanical stimuli it receives by modulating mass,

density, and internal architecture as a function of the magnitude, direction, and duration of the applied

load [46, 47]. From a biomechanical standpoint, a central parameter in the design of spinal devices

is the elastic modulus, which describes the stiffness of a material in response to an applied load. In

36



figure 1.19, you can see how the trabecular bone presents relatively low elastic modulus values, on

the order of approximately 0.1–2 GPa, whereas cortical bone shows higher values, generally ranging

between 12 and 20 GPa. Titanium alloys commonly used in interbody cages, such as Ti-6Al-4V, are

characterized by an elastic modulus markedly higher than that of bone, with typical values between

100 and 110 GPa, while materials such as CoCr alloys can reach even higher values, exceeding 200

GPa. In contrast, high-performance polymeric materials such as PEEK exhibit an elastic modulus

closer to that of cortical bone, with values typically around 3–4 GPa. [48]

Figure 1.19: Young’s modulus of common biomaterials [48]

This marked difference between the elastic modulus of metallic implants and that of bone

tissue can lead to the phenomenon of stress shielding, in which the device, being significantly

stiffer than bone, absorbs a greater portion of the mechanical load. Under normal conditions,

bone undergoes small deformations during functional loading, with strain values of approximately

0.04–0.3%. These deformations, although minimal, are essential for activating bone maintenance and

adaptation mechanisms. When the presence of a rigid implant further reduces these deformations, the

mechanical stimulus perceived by the bone decreases, promoting bone resorption phenomena over

time [46, 47, 48]. A more direct explanation of Wolff’s law is therefore that when bone is loaded

and deforms within a physiological range, bone tissue is strengthened and the implant remains stable;

conversely, when mechanical stimulation is reduced, bone undergoes resorption, increasing the risk of

implant failure. It is therefore essential to emphasize that bone does not respond directly to the implant

material itself, but to bone strain, namely the local deformation induced by loading. In interbody cages,
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stress shielding has been associated with clinically relevant phenomena such as implant subsidence,

delayed fusion, and impaired osteointegration. To limit these effects, the use of materials with an

elastic modulus closer to that of bone, such as PEEK, allows improved load sharing, that is, a more

physiological distribution of load between the implant and bone, promoting bone deformations that are

more compatible with adaptive remodeling mechanisms [48]. Despite its favorable elastic behavior,

PEEK has an intrinsically bioinert surface, which may limit cell adhesion and direct osteointegration.

To overcome these limitations, surface modification strategies have been developed, such as titanium

or hydroxyapatite coatings, which are able to improve bone–implant interaction and local load transfer

while maintaining an overall elastic modulus more compatible with bone tissue [49]. With regard to

IPDs, although the analyzed literature focuses mainly on interbody cages, the biomechanical principles

related to load modulation and adaptive bone response are also applicable to these devices.

1.5.4 Smartbone

SmartBone® (SB) is a bone substitute developed and manufactured by Biomedical Industries Insubri

S.A. (IBI-SA, Mezzovico, Switzerland), a company active in the research, development, and commer-

cialization of medical devices and technologies for tissue engineering. The device was introduced to

the international market in 2012 as a Class III medical device, following the attainment of CE marking.

SB is classified as a xenohybrid bone substitute. Initially, it was conceived for dental and maxillofacial

applications and was subsequently extended to the orthopedic field. The term xenohybrid refers to a

material derived from a natural bovine bone matrix, subjected to deproteinization and decellularization

processes aimed at removing cellular and immunogenic components. The matrix is then reinforced

through controlled functionalization with biodegradable polymers and collagen fragments [50, 51].

This design approach arises from the need to preserve the natural trabecular microstructure of bone

while simultaneously improving mechanical performance compared with traditional xenografts, which

are often characterized by intrinsic fragility and poor resistance to surgical handling and mechanical

stresses [50, 52]. SBis configured as a composite material designed to provide both temporary structural

and biological support, promoting bone regeneration and being progressively replaced by vital bone

tissue through normal remodeling processes [52]. The mineral matrix is composed predominantly of

hydroxyapatite with residual collagen, maintaining a chemical composition and micro-architecture

highly analogous to those of human bone. These characteristics confer to the material:

• high biomimicry,

• osteoconductive properties.

However, the bovine matrix alone is mechanically fragile; for this reason, SB is functionalized with

a biodegradable polymer coating based on a poly(L-lactide-co-ε-caprolactone) (PLCL) copolymer,

widely used in the biomedical field for its biocompatibility and bioresorbability [50, 53]. The polymer
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coating does not occlude porosity but locally reinforces the trabecular structure by following its

geometry, thereby improving: compressive strength, toughness and energy dissipation capacity. In

this way, the brittle behavior typical of ceramic materials is reduced [53]. Figure 1.20 shows SEM

images of the bovine bone matrix before and after polymer treatment, as well as the corresponding

EDS spectrum.

Figure 1.20: Images were obtained by SEM at the same magnification : A) bovine bone matrix; B)
SmartBone® graft; C) SmartBone® graft at a larger magnification; D) energy-dispersed spectrum
(EDS) [50]

In image C there are two different areas: the first one corresponds to the polymeric coating in which

only carbon and hydrogen appear in the spectrum (EDS). In the second area, we can see the bovine

bone; in fact, calcium and phosphorus are also shown in the spectrum because these elements are typical

of a mineral matrix. Polysaccharides and collagen fragments are also added to the formulation, which

increase the hydrophilicity of the material and improve its interaction with the blood and cell adhesion

in the initial post-implantation phases [50, 54]. Three-dimensional reconstruction by micro-computed

tomography (micro-CT) confirms that the porosity of SB is open, interconnected, and homogeneously

distributed throughout the entire graft volume, with an average porosity of approximately 27% and a

high surface-to-volume ratio (Figure 1.21) [50]. This architecture closely reproduces that of human

cancellous bone, representing the structural prerequisite for cell migration and vascular ingrowth.

[50, 55]
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Figure 1.21: A) 3D interpretation of a cubic sample of SB and B) its 2D representation with volumetric
data. [50]

These characteristics make SB an osteoconductive material, capable of guiding bone tissue growth

by providing a 3D scaffold on which the patient’s bone can regenerate in an orderly manner [55, 56].

Experimental studies have also shown that variations in composition, particularly in the type of gelatin

used, influence the osteogenic response and the rate of resorption, confirming the central role of

microstructure and surface properties in the biological behavior of the material [54]. An aspect of

particular clinical relevance is the high hydrophilicity and permeability to biological fluids. Thanks

to its open porosity and surface functionalization, the material is able to rapidly absorb the patient’s

blood, reaching an average blood swelling of approximately 38% by weight (w/w) in less than one hour

[51, 57]. Blood infiltration leads to the formation of an intraporous clot that initially stabilizes the graft

and conveys endogenous growth factors, promoting cell migration and neoangiogenesis [56, 57]. From

a structural standpoint, the functionalization process does not alter the open and interconnected porosity

of the original bovine bone matrix. Apparent density and trabecular architecture remain substantially

unchanged, ensuring continuity of the three-dimensional porous channels required for convective fluid

flow and guided blood vessel growth. Deposition of bioabsorbable polymers and collagen fragments

on the internal surfaces of the pores induces a transition from an initially hydrophobic behavior to

a markedly hydrophilic one. As shown by wettability tests in the figure 1.22, while in the untreated

material the water droplet remains stable over time, in SB the fluid progressively penetrates the porous

structure, indicating true capillary infiltration. [53]

Figure 1.22: Before and after treatment [53]
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The treatment refers to surface functionalization of the material through deposition of a mixture of

bioresorbable polymers (PLLA–PCL) and collagen/gelatin fragments, which diffusely coat the internal

and external surfaces of the porous structure. The high affinity for water is mainly attributable to the

presence of gelatin and collagen fragments, which are known for their ability to absorb and retain

biological fluids. Even in limited amounts, these components significantly modify the interaction

between the scaffold and blood, promoting blood retention and prolonging contact time with the

biological factors conveyed by plasma [53, 54]. From a biological standpoint, this combination of

structural and surface permeability makes SmartBone® rapidly accessible to blood immediately after

implantation, supporting: clot formation, fibrin deposition and cell migration. In this context, the

material is defined as angioconductive, as it guides vascular growth through its porous structure

without releasing or containing exogenous growth factors, instead facilitating the action of those

naturally present in blood [52, 56].

Biological behavior and osteointegration Histological studies show that:

• Mid-term (approximately 4 months): SmartBone® is colonized by bone cells and blood vessels,

with formation of new bone tissue in direct contact with the material, without interposition of

fibrous tissue. This confirms the good biocompatibility and osteoconductive effectiveness of the

graft.

• Long-term (up to approximately 2–2.5 years after implantation): the material is completely

resorbed and replaced by mature lamellar bone, with the presence of osteocytes within lacunae

and cement lines indicative of complete physiological bone remodeling [52, 56].

These outcomes have also been observed in complex clinical applications, such as acetabular recon-

structions, supported by finite element numerical analyses [58]. In the end, mechanical behavior

has been evaluated through uniaxial compression tests on specimens with geometry and dimensions

varying according to the study, generally cylinders of approximately 10 × 10 mm [53, 52, 58]. In the

figure 1.23are reported average values reported in the literature indicate:

• a maximum compressive stress on the order of 25–30 MPa;

• an elastic modulus between 1.2 and 1.3 GPa, which is comparable to that of human trabecular

bone.
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Figure 1.23: SmartBone® mechanical properties [58]

The same tests were conducted by the company Clover, using the same geometry but with a height

of 25 mm; the results showed a yield stress ranging between 10 and 40 MPa and a Young’s modulus in

the range of 900–1800 MPa. A further characteristic is the good workability of the material. Thanks to

the combination of the trabecular mineral matrix and the biodegradable polymer coating, the graft can

be easily shaped, trimmed, and adapted intraoperatively without compromising its structural integrity.

It is possible to obtain customized shapes and dimensions, making the material suitable for bone defects

of different geometries and allowing specific adaptation to the anatomical needs of the individual

patient. This feature improves surgical handling and contributes to the initial stability of the graft at

the implantation site (Figure 1.24). [53, 57]

Figure 1.24: SmartBone sizes available in the company [52]

The lumbar spine is predominantly subjected to axial compressive loads, which represent the

dominant component of the stresses acting on vertebral segments and on implanted devices. These

loads do not act exclusively on the anatomical structures but are partially transferred to the implantable

devices used in surgical treatment. Mechanical failure of these devices, in the form of deformation or

fracture, represents one of the main critical issues, as it can compromise the stability of the vertebral

segment and require surgical revision. The use of this materials makes a specific evaluation of

mechanical performance necessary, since the structural behavior of the material directly affects the

ability of the device to withstand the applied loads. In light of these considerations, it is essential to

determine the compressive loads that such devices can withstand before failure.
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Chapter 2

State of the art

Before discussing devices made of SB, it is first necessary to understand the procedures used to validate

such devices. To assess the suitability of an implantable medical device intended for clinical use, such

as an intervertebral fusion cage, it must undergo standardized mechanical testing to demonstrate its

safety and performance with respect to its intended use. These evaluations represent a fundamental

part of the device’s pre-clinical assessment phase. Within the European framework, the placing on

the market of medical devices is regulated by Regulation (EU) 2017/745 (Medical Device Regulation,

MDR), which establishes the general safety and performance requirements. Manufacturers are required

to demonstrate conformity with these requirements through appropriate technical documentation,

supported by experimental data and references to the state of the art. Unlike the United States system,

in which the Food and Drug Administration (FDA) formally recognizes specific standards, in Europe

the European Commission publishes a list of harmonized standards that, when applied, confer a

presumption of conformity with the MDR requirements. However, for certain categories of specialized

devices, such as spinal cages, there are no specific European harmonized standards that fully cover the

required mechanical testing. In this context, standards developed by ASTM International particularly

ASTM F2077 and ASTM F2267 although not harmonized at the European level, are widely recognized

by Notified Bodies as valid technical references and representative of the international state of the

art. Their use allows the mechanical behavior of the cage to be demonstrated in an objective and

reproducible manner under loading conditions representative of the physiological environment.

• ASTM F2077 is a reference standard for the mechanical characterization of interbody fusion

devices, aimed at evaluating their structural behavior under static and dynamic compressive

loads. The test is performed by placing the device between two loading plates, typically made of

metallic materials with stiffness significantly higher than that of the cage. The purpose of these

blocks/jigs is to ensure consistent boundary conditions and load transfer, preventing deformation

of the support itself that could otherwise affect the measurement of the cage response. ASTM

F2077 is designed to enable standardized comparison of the performance of intervertebral body

fusion devices. The tests include compression, shear, and torsion loading, providing a simplified



yet reproducible representation of the loading conditions experienced in vivo during functional

spinal activities. During testing, the fusion device is loaded between two support blocks that

may be made of polymeric materials for dynamic tests or metal for quasi-static tests. These

blocks are shaped to match the external contour of the vertebral body and are prepared in

advance to conform to the specific geometry of the cage, ensuring controlled load distribution

and reproducible contact conditions between the device and the loading surfaces. Accordingly,

this standard is used to characterize the intrinsic mechanical response of the device.

• ASTM F2267 is a standard test method designed to evaluate the subsidence tendency of an

interbody fusion device when subjected to static axial compression; more specifically, it is used

to analyze the interaction between the cage and a simulated vertebral endplate. The standard is

intended to measure the mechanical interaction between the cage and the support representing the

vertebral body, providing an indication of the device’s ability to distribute load without inducing

excessive penetration into the supporting bone tissue. The test method rigorously defines both the

support materials and the experimental procedures to be used for axial compression subsidence

testing. In particular, the fusion device is positioned between two blocks of simulated bone

material, typically standardized polymeric foams characterized by stiffness and strength lower

than those of the cage. This choice is intentional and aims to reproduce, in a simplified and

controlled manner, the behavior of the human vertebral body under compressive loading.

ASTM F2077 and ASTM F2267 define exclusively the test methods for the mechanical characterization

of interbody fusion devices and do not establish minimum acceptability thresholds in terms of stiffness,

yield load, or fatigue resistance. Specifically, these standards provide detailed guidance on the

experimental setup, loading conditions, and test termination criteria, while deliberately leaving the

interpretation of the results open, to be addressed within a comparative or regulatory framework.

2.1 ASTM F on cages

After providing a general introduction to the ASTM F2077 and ASTM F2267 standards, the sci-

entific literature highlights how these are commonly adopted in a complementary manner for the

biomechanical evaluation of interbody cages, and are now considered a well-established reference

within the state of the art. In particular, numerous experimental studies apply a testing protocol that

includes, prior to the application of progressive displacement, a preload of 500 N and a test speed of 6

mm/min. This procedure allows machine slack to be eliminated, ensures stable contact between the

loading blocks and the cages, and guarantees the repeatability and reliability of the experimental results.

Within this methodological framework, the analyzed study is positioned, as it adopts testing protocols

consistent with those reported in the literature to investigate the combined effect of constituent material

and structural design of lumbar interbody cages on their mechanical and biological performance.
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Specifically, the focus is placed on stiffness, subsidence, and osteointegration capacity, with the aim of

evaluating how different design solutions influence implant behavior under static and dynamic loads

representative of post-operative physiological conditions. The authors explicitly refer to the concept

of mechanical mismatch between the cage and the vertebral bone. In particular, they emphasize

how materials with a high elastic modulus, such as titanium alloys, may lead to excessive stiffness

relative to the vertebral endplate, promoting stress shielding phenomena, stress concentration, and an

increased risk of subsidence. Although the elastic modulus is neither directly measured nor quantified

in the study, it is used as a biomechanical reference concept to interpret the observed behavior of

the different cages. Three clinically available LLIF cages with comparable nominal geometry (12 ×

18 × 45 mm), but differing in material and architecture, were analyzed: a solid PEEK cage, a solid

titanium cage with a rough surface, and a porous titanium cage manufactured by 3D printing. The

porous design is intended to reduce the overall structural stiffness of the implant while preserving the

biological properties of titanium, thereby bringing the mechanical behavior of the cage closer to that of

trabecular bone. The structural stiffness of the cages was evaluated through static axial compression

testing according to ASTM F2077. In this test, each cage was compressed between two stainless

steel blocks at a rate of 2 mm/min, and stiffness was calculated as the slope of the elastic portion

of the force–displacement curve. With regard to subsidence resistance, this was initially assessed

using a static test according to ASTM F2267, employing rigid polyurethane blocks as a surrogate for

trabecular bone (Figure 2.1). The parameter derived from this test is block stiffness, which represents

the resistance of the cage–endplate system to indentation under static loading. Although the solid

titanium cage exhibited high block stiffness values, this parameter was not found to be predictive of

behavior under cyclic loading. For this reason, the study introduces a clinically relevant dynamic

subsidence test aimed at simulating the cumulative effect of repeated physiological loading during

the early post-operative phase. The cage–block construct was subjected to cyclic axial compression

at a frequency of 4 Hz for 216,000 cycles, with a maximum applied force of 1500 N. The choice of

the 1500 N load does not derive from direct measurements within the study, but is justified by the

authors based on literature data, stating that this value is consistent with in vivo loads on the order of

approximately 1400 N.
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Figure 2.1: Mechanical testing setups for (A) the static axial compression testing per ASTM F2077
standards and (B) the static subsidence testing per the ASTM F2267 standard and the clinically relevant
dynamic subsidence testing [59]

The results obtained according to the ASTM F2077 standard show that the solid titanium cage (Ti-s)

exhibits the highest stiffness (57.1 ± 0.6 kN/mm), followed by the porous titanium cage (Ti-p) (40.4 ±

0.3 kN/mm) and the solid PEEK cage (PEEK-s) (37.1 ± 1.2 kN/mm). These findings experimentally

demonstrate that design solutions associated with high–elastic modulus materials and solid structures

lead to greater overall structural stiffness, whereas the introduction of porosity allows a significant

reduction in stiffness while maintaining the same base material. In contrast, the results of the dynamic

test show that the Ti-p cage exhibits the lowest subsidence (0.195 ± 0.012 mm), followed by the

PEEK-s cage (0.328 ± 0.020 mm), while the Ti-s cage shows the greatest subsidence (0.538 ± 0.027

mm). Although all values are below the commonly accepted clinical threshold of 2 mm, the observed

differences are biomechanically significant and indicate that greater structural stiffness, typically

associated with high–elastic modulus materials, not only does not improve subsidence behavior but

may be detrimental under repeated physiological loading. Finally, biological evaluation using an

ovine model shows that only the Ti-p cage allows bone ingrowth within its porous structure, which is

associated with a marked increase in bone–implant interfacial strength over time. In contrast, the Ti-s

cage exhibits bone growth limited to the external surface of the implant, without penetration into its

structure. These results suggest that a porous design not only improves biomechanical compatibility

with vertebral bone, but also promotes more effective secondary stability [59]. Two additional studies

adopt an integrated approach to the design and biomechanical validation of lumbar interbody cages,

based on the combination of Weighted Topology Optimization (WTO), finite element analysis (FEM),

and mechanical testing in accordance with ASTM/ISO/FDA standards. The two studies differ mainly

in the type of cage analyzed PLIF and OLIF, respectively both manufactured in titanium with a porous

structure; however, they share a common objective, namely to optimize the material distribution of

46



the cage in relation to the real functional loads acting on the lumbar spine, in order to improve load

transmission, reduce stress concentrations, and ensure adequate structural strength of the device. WTO

is employed to simultaneously consider multiple loading conditions, each weighted according to the

frequency of spinal movements in daily life rather than their intensity. In both studies, the L2–L5

FEM model includes the application of an axial load of 150 N combined with pure moments of 10

Nm in flexion, 7.5 Nm in extension, 10 Nm in lateral bending, and 10 Nm in torsion. The weights

assigned to the different movements are 21.5% for flexion, 21.5% for extension, 33% for lateral

bending, and 24% for torsion, values derived from lumbar kinematic studies reported in the literature.

The structural optimization process leads, in both cases, to a non-uniform material distribution, with

reinforced peripheral regions in the most highly loaded areas and lighter and/or porous internal regions,

designed to reduce stress shielding and promote osteointegration. The optimized geometries are

subsequently verified through FEM simulations and experimentally validated by mechanical tests

conducted in accordance with ASTM F2077-14 and ISO/FDA standards, ensuring consistency between

numerical design and the actual mechanical behavior of the device. [60, 61] The study on the PLIF cage

introduces a distinctive element related to the real morphology of the vertebral endplates, an aspect

that is particularly critical in patients affected by osteoporosis. The main objective is to reduce the risk

of subsidence and stress concentration on the vertebral endplates, while simultaneously improving load

transmission and the mechanical stability of the device. To achieve this goal, the authors developed

a cage with anatomically curved superior and inferior surfaces (CS-type), derived from a statistical

analysis of real endplate morphology in osteoporotic patients, and featuring an internal lattice structure

(gyroid lattice) to promote osteointegration. The design process integrates Finite Element Analysis

(FEA) and Weighted Topology Optimization (WTO). From a methodological standpoint, the study

is structured around three main components: morphological analysis, numerical simulation, and in

vitro mechanical testing. FEM results show that the CS-type cage ensures a more uniform stress

distribution on the endplates compared with a cage with flat surfaces (P-type), significantly reducing

peaks of Von Mises stress. In particular, simulations indicate that the P-type cage generates localized

stresses that can exceed 10 MPa, a value close to or higher than the ultimate strength of osteoporotic

endplates, whereas the CS-type cage maintains lower and more evenly distributed stress levels due to

the larger contact surface. Experimental validation was carried out through static in vitro mechanical

tests according to the ASTM F2077-14 standard, using CS-type cages manufactured in Ti-6Al-4V by

metal additive manufacturing. The tests included axial compression, compression–shear, and torsion,

with a preload of 500 N applied in all configurations. The test speed was 6 mm/min for compression

and compression–shear, and 60°/min for torsion. Each test was stopped upon reaching fracture or

when the load or torque dropped below 20% of the maximum recorded value. The mechanical

results demonstrate that the CS-type cage largely exceeds the optional acceptance criteria of the

ISO 23089 standard. In axial compression, the yield load reached approximately 134,643 N with a

stiffness of 70,080 N/mm, compared with ISO requirements of 6,317 N and 5,914 N, respectively. In
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compression–shear, the yield load was 23,904 N with a stiffness of 19,841 N/mm, while in torsion

the yield moment reached 19.8 Nm. Safety factors were high under all loading conditions, although

torsion represented the most critical case with the lowest margin. The observed failure modes showed

localized fractures within the internal cage structure under compression–shear loading and signs of

surface wear under torsion, with no evident damage under pure compression. [60]. The study on the

OLIF cage, while sharing the same FEM and WTO framework, focuses instead on long term structural

durability. Static axial compression tests were performed by applying a preload of 500 N and a loading

rate of 6 mm/min, up to the machine limit of 150 kN, without observing any deformation or failure

of the cage. The measured mean axial stiffness was 16,658 ± 1,752 N/mm. In axial compression

fatigue tests conducted at 10 Hz, the endurance limit was identified at 6,000 N, a load level at which

the device successfully withstood more than 5 million cycles, exhibiting only localized microcracks at

the anterior and posterior edges. Similarly, in compression–shear tests, the cage reached the machine

limit of 24 kN under static conditions, with a stiffness of 19,643 N/mm. Dynamic compression–shear

fatigue tests identified a fatigue limit of 2.6 kN, again associated with survival beyond 5 million

cycles. The link between WTO and the ASTM fatigue results is particularly evident when considering

that the microcracks experimentally observed after fatigue testing were located in the same regions

where FEM predicted the highest stress concentrations, namely the anterior and posterior edges of the

cage. This experimental evidence confirms that the WTO approach correctly identified the structurally

critical regions, preserving them from global collapse even under millions of loading cycles. [61]

For a study published in Applied Sciences aimed at the design and biomechanical validation of

a PLIF cage, the objective is to reduce the subsidence typically observed in titanium cages while

simultaneously improving the bone fusion rate compared with PEEK cages. The proposed device

consists of a PEEK core, selected for its elastic modulus similar to that of cortical bone, combined with

a porous Ti6Al4V-ELI titanium cover manufactured by additive manufacturing, intended to promote

osteointegration at the vertebral endplates. The prototype was subjected to a comprehensive set of

mechanical tests according to relevant standards. These tests were performed at a loading rate of 25

mm/min for compression, shear, and subsidence, and at 60°/min for torsion, while fatigue tests were

conducted at 5 Hz up to 5,000,000 cycles. The results show that the composite cage exhibits stiffness

and yield load values lower than those of commercial titanium cages, but higher than or comparable

to those of PEEK cages, a behavior consistent with the goal of reducing implant stiffness to limit

subsidence. In subsidence tests, the composite cage demonstrates markedly better performance than

titanium cages and results similar to PEEK cages, confirming the effectiveness of the PEEK–porous

titanium combination. In compression fatigue tests, the prototype withstands 5 million cycles at a load

of 6 kN without evidence of failure, while localized collapse of the porous structure is observed only at

higher loads (8–12 kN). An additional level of validation is provided by a FEM of the L4–L5 lumbar

segment reconstructed from CT data. In the FEM, a physiological compressive preload of 400 N is

applied, combined with pure moments of 10 Nm in flexion, extension, and axial rotation, and 5 Nm in
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lateral bending. The comparison between porous and non-porous cages, based on Von Mises stress

values, highlights that the porous structure significantly reduces stress at the bone–implant interface,

leading to a lower probability of subsidence under all simulated loading conditions. The obtained

results were compared with reference values reported in the literature, according to which the static

compressive load of the human lumbar Functional Spinal Unit (FSU) is approximately 5–8 kN, while

the mechanical strength of vertebral trabecular bone is on the order of 2 kN [62]. An FSU consists of

two adjacent vertebrae, the intervertebral disc, facet joints, ligaments, and supporting structures. Finally,

another study is based on the analysis of aggregated data from 124 FDA 510(k) submissions between

2007 and 2016, comprising a total of 465 mechanical tests evaluating the mechanical performance of

FDA approved devices. The aim was to provide a quantitative reference useful both for the design

of new devices and for comparison among different implant types associated with ALIF, LLIF, PLIF,

and TLIF surgical approaches. The cages included in the study were predominantly made of PEEK,

accounting for approximately 89.4% of the analyzed devices, while the remaining portion consisted

of metallic devices. All implant categories (ALIF, LLIF, PLIF, and TLIF) included both PEEK and

metallic cages, with a clear predominance of PEEK in each group. Tests were performed on so called

worst case devices, i.e., configurations considered mechanically most unfavorable within each implant

family; therefore, the results do not represent the full dimensional range of marketed devices but

provide a conservative estimate of mechanical performance. The results show significant mechanical

differences among implant types. In particular, ALIF and LLIF devices exhibit significantly higher

stiffness and strength than PLIF and TLIF devices in static axial compression, compression–shear,

and torsion tests. Similarly, in dynamic axial compression tests, ALIF and LLIF reach markedly

higher loads than PLIF and TLIF. With regard to subsidence, values are highest for ALIF and LLIF,

intermediate for TLIF, and lowest for PLIF, highlighting a clear correlation between larger cage

footprint and improved resistance to penetration into the vertebral body. Visual analyses, supported

by load–displacement curves and comparative diagrams, indicate that subsidence tests do not lead to

structural failure of the device itself, but rather to plastic deformation of the supporting material. The

outcomes of the mechanical tests are discussed in relation to physiological loads acting on the lumbar

spine, as reported in the biomechanical literature. Studies based on intradiscal pressure measurements,

instrumented implants, and computational models indicate that during low-demand daily activities such

as standing, sitting, and walking, axial compressive forces on the lumbar spine generally range between

500 and 1000 N. During more demanding activities, particularly those combining trunk flexion and

load lifting, these forces can increase substantially, reaching values on the order of 1500–3000 N. [63]

2.2 ASTM F on Interspinous Process Device

With regard to IPDs, the literature review does not reveal the existence of specific standards that define

or provide univocal indications on the experimental setup to be adopted. Unlike tests performed on
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interbody cages which are carried out both using test blocks and in vitro or in vivo on lumbar spine

specimens—for interspinous devices only in vitro studies have been identified. It has been observed

that the primary purpose of mechanical testing is to evaluate how the implant affects the range of motion

(ROM), namely the angular amplitude of movement between two vertebrae, and the intradiscal pressure

(IDP), i.e., the internal pressure within the intervertebral disc. These parameters are directly related to

lumbar stenosis and neurological symptoms. A further objective is to assess whether the device provides

true segmental stabilization or whether its role should be limited to that of a modifier of extension

kinematics. Most studies employ flexibility tests, that is, non-destructive tests conducted on spinal

segments in vitro. In these tests, the vertebral segment is subjected to pure moments—couples applied

without a resultant force—in the three anatomical planes: flexion–extension, lateral bending, and

axial rotation. One study compares four interspinous devices (Coflex, Wallis, DIAM, and InterActiv),

which are tested on human lumbar functional spinal units using a rigorous protocol that includes an

intact native condition (NAT) and a standardized defect condition (DEF) prior to device implantation.

The NAT condition represents the intact segment, with all bony, discal, and ligamentous structures

preserved, and is used as the baseline biomechanical reference. The DEF condition, by contrast, is

obtained through complete removal of the interspinous and supraspinous ligaments (SSL), with the

aim of simulating a post-decompression segment that is biomechanically weakened and more mobile.

(Figure 2.2)

Figure 2.2: Segment conditions of the tested specimens: native (NAT), defect (DEF), Coflex (COF),
DIAM (DIA), Wallis (WAL), inter Activ without dorsal tensioning (IAO), inter Activ with dorsal
tensioning (IAM) [64]

The tests are conducted by applying pure moments up to ±7.5 N·m in the three planes of motion,

both without axial load and with the application of a compressive preload of 400 N, introduced to

simulate the weight of the trunk in the upright position. ROM is measured using three-dimensional
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motion capture systems, while IPD is recorded through microtransducers inserted directly into the

nucleus pulposus of the intervertebral disc. The results consistently show that, compared with the DEF

condition, implantation of interspinous devices leads to a significant reduction in ROM in extension,

restoring the segmental behavior toward values close to those observed in the NAT condition. In

contrast, the effect in flexion is limited, and it is negligible in lateral bending and axial rotation,

highlighting a selective stabilization confined to the sagittal plane. In parallel, a reduction in intradiscal

pressure in extension is observed at the implanted level, confirming that the mechanism of indirect

decompression is closely associated with the limitation of segmental extension rather than with

global stabilization of the vertebral segment. [64] A second line of studies analyzes the role of the

posterior ligamentous structures and the implantation technique. In the work dedicated to the DIAM

device, conducted on porcine lumbar spines and integrated with a FEM model of a human L4–L5

lumbar segment, different conditions are compared: the device with and without fixation laces, with

preservation or removal of the SSL, as well as variations in implant sizing and positioning, to evaluate

their effect on flexion–extension kinematics. The applied loads reproduce flexion and extension with

moments on the order of 7–8 N·m. The results show that the presence of the SSL and correct positioning

of the device markedly influence ROM, the neutral position of the segment, and the instantaneous

center of rotation, demonstrating that mechanical behavior depends not only on the type of device,

but also on the anatomical context and the surgical technique. [65] An article aims to evaluate the

biomechanical behavior of the titanium IDP Midfix under conditions of induced instability, simulating

the resection of the interspinous and supraspinous ligaments, which are key structures for posterior

stability of the lumbar spine. The study is an in vitro experimental investigation conducted on six ovine

lumbar spines, including vertebral segments from L1 to L5. The specimens, preserved fresh-frozen,

were prepared by removing the paraspinal muscles while keeping the intervertebral discs intact. After

preparation, each specimen was tested under three successive conditions: intact spine (control group),

destabilized spine obtained through complete resection of the interspinous and supraspinous ligaments,

and destabilized spine subsequently instrumented with the Midfix device. This approach allowed a

direct evaluation of the effect of the device on segmental mobility relative to physiological stability and

induced instability conditions. Biomechanical tests were performed using a servo-hydraulic testing

machine with a maximum capacity of 10 kN. The specimens were fixed at the cranial and caudal ends

by potting, ensuring horizontal alignment of the disc plane. During testing, a global axial load of 400

N was applied in the neutral position. Subsequently, by shifting the axial load application point, a

bending moment up to a maximum value of 8400 N·mm was generated to induce flexion, extension,

and right and left lateral bending. The value of 8400 N·mm represents the experimental moment

limit, beyond which segmental motion was mechanically arrested. The results show that resection of

the interspinous and supraspinous ligaments leads to a significant increase in segmental mobility in

all analyzed motions. In flexion, the mean displacement increased from 6.4 ± 0.5 mm in the intact

condition to 10.1 ± 2.7 mm in the destabilized condition. In extension, displacement increased from
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3.7 ± 0.1 mm to 4.9 ± 0.5 mm. Similarly, in right and left lateral bending, mobility increased up to

7.2 ± 1.2 mm and 5.7 ± 0.9 mm, respectively. Implantation of the Midfix device markedly reduced

segmental mobility in flexion and extension. In flexion, displacement decreased to 2.6 ± 0.8 mm,

while in extension it decreased to 2.1 ± 0.5 mm, values even lower than those of the intact spine. In

left lateral bending, a reduction in displacement to 2.9 ± 0.6 mm was observed, indicating improved

stability compared with the destabilized condition. Conversely, in right lateral bending, displacement

remained at 5.6 ± 1.1 mm, higher than the value observed in the intact spine. Differences between the

Midfix group and the control group were statistically significant for flexion, extension, and left lateral

bending (p < 0.05), but not for right lateral bending. The authors interpret this asymmetric response

in the coronal plane as a consequence of the device geometry and the lateral position of the locking

mechanism, which generates different lever arms in the two directions of lateral loading. Overall, the

study confirms that interspinous devices are capable of restabilizing a destabilized lumbar segment

primarily in flexion–extension, while also highlighting the intrinsic limitations of such systems in

controlling motion in the coronal plane. [26] The results obtained from the articles on interspinous

spacers are not directly aligned with our main objective; however, they are useful in providing an

overall picture of the aspects on which the scientific community is focusing. Of particular relevance to

our study is the line of research aimed at evaluating the loads acting on the spinous processes, as this

allows determination of the compressive stresses that devices must withstand while simultaneously

ensuring the absence of damage to biological structures. Therefore, the data derived from these articles

are used to perform a reverse reasoning process: starting from the loads experienced by the spinous

processes, it is possible to define the mechanical characteristics that the device must possess. One

study experimentally analyzes the mechanical strength of the human lumbar spinous process under

loading to failure, with the aim of clarifying the structural limits of the bone involved in interspinous

fixation and stabilization systems. The primary objective is to determine the peak failure load of the

spinous process as a function of the position of the load application point and the direction of the

applied force. A secondary objective is the detailed anatomical characterization of lumbar spinous

processes and the evaluation of correlations between failure load, geometric dimensions, and bone

mineral density. The experimental model consists of human cadaveric lumbar spines (L1–L5) obtained

from 12 donors (mean age 71 years). Specimens were selected by excluding cases with pathology,

trauma, or previous surgical interventions. After thawing, all soft tissues, including muscles and

ligaments, were completely removed, thereby functionally isolating the spinous process. Each vertebra

was separated and rigidly fixed in a metal holder via the facet joints to prevent any global motion during

testing and to ensure that the load was applied exclusively to the spinous process. For biomechanical

testing, the specimens were divided into five experimental groups by varying the position of the hole

in the spinous process (superior, central, or inferior) and the direction of the applied load (superior

or inferior). In four groups, a 4-mm through-hole was drilled, into which a titanium pin equipped

with PEEK flanges was inserted; the load was applied via a 16-gauge metal wire connected to the
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testing machine. A fifth control group involved applying the load directly to the intact spinous process,

without drilling a hole.(Figure 2.3)

Figure 2.3: Representative images of the two techniques used to apply load on the spinous processes.
(Left) The 16-gauge wire looped over the jig and attached to the polyetheretherketone flanges on each
side of the 4-mm diameter titanium pin. (Right) The titanium pin was placed on the inferior side of the
spinous process for the intact group [66]

The tests were performed using an MTS 858 Bionix servo-hydraulic testing machine, applying

a preload of 5 N followed by monotonic tensile loading to failure at a displacement-controlled rate

of 0.25 mm/s. Load and displacement data were acquired at a frequency of 10 Hz, and the only

mechanical parameter extracted was the peak failure load, expressed in Newtons. No stiffness values

or elastic moduli were calculated or reported. The analysis was conducted on 54 lumbar vertebrae,

and the results show that the mean failure load of the spinous process is approximately 448 N, with

a high dispersion of the data. Mean values by vertebral level range approximately from 392 N (L5)

to 493 N (L3). Statistical analysis reveals no significant differences in failure load as a function of

either the position of the hole or the direction of the applied load. Post-test visual inspection allowed

identification of the failure mechanisms, which include progressive sliding of the pin through the

bone (plow-through), direct fracture of the spinous process, or a combination of both phenomena.

The most frequent mechanism is plow-through, followed by combined cases and, to a lesser extent,

pure fracture. This indicates that failure of the spinous process does not necessarily occur in a brittle

manner, but often through progressive damage of the bony structure. Linear regression analysis shows

a statistically significant correlation between failure load and the anteroposterior and craniocaudal

dimensions of the spinous process, whereas no significant correlation emerges with the mediolateral

dimension. The relationship between failure load and bone mineral density shows only a positive

trend, without reaching statistical significance. This result suggests that, within the context of the

conducted tests, the geometry of the spinous process has a greater influence on tensile mechanical
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strength than bone quality [66]. Mechanical tests conducted on stand-alone devices such as Superion

are particularly relevant for linking biomechanical performance with clinical safety. In these studies,

the lumbar segments are subjected to quasi-static and cyclic loading to evaluate both the decompressive

function of the device and the risk of spinous process failure. Insertion tests show that the force

required for lateral implantation is on average about 65 N, whereas the failure load of the spinous

process is on the order of 300 N, providing a mechanical safety margin during implantation, albeit with

high interindividual variability. Cyclic flexion–extension tests combined with axial rotation, for a total

of approximately 60,000 cycles under physiological loading conditions, do not reveal device migration

or spinous process fractures in the tested specimens [22]. Finally, this study presents an in vitro

biomechanical analysis aimed at evaluating the effect of pelvic obliquity in the frontal plane, under

combined loading conditions, on load distribution between the lumbar facet joints and the intervertebral

disc. The underlying hypothesis is that combined loads, which are more representative of real functional

conditions, induce higher stresses than pure loads. Eight fresh-frozen human lumbosacral spines (mean

age 59 years), free from relevant pathologies, were tested at the L4–L5 level. Facet joint forces and

intradiscal pressure were measured using dedicated sensors during the application of pure moments up

to ±10 Nm and under six loading conditions, including pure loads and combined loads obtained by

imposing pelvic obliquity of 5° or 10° associated with axial rotation. [67]
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Chapter 3

Materials and methods

3.1 Machine test

The compression test was performed with the aim of analyzing the mechanical behavior of LLIF cages

and IPDs up to the failure conditions of the devices. Specifically, the objective of the test was to

determine the maximum loads sustainable by the devices made of SB, thereby enabling comparison

with reference physiological loads and with those of analogous devices manufactured from different

materials. The tests were carried out at the Measurement Laboratory of the Università Politecnica delle

Marche, using a Zwick/Roell universal testing machine for tensile and compressive testing.(Figure 3.1)

Figure 3.1: Zwick/Roell universal testing machine



The machine is equipped with opposing grips mounted on the upper and lower crossheads, with a

maximum load capacity of 10 kN. These grips ensure stable clamping of the supports as well as correct

load transmission along a predominantly axial and controlled direction, reducing the occurrence of

parasitic stresses. The supports specifically designed to house the devices under investigation were

positioned between the grips. The supports are made of AISI 630 stainless steel, selected for its high

mechanical strength, stability under load, and low elastic deformability. These characteristics are

essential to prevent deformation of the supports from influencing the overall response of the testing

system and to ensure the repeatability of the experimental measurements. The geometry of the supports

was defined according to the device being tested. In the case of LLIF cages, which are characterized

by a trapezoidal geometry, the supports feature an inclined plane that reproduces the inclination of

the device’s contact surfaces and a lateral step acting as a mechanical stop. This prevents sliding of

the cage during compression and maintains correct alignment with the testing axis. The supports are

symmetric and have a “T-shaped” geometry, designed to ensure stability and a uniform distribution of

the applied load. (Figure 3.2)

Figure 3.2: Setup for cage

For the interspinous spacers, characterized by an “H-shaped” geometry, two different supports were

used: one with an inclined surface and one with a flat surface, depending on the geometry of the device.

Both supports are equipped with a protruding geometric feature that provides a stable mechanical stop,

allowing the specimen to remain aligned throughout the entire test and ensuring the application of a

predominantly axial load, while limiting unwanted bending or shear components. (Figure 3.3)
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Figure 3.3: Setup for IPD

3.1.1 Test protocol

The test parameters were defined on the basis of studies reported in the literature and previous

experiments conducted by the company on cylindrical SB samples. The selected preload value of

500 N represents the minimum compressive load acting on the spine under physiological conditions

[59, 60, 61, 62]. This value is commonly adopted to simulate a realistic initial contact condition

between the components of the spinal system. In the present study, for safety reasons and considering

the limited number of available specimens, a reduced preload of 50 N was adopted. This value was

nevertheless sufficient to eliminate mechanical clearances and to ensure proper coupling between the

device and the supports, while reducing the risk of premature damage to the specimens. The preload

plays a fundamental role in the test, as it stabilizes the system prior to the application of the main

load. Although the testing machine applies force starting from 0 N, data acquisition and analysis were

initiated from the preload value; consequently, in the experimental results the origin of the test (F = 0)

corresponds to a real applied force of 50 N. The tests were performed under displacement control, with

a crosshead speed of 0.5 mm/min. The compression test was continued until the maximum force Fmax,

associated with device failure or fracture, was reached. The test was stopped when the recorded force

dropped below 10% of the maximum value reached, i.e. (Fmax −0.1Fmax). This stopping criterion was

adopted to allow a clear identification of the failure point and to avoid further loading that would not

be representative of the mechanical behavior of the device.

• For LLIF cages, the adopted testing protocol is based on indications reported in the literature and

on the ASTM F2077 standard, commonly used for the mechanical evaluation of spinal interbody

devices.

• For IPDs, since no specific reference standard was identified, an experimental approach analo-

gous to that defined by ASTM F2077 was adopted, in order to ensure methodological consistency
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and comparability of the results.

The same testing conditions, as defined by the described protocol, were applied both to devices

manufactured in polymeric material by 3D printing (resin) and to those manufactured in SB. The resin

devices were used in the initial phase of the experimental campaign with the aim of validating the test

setup and defining the operational limits of the system. For the resin LLIF cages, three compression

cycles were performed up to a maximum force of 4000 N. This load level, lower than that subsequently

applied to SB devices, was selected in order to avoid specimen failure, allow investigation of the initial

settling of the system and verify the stability and repeatability of the experimental setup. With regard to

the resin IPDs, it was initially hypothesized that the device could reach load values similar to those of

the cages; however, during testing the device failed at a lower force than expected. This result provided

useful indications for the final definition of the protocol and confirmed the role of polymer-based tests

as a preliminary setup and validation phase. Once the validation phase was completed, the protocol was

applied to devices manufactured in SB. The SB LLIF cages and SB IPDs were tested until structural

failure was reached, according to the defined stopping criteria, and subsequently analyzed from both a

visual and quantitative standpoint. (Figure 3.5) To ensure proper traceability and systematic post-test

analysis, the specimens were identified as follows:

• C-1, C-2, C-3, and C-4 for the LLIF cages (Figure 3.4)

• S-1, S-2, S-3, and S-4 for the IPDs (Figure 3.5)

Figure 3.4: LLIF cage in SmartBone
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Figure 3.5: IPD in SmartBone

Calculations and considerations

Once the experimental data obtained from the mechanical tests were exported, a structured series of

numerical post-processing steps was performed in order to achieve an accurate analysis of the material

behavior. Starting from the recorded force–displacement curves, the main objective was to extract

fundamental mechanical parameters stiffness (k) and Young’s modulus (E). In a first pre-processing

phase, the raw data were cleaned by removing the initial experimental points characterized by an

apparently null force. These values do not represent the actual loading state of the specimen, since the

testing machine applies a preload of approximately 50 N, which is necessary to eliminate mechanical

clearances and ensure proper contact between the components of the test setup. Retaining these

data points would have introduced a systematic error into the analysis, distorting the initial slope of

the force–displacement curve. Subsequently, data points recorded after specimen failure were also

excluded: only data up to the point corresponding to 90% of the maximum force were considered valid.

This criterion was adopted to simulate an ideal termination of the test immediately prior to structural

collapse, avoiding the inclusion of unstable or non-representative data that do not reflect the elastic

or pseudo-elastic behavior of the material. For the determination of k, a segmented analysis of the

force–displacement curve was performed. Rather than considering a single interval, four distinct load

ranges were selected as a function of the maximum force reached:

• 10–30%;
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• 30–50%;

• 50–70%;

• 70–90%.

This subdivision allows the evaluation of possible variations in stiffness with increasing applied load

and enables verification of the linearity of the mechanical response at different stages of the test. For

each interval, a linear regression of the experimental data was performed, assuming a model of the

form:

y = mx+q (3.1)

Where y,x, m, and q represent, respectively, the applied force, the displacement, the slope of the

line—interpreted as the system stiffness k, expressed in kN/mm, and the intercept. The Young’s

modulus, denoted as E, represents the elastic modulus of the material and is a fundamental parameter

for describing its mechanical behavior in the linear elastic regime. It expresses the ratio between the

applied normal stress and the resulting longitudinal strain, providing a measure of the intrinsic stiffness

of the material, independent of the specimen geometry. From a physical standpoint, a high E indicates

a material that strongly resists elastic deformation, whereas lower values are typical of more compliant

materials. In the case of a compression test, E can be indirectly derived from the global stiffness of the

system according to the relationship:

E =
k H

A
(3.2)

where H represents the initial height of the specimen, A the effective load-bearing area involved in

load transfer, and k the stiffness previously calculated from the slope of the force–displacement curve.

While the value of k was determined in a robust and repeatable manner, the main source of uncertainty

in the calculation of E proved to be the correct definition of the area A. Initially, the total geometric

area of the device base, approximated as a rectangle of dimensions 18 × 40 mm, was used. With

this assumption, the resulting Young’s modulus values were on the order of 0.3 GPa. These results

differ significantly from values reported in the literature for analogous materials, which indicate a

compressive E of approximately (1.2±0.2) GPa. It therefore became evident that the initial assumption

regarding the load-bearing area was not physically representative of the actual contact and load-transfer

condition. A first corrective attempt involved using the area of the support, equal to 18 × 45 mm.

However, as theoretically expected, increasing the area led to a further decrease in the calculated

Young’s modulus, moving the result even farther from the reference values. This behavior is consistent

with the adopted formula, since E is inversely proportional to the considered area. To identify a more

realistic area, inverse calculations were performed by assuming a target Young’s modulus consistent

with literature data. From these evaluations, it emerged that the effective load-bearing area should

be on the order of 100 mm². This result suggests that only a limited portion of the nominal surface

actually contributes to load transmission. To support this hypothesis, a detailed geometric analysis was
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carried out using Rhino 7 modeling software. By performing an “intersection” operation between the

two solid bodies involved in the test, the actual contact area was determined.(Figure 3.6) The resulting

area was significantly smaller than the initially assumed area, confirming that contact does not occur

over the entire base of the device.

Figure 3.6: LLIF cage lower support with contact area

Nevertheless, the area was still not sufficiently reduced to reach the theoretical value of approxi-

mately 100 mm². An additional assumption, considered physically plausible, was therefore introduced

by taking into account the geometry of the cage. The device features a central hole for surgical

requirements; consequently, the effectively load-bearing length is significantly reduced, approximately

equal to half of the area observed through the geometric intersection. In this configuration, the

component can be assimilated to a through-bolt, that is, a structural element in which the load is

transmitted mainly along a concentrated section rather than over an extended surface. The relevance of

this assumption lies in the fact that a through-bolt concentrates stresses within a limited zone, making

the effective load-bearing area much smaller than the apparent geometric area. When considering

the area of the hole as that of a cylinder, the resulting values were excessively high, leading to an
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overestimation of E. Conversely, by approximating the cross-section of the hole as an equivalent

rectangle, the resulting area approaches satisfactorily the previously estimated value of 100 mm².

A further evaluation was carried out by considering the base area obtained via Rhino, net of the

cylindrical hole area. The values of E calculated using this area are fully compatible with the range

reported in the literature. This choice allows results that are consistent both numerically and physically,

significantly improving the reliability of the estimation of E derived from the experimental data. The

same data-processing procedure described for the first case study was also adopted for the second

experimental device. In particular, the raw data obtained from the compression tests were subjected to

the same pre-processing steps, the determination of k through linear regression over defined intervals of

the force–displacement curve and the estimation of E. This methodological choice ensures consistency,

reproducibility, and comparability of the results obtained in the two analyzed cases. The differences

between the first and second devices therefore do not lie in the analysis method, but rather in the

geometric considerations required for the correct definition of the effective load-bearing area A.

The second device, having a different geometry, entails a different distribution of contact surfaces

and a different load-transmission path during the compression test. Consequently, the geometric

assumptions adopted for the first device are not directly applicable, making a specific evaluation of

the area effectively involved in load transfer necessary. Similarly to what was observed in the first

case study, for the second device as well the initial assumption of a nominal geometric area led to

values of E that were not consistent with those reported in the literature. It was therefore necessary to

identify an equivalent area that was representative of the actual contact and loading conditions. In a

first approximation, the area was modeled as a trapezoid, in accordance with the overall geometry of

the base of the device. (Figure 3.7)

Figure 3.7: IPD lower support with contact area
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However, using this area led to elastic modulus values that were not consistent with those reported

in the literature. Even after subtracting the area of the central cylindrical hole from the trapezoidal area,

the resulting values were not sufficiently reduced to bring the Young’s modulus within a physically

plausible range, and the same outcome was obtained when the area was approximated as a rectangle.

A consistent estimate of the elastic modulus was instead achieved by considering exclusively the area

of the cylindrical hole associated with the section of larger diameter. This choice more realistically

reflects the mechanical behavior of the device. Adopting this area yields Young’s modulus values that

are compatible both with literature data and with those obtained for the first device, confirming that

the observed differences are attributable to the load-transfer mechanisms induced by the geometry.

During the analysis of the compression tests, a relevant source of uncertainty emerged related to

the displacement measurement provided by the testing machine. The displacement recorded by the

system does not represent solely the deformation of the device (cage/IPD), but also includes the

elastic deformations of the load chain, consisting of the testing machine, the measurement system

(extensometers/displacement sensor), and the test fixtures. When the raw force–displacement data are

used directly, the estimated elastic modulus appears inconsistent with the expected value, precisely

because the total displacement includes contributions not attributable to the device itself. To correctly

interpret the results, the experimental setup was schematized as a system of elastic elements with

different stiffnesses k, arranged in series. In a system of springs in series, the following relationship

holds:
1

keq
= ∑

i

1
ki

(3.3)

where keq is the global equivalent stiffness measured experimentally (i.e., the slope in the elastic

region), while ki are the stiffness values of the individual contributions (testing machine, extensome-

ters/measurement system, fixtures, and device). The following stiffness values were considered

known:

• Testing machine stiffness (kmac)=87 kN/mm

• Extensometers/measurement system stiffness (kest)=50 kN/mm

The stiffness of the fixtures was estimated by assuming linear elastic axial behavior, according to:

k =
E A

L
(3.4)

where E=200 GPa, A=177.33 mm² and L is the height, is equal 36.260 mm. Therefore the stiffness of

the support with respect to the cage and considering that there are two supports (upper and lower) and

that they work in series, the equivalent stiffness of the supports is half, therefore:

ksup,cage ≈ 489kN/mm
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Conversely, for the IPD fixtures, applying the same considerations, with A=88.067 mm² and L=40

mm, I obtain:

ksup,IPD ≈ 220kN/mm

Since the displacement measured by the testing machine includes deformations of the setup, the actual

displacement of the device, δdisp, was obtained by subtracting the elastic contribution of the machine,

extensometers, and supports. The compliance of the system, without the device, is therefore defined as:

Csistem =
1

kmac
+

1
kest

+
1

ksup
[mm/kN] (3.5)

We therefore obtain compliance for the cage and IPD:

Csistem,cage =
1
87

+
1

50
+

1
489

= 0.03353 mm/kN

Csistem,IPD =
1

87
+

1
50

+
1

220
= 0.03604 mm/kN

The displacement correction for each experimental point is therefore:

δdisp,i = δmac,i −Fi ·Csistema (3.6)

This correction was implemented directly in Excel. In practice, a displacement proportional to

the applied load is subtracted, representing the elastic deformation of the load chain excluding the

device itself. Finally, for the determination of the device stiffness, the median value of the previously

calculated keq was used. Starting from this value, and by applying the inverse relationship of the

springs-in-series model, the stiffness of the device, kdisp, was estimated for each analyzed sample. A

further consideration concerns the IPD which, as visible in the figure 3.8, presents one flat surface and

one inclined surface. The inclined surface does not allow the application of a force perfectly aligned

with the machine axis; therefore, the applied force is resolved into two components:

• a tangential component,

• a component normal to the inclined plane.

For the purposes of the analysis, only the normal component was considered, equal to the applied

force multiplied by the cosine of the inclination angle, with θ = 79◦. Subsequently, the initial force

calculated for each data point was multiplied by the cosine of this angle, obtaining for each point the

value of the normal force acting on the surface.
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Figure 3.8: Section of the IPD

Finally, for each device, the stress and strain were determined, as a function of the geometric

dimensions of the device and the area on which the force was applied.

3.2 Finite Element Method Test

The FEM activity was aimed at accurately replicating the mechanical behavior observed during the

experimental phase, with the objective of providing a robust interpretive framework for the results

obtained from compression tests. Prior to analyzing the complex devices under study, a preliminary

validation phase of the numerical model was necessary. This step was critical because the SB material

is not included in the NX Simcenter standard libraries; consequently, its mechanical properties were

manually defined and verified through direct comparison with experimental data from both literature

and corporate sources. For the validation process, data from compression tests performed on cylindrical

SB specimens were utilized. The cylinder geometry was modeled in a CAD environment using

Rhinoceros 7, faithfully reproducing the dimensions of the experimental samples, and subsequently

imported into NX Simcenter for pre-processing. The domain discretization was carried out using a

tetrahedral mesh of the Tetra 10 type with a characteristic element size of 1.3 mm. The choice of a

mixed-meshing technique was dictated by the need to optimally manage the cylindrical geometry: the

use of higher-order tetrahedral elements allows for a highly accurate approximation of curved surfaces
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and internal strain gradients. Furthermore, this approach ensures a smooth transition between mesh

nodes and prevents numerical locking phenomena that could otherwise compromise the accuracy of

the solution. Regarding the Boundary Conditions, the numerical setup was configured to replicate the

kinematics of the physical compression test:

• A fixed constraint was applied to the bottom base of the cylinder, preventing all translational and

rotational degrees of freedom;

• A controlled displacement was imposed on the top surface, simulating the downward action of

the material testing machine’s crosshead.

The application of these constraints is fundamental not only for physical consistency with the

experimental setup but also for the numerical stability of the model, as it eliminates potential rigid

body modes. The analysis was conducted using the SOL 101 (Linear Statics) solver. This choice is

justified by the goal of investigating the material response within the linear elastic regime, allowing

for the validation of the previously implemented elastic constants and the acquisition of an accurate

distribution of stresses and strains within the specimen. (Figure 3.9)

Figure 3.9: Cylinder specimen
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The material SB was assigned the values of E and ν derived from the mechanical properties

obtained from the company’s tests, and the objective of the simulation was to reproduce the stress

and maximum strain values immediately preceding the onset of plastic deformation, as reported in

Table3.1.

Table 3.1: Mechanical properties from the company test

Parameter Symbol Value
Elastic modulus E 1256.1MPa
Poisson’s ratio ν 0.3
Maximum stress σmax 36MPa
Maximum strain εmax 0.03

The main unknown in the simulation concerned the correct definition of the displacement to be

applied to the FEM model in order to obtain the same stress and strain values observed experimentally,

as well as the resulting force associated with that displacement. To determine the appropriate

displacement, the fundamental relationships of solid mechanics in the linear elastic regime were

used. The engineering strain is defined as:

ε =
∆L

L0
(3.7)

where ∆L represents the axial displacement and L0 the initial length of the specimen. Starting from

the experimental strain value and the geometry of the cylinder, it was possible to derive an axial

displacement of approximately 0.75mm. A conservative approach was adopted; therefore, to ensure

that the target condition was reached, the displacement applied in the simulation was set to 0.8mm.

The stress was evaluated using Hooke’s constitutive relationship for isotropic materials:

σ = E · ε (3.8)

By substituting the known values, a stress level consistent with the experimental results is obtained.

The resulting force associated with this stress state was calculated as:

F = σ ·A (3.9)

where A represents the cross-sectional area of the specimen. The good agreement between the

numerical results and the experimental data made it possible to consider the FEM model of the SB

material to be validated.
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3.2.1 Simulation of LLIF cages and interspinous spacers

Upon completion of the validation phase, the FEM analyses were extended to the specific devices

under investigation. The CAD models for the LLIF cages, IPDs, and their corresponding test supports

were provided by Clover. These components were assembled and precisely positioned within the

Rhinoceros 7 environment, faithfully replicating the spatial configuration of the experimental test setup,

and subsequently exported to NX Simcenter. To ensure methodological consistency with the validation

phase, a Tetra 10 tetrahedral mesh with a characteristic element size of 1.3 mm was adopted for each

component. While the discretization parameters—specifically element type and size remained constant,

the total number of elements and nodes increased proportionally to the greater geometric complexity

and volume of the devices compared to the initial cylindrical specimen. This model scalability ensures

the maintenance of high spatial resolution and precision in stress calculations, even when dealing

with the more intricate and articulated geometries of the prosthetic devices. In this stage, the material

properties were assigned as follows:

• Supports: An equivalent AISI-Steel-1008HR was utilized, characterized by an elastic modulus

analogous to the steel alloy employed in the experimental laboratory supports.

• Devices: The mechanical properties of the SB material, as validated in the previous phase, were

applied to the device models.

The SOL 101 solver was also employed for these simulations. By applying the same support and

displacement constraints used during the validation phase, rigid body modes were eliminated. This

ensured the numerical stability required to obtain an accurate distribution of stresses and strains across

the entire assembly, ultimately enabling a direct and reliable comparison with the experimental results.

(Figure 3.10)
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Figure 3.10: LLIF cages, IPD with their supports

For the LLIF cages, the material properties were assumed based on the results obtained from

specimen C-1, whereas for the interspinous spacers the S-3 specimen was considered, as it was

characterized by a more stable and representative experimental response.

The boundary conditions were then defined by setting:

• surface-to-surface contact interactions between the devices and the supports;

• full constraint of the lower supports;

• application of a gradual axial displacement to the upper support, consistent with the adopted

experimental protocol.

This configuration made it possible to realistically reproduce the compression test and to evaluate

the distribution of stresses and strains within the devices, focusing the analysis on the mechanical

response of the material in the linear elastic region. The same design considerations were also applied

to the IPDs and their corresponding supports.
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Chapter 4

Results and discussion

4.1 Mechanical tests

We will begin by discussing the results of the mechanical tests for both devices, together with their

corresponding graphs and a visual-based analysis. Below, the graph shows the force–displacement

curves obtained during quasi-static compression tests on the LLIF cages. (Figure 4.1) The tests were

carried out by applying an initial preload of 50 N and a displacement-controlled loading at a rate of 0.5

mm/min.

Figure 4.1: Force–displacement curve

For each specimen, a non-linear increase in force with the displacement of the entire setup is

observed, followed by the attainment of the maximum load, beyond which a reduction in force occurs,

associated with the structural collapse of the cage. Differences among the curves highlight variability

in the initial stiffness k, in the maximum load sustained, and in the displacement at failure of the



different specimens. In the initial phase of the tests, a gradual and non-linear increase in force as a

function of displacement is observed. In this region, the measured displacement is mainly attributable

to the settling of the test setup, including the closure of mechanical clearances, the adaptation of

the contacts between the cage and the compression platens, and the compliance of the measurement

system. The contribution of the structural deformation of the cage is therefore limited. The central

phase is characterized by a more regular and pronounced increase in force, indicative of a dominant

structural response of the cage. In this region, most of the displacement is associated with elastic and

progressively plastic deformation of the cage, with an apparent stiffness k that reflects the mechanical

characteristics of the device. Differences in the slope among the curves of the various specimens

indicate variations in the global stiffness k and overall mechanical behavior. Finally, in the last phase,

a peak is reached that corresponds to the maximum load (Fmax), beyond which a reduction in force

is observed with increasing displacement. This behavior is attributable to the structural collapse of

the cage, with a loss of its ability to withstand the force applied by the testing machine. From the

force–displacement curves obtained in the compression tests, Fmax and the corresponding displacement

(Xmax) were extracted for each specimen and initially assumed as indicators of compressive strength

and deformation at collapse of the cage. (Table 4.1)

Table 4.1: Maximum load and corresponding displacement at failure

Specimen Fmax (kN) Xmax (mm)
C-1 8.656 1.087
C-2 8.617 1.041
C-3 9.360 1.120
C-4 6.186 1.005

From the analysis of the results, specimen C-3 exhibits the highest Fmax value, indicating a

greater load-bearing capacity compared to the other cages tested. Specimen C-4, on the contrary,

shows the lowest maximum load, suggesting a reduced compressive strength. The Xmax values range

approximately between 1.0 and 1.12mm, highlighting a comparable deformation at collapse among

the specimens, with a slightly higher deformability observed for specimen C-3. In order to further

investigate the mechanical behavior of the components involved in the compression test, the results

related to the IPDs are presented below. (Figure 4.2)
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Figure 4.2: Force-displacement curve]

In analogy with what was done for the LLIF cages, the analysis is carried out in the same manner

described previously, with the appropriate clarification that this graph must also be interpreted in terms

of the overall mechanical behavior of the entire test setup. The trends differ from those observed for

the cages because the devices have a different geometry and serve a different function; consequently,

the results reported in the following table for Fmax and Xmax are also different. (Table 4.2)

Table 4.2: Maximum load and corresponding displacement at failure for IPD specimens

Specimen Fmax (kN) Xmax (mm)
S-1 1.206 0.559
S-2 0.666 0.698
S-3 2.367 0.888
S-4 2.234 0.766

In order to better evaluate the tests performed, images of the LLIF cage samples and the IPDs are

reported below. The observation of the damaged specimens is particularly important, as it allows the

identification of the deformation and failure mechanisms that characterized the different phases of the

test, providing qualitative confirmation of the trends observed in the force–displacement curves and of

the maximum load values achieved. In particular, comparison among the samples makes it possible to

correlate differences in mechanical behavior with the observed damage modes, highlighting the role of

geometry and local deformations in the overall response of the system. (Figure 4.3)
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Figure 4.3: LLIF Cage in SmartBone

In the first image, two LLIF cages are shown: the intact specimen on the right and the tested

specimen on the left. At a first macroscopic observation, the two samples appear substantially similar

and do not show evident signs of fracture or surface damage. However, a more careful inspection of the

central cylindrical hole section highlights, in the tested specimen, a slight reduction of the cross-section,

indicative of a localized crushing phenomenon that occurred during the test. (Figure 3.10)

Figure 4.4: Comparison between specimen C-2 and C-3

The second image shows the lateral view of the tested LLIF cage, from which no grooves, fractures,

or evident macroscopic deformations can be observed on the external surfaces of the device. This

behavior suggests that the collapse of the cage did not occur through brittle fracture, but rather through

progressive and localized deformation of the internal structure. Indeed, the material of which the cage

is made is characterized by a porous and composite structure that tends to dissipate the applied load
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through progressive crushing of the internal microstructure rather than through the formation of visible

macroscopic fractures. As a consequence, the attainment of the maximum load and the subsequent

loss of load-bearing capacity may occur in the absence of evident external signs of damage, making

the cage collapse mainly attributable to internal phenomena of compaction and structural damage.

Conversely, the IPDs, from a macroscopic point of view, show actual fracture. The following image

shows an IPD observed from the frontal side and from the posterior side. (Figure 4.5)

Figure 4.5: All IPD

In the frontal view, a macroscopic fracture of the device is clearly visible, localized in the central

region of the IPD. The fracture crosses the load-bearing section, leading to a clear separation of the

structure and indicating a brittle collapse induced by the applied compressive load, combined with

shear forces. The posterior view confirms the presence of the fracture, highlighting the continuity of

the fracture plane on the opposite side of the specimen as well. These results are attributable to all the

IPDs investigated; however, one specimen, namely S-3, exhibited a less evident fracture. Nevertheless,

a more careful observation still allows the identification of a localized damaged zone in the central

region, corresponding to the same fracture initiation point observed in the other samples. This indicates

that, despite a reduced visual evidence of collapse, the failure mechanism remains consistent with that

observed for the other IPDs. (Figure 4.6)
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Figure 4.6: S-3

In light of these values and the considerations discussed in 3.1.1, the stress–strain graphs are

presented below. In these plots, the displacement is attributed exclusively to the LLIF cage and the IPD,

having been obtained by subtracting the contribution of the other elements of the test system.(Figure

4.7)

Specimen Fmax (kN) Xmax (mm)

C-1 8.656 0.797

C-2 8.617 0.752

C-3 9.360 0.816

C-4 6.186 0.797

Figure 4.7: Cage-only deformation graph and corresponding strain values
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From the comparison between the two tables related to the cage, it emerges that, for the same

applied maximum load, the force–displacement trends remain essentially unchanged, whereas the

values of maximum displacement are reduced. In particular, it is observed that approximately 70% of

the total displacement of the setup is attributable to the cage, confirming its predominant role in the

deformative response of the system. With regard to the IPD, no systematic reduction in displacement

is observed compared with the initial values. This difference is related to the fact that, at this stage

of the analysis, the normal component of the force was considered rather than the total force applied

during the test. When a load is applied on an inclined plane, the compressive force is decomposed into

its normal and tangential components. For the purposes of analyzing the compressive deformation of

the device, only the normal component of the force was taken into account. (Figure 4.8)

Specimen Fn,max (kN) Xmax (mm)

S-1 0.229 0.551

S-2 0.126 0.693

S-3 0.450 0.872

S-4 0.425 0.751

Figure 4.8: Cage-only strain graph values and normal force

The comparison between the total force applied to the IPD and the corresponding normal

component of the force, Fn,max, shows that only a limited fraction of the overall load is effectively

transmitted as a compressive force. In particular, for all the analyzed samples, the maximum normal

force represents approximately 19% of the total applied load. Consequently, the majority of the

load is transferred as a tangential component, generating predominantly shear stresses within the
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device. Conversely, the displacement analysis shows that the maximum displacement associated

with the normal direction, Xn,max, is almost coincident with the total maximum displacement, Xmax,

with differences of less than 2%. This behavior is attributed to the displacement-controlled testing

configuration, in which the imposed crosshead motion governs the kinematics of the system, while

the force components redistribute according to the device geometry. Therefore, although only a small

portion of the applied load acts normally on the IPD, the overall deformation follows the imposed

loading direction, whereas the mechanical response of the device is largely influenced by shear effects.

To provide a concise overview of the results, the stress–strain graphs and summary tables for all

analyzed LLIF cages and IPDs are presented below. The graphs allow direct comparison of mechanical

behavior, while the tables report the main mechanical parameters. (Figure 4.9) (Table 4.3)

Figure 4.9: Final stress–strain graph of the devices
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Specimen Fmax (kN) σ (kN/mm2) ε (-) k (kN/mm) E (GPa)

C-1 8.656 0.049 0.067 17.774 1.443

C-2 8.617 0.049 0.063 17.389 1.416

C-3 9.360 0.053 0.065 17.703 1.480

C-4 6.186 0.035 0.059 12.449 0.994

Specimen Fn,max (kN) σ (kN/mm2) ε (-) k (kN/mm) E (GPa)

S-1 0.229 0.003 0.069 4.093 0.064

S-2 0.126 0.001 0.087 2.551 0.043

S-3 0.450 0.005 0.112 6.697 0.099

S-4 0.425 0.005 0.094 7.489 0.105

Table 4.3: Summary of mechanical parameters extracted from the compression tests for cages and
IPDs.

This representation enables a quantitative and comparative evaluation of the mechanical

performance of the tested devices and completes the analysis discussed previously. The LLIF cages are

characterized by higher global stiffness values and elastic modulus in the range of 1–1.5GPa, reflecting

a markedly higher material stiffness. This feature allows the cages to sustain much higher loads, with

Fmax values up to approximately 9kN, while exhibiting more limited deformations (ε ≈ 0.06–0.07),

as highlighted by the steeper trend of the stress–strain curves. In contrast, the IPDs show lower

Fmax and σ values, associated with reduced k and low elastic modulus values (E < 0.11GPa). The

stress–strain curves display a more gradual and less steep trend, accompanied by large deformations up

to approximately ε ≈ 0.10–0.11. This behavior indicates limited material stiffness, which allows IPDs

to deform significantly under load, promoting adaptation and redistribution of stresses rather than the

direct load-bearing of high forces. The comparison between the two device types therefore highlights

distinct and complementary mechanical roles: IPDs behave as more deformable elements, whereas

cages act as structurally rigid components, capable of providing stability and load-bearing capacity.

Overall, the observed differences are consistent with the measured global stiffness and elastic modulus

E values, confirming that the mechanical behavior of the devices is strongly governed by material

stiffness. However, from a biomechanical implant perspective, performance is not determined by a

single parameter, but by the balance between structural stiffness, material mechanical properties, and

the adaptive response of bone, as described by Wolff’s law. In this context, the phenomenon of stress

shielding depends on the relative stiffness conditions between implant and bone, which are influenced

not only by the material elastic modulus E, but also by device geometry, footprint, bone–implant
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contact area, and the internal architecture of the cage. The data reported in the table 4.4 allow this

concept to be clearly and effectively illustrated.

Table 4.4: Comparison of stiffness, elastic modulus, and biomechanical behavior of cages and bone
tissues

Material / Device k (kN/mm) E (GPa) Behavior
Ti-s cage 57.1±0.6 110 Stress shielding
Ti-p cage 40.4±0.3 1–2.5 Load-sharing
PEEK cage 37.1±1.2 3 Stress shielding
SB cage 16.7 1.39 Load-sharing
Cortical bone – 7–30 –
Trabecular bone – 0.1–2 –

The Ti-s cage exhibits the highest structural k (57.1 ± 0.6 kN/mm) and a very high E of about

110 GPa, markedly higher than both cortical bone (7–30 GPa) and trabecular bone (0.1–2 GPa). This

pronounced mechanical mismatch causes the load to be transferred predominantly to the implant, while

the bone undergoes limited deformation. As a consequence, the mechanical stimulus perceived by the

bone decreases and, according to Wolff’s law, conditions favorable to stress shielding may develop,

with potential bone resorption and an increased risk of subsidence. Introducing porosity into titanium

significantly alters the system behavior. Despite the same base material, the Ti-p cage shows a lower

structural k (40.4 ± 0.3 kN/mm) and an effective E between 1 and 2.5 GPa, values much closer to those

of trabecular bone. In this case, the reduction in global device k allows greater deformation of the

implant–bone system and a more balanced load distribution. The result is improved load sharing, a

more physiological bone mechanical stimulus, and reduced stress-shielding effects. An intermediate

behavior is observed for the PEEK cage, which has an E of approximately 3 GPa and a structural

k of 37.1 ± 1.2 kN/mm. Although the E of PEEK is markedly lower than that of solid titanium,

the cage k remains relatively high, highlighting the crucial role of geometry and device architecture.

Consequently, PEEK can reduce stress shielding compared with solid titanium, but it does not always

ensure optimal load sharing, especially in the presence of stiff geometries or limited footprints. The SB

cage represents the example of greatest mechanical compatibility with bone tissue. With an average

structural k of about 16.7 kN/mm and an E of approximately 1.39 GPa, it lies entirely within the

trabecular bone range. In this configuration, the implant does not dominate load transfer but cooperates

with the bone, allowing physiological deformations and promoting effective load sharing. According

to Wolff’s law, this condition is theoretically the most favorable for long-term bone maintenance and

remodeling. It is important to note that the reported k values derive from different cages characterized

by different geometries, footprints, and internal architectures. Therefore, the comparison should not be

interpreted as a purely intrinsic material assessment, but rather as an analysis of the overall mechanical

behavior of the cage–bone system. Finally, when comparing these results with the physiological loads
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reported in Table 4.5 and considering an average maximum force of about 8.2 kN for the cages, it

can be concluded that SB cages are able to withstand the loading conditions required for normal daily

activities.

Table 4.5: Maximum loads reported in the literature for daily activities and corresponding loads applied
to the functional spinal unit (FSU), assumed equal to 80% of the maximum load.

Max Load (kN) FSU (kN)
0.05 0.04
1.00 0.80
2.00 1.60
3.40 2.72
6.00 4.80

With regard to the IPDs, no comparable values of structural stiffness k and elastic modulus E

referring to other analogous devices were identified in the literature; however, similar qualitative

considerations can be made in terms of biomechanical compatibility and bone mechanical stimulus

according to Wolff’s law. From a loading perspective, the literature reports that the force required

to induce fracture of the spinous process is on the order of approximately 300N, with significant

variability related to bone quality and loading modality [66]. In the present work, the SB IPD exhibited

a quasi-static failure load between 100 and 400N, thus falling within the same order of magnitude

as the values reported for the supporting bone. This overlap allows a preliminary assessment of

compressive compatibility in terms of order of magnitude; however, it does not allow a definitive

conclusion that the SB IPD is capable of preventing spinous process fracture, since IPDs primarily

operate under cyclic loading conditions and experimental data on the actual load transferred to the bone

are not available. The results obtained therefore represent an initial design constraint, highlighting the

need for further fatigue studies and investigations on implant–bone configurations.

4.2 Finite Element Analysis results

Below are the results of the FEM analyses performed on the cages and on the IPD. In the associated

image (figure 4.10) (figure 4.11), both devices are visible together with the distribution of the stress

and strain fields along the ZZ axis, represented by a color gradient.
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Figure 4.10: Stress distribution (left) and cage deformation (right).

Figure 4.11: Stress distribution (left) and IPD deformation (right).

The map shows negative values along the ZZ axis because, in the numerical model, a prescribed

displacement was applied in the direction opposite to the positive Z-axis. Therefore, the negative sign

is related to the convention of the adopted reference system and does not indicate any anomalous

condition of the model. It should be recalled that, in the simulation, a displacement and not a force
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was applied; consequently, force is not an input quantity directly measurable in the model. The only

force available is the reaction force, calculated at the constraints as the system response to the imposed

displacement. For the extraction of numerical results, stress was evaluated in the region where the

reaction force is calculated, as this area is representative of the global response of the system to the

imposed displacement. Strain, instead, was analyzed along the height of the device, in order to describe

its overall deformative behavior. For this reason, the values reported on the left side do not directly

coincide with the effective experimental data, since they refer to quantities extracted in different regions

and directions of the model, selected according to the physical significance of the parameter being

analyzed. To make the numerical results comparable with the experimental ones, only the elastic

region of the stress–strain curve was considered, as it is representative of the linear behavior of the

material and is more correctly reproducible through the FEM model. In particular, the analysis focused

on the interval between 30% and 70% of the maximum stress. Within this interval: the first and last

points corresponding to these percentages were identified, starting from the first point, increments of

+0.05mm in displacement were selected up to the last point of the interval and finally, a total of five

points were obtained.(Figure 4.12) (Table 4.6)

Figure 4.12: Stress–strain curves for specimen C-1 (left) and S-3 (right) from experimental tests and
finite element simulation, compared at five corresponding load points.
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∆Xcage (mm) εFEM σFEM (kN/mm2) εexp σexp (kN/mm2)

0.435 0.031 0.015 0.030 0.049

0.485 0.035 0.019 0.033 0.053

0.535 0.038 0.024 0.036 0.057

0.585 0.042 0.029 0.038 0.061

0.625 0.045 0.034 0.040 0.065

∆XIPD (mm) εFEM σFEM (kN/mm2) εexp σexp (kN/mm2)

0.568 0.071 0.002 0.067 0.006

0.618 0.077 0.002 0.072 0.007

0.668 0.083 0.003 0.081 0.007

0.718 0.090 0.003 0.084 0.008

0.735 0.092 0.004 0.086 0.008

Table 4.6: Results related to the comparison

In Table 4.6, for each of the five selected points, the imposed displacement values and the

corresponding stress and strain are reported, with the experimental test data shown in blue and

the FEM simulation results in orange; the related graphs are also provided. The comparison between

FEM and experimental tests shows that the strains are overall similar, indicating that the numerical

model correctly reproduces the global stiffness k of the system. Conversely, the local stress values are

not directly comparable, as they are strongly influenced by:

• local stress concentrations;

• mesh discretization;

• boundary and contact conditions;

• the local nature of FEM stress compared with the global experimental measurement.

For this reason, FEM stresses differ from the global behavior observed experimentally and were not

used as a comparison parameter. In the following image (figure 4.13), it can be observed that the

region most affected by deformation is the central hole, while a more limited deformation involves

the posterior part of the device, highlighted in red. Since the imposed displacement is applied in the

direction opposite to the Z-axis, the posterior part is not directly subjected to the applied load. The

deformation observed in this region is therefore not attributable to a direct application of displacement,
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but rather to the internal transmission of deformation along the structure. In particular, the presence of

the central hole introduces a local reduction in stiffness k and a geometric discontinuity that promotes

deformation concentration in that area. This deformation is then redistributed along the device,

propagating toward the posterior region and the lateral sides, which respond elastically despite not

being directly loaded. The red coloration in the posterior region thus indicates a residual or induced

deformation related to the global behavior of the device and its structural constraints, rather than a

direct load-induced stress. Consequently, it can be inferred that the failure observed experimentally is

primarily associated with the collapse of the region around the hole, rather than with a global collapse

of the entire cage. Therefore, a local reinforcement or a modification of the hole geometry aimed at

reducing stress concentration could significantly increase the load-bearing capacity of the device.

Figure 4.13: Deformation of the cage

With regard to the IPD (Figure4.14), it is observed that the region most affected by deformation is

the central cylindrical section, with an additional significant concentration at the contact surfaces with

the supports. This distribution of the deformation field is consistent with the geometry of the device

and with the load path associated with the imposed displacement. The high localized deformation in

these regions allows us to state that the cracks identified in the previous analyses are consistent with

the failure zones predicted by the FEM model, both in terms of location and intensity, as highlighted

by the color gradient in the image. In particular, the most highly deformed areas coincide with the

regions where the material is structurally most stressed. In contrast, the surrounding regions show
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negligible deformation values, indicating that they are not significantly involved in the mechanical

response of the device. This confirms that deformation is highly localized rather than distributed

throughout the entire structure, further supporting the consistency between numerical behavior and

experimental observations. Finally, the same conclusions can be drawn regarding the failure location,

highlighting that fracture is localized in a structurally critical region of the device. The results suggest

the need to revise the overall design of the IPD, as the current through-screw configuration promotes

the development of high shear forces in the cylindrical section. In particular, the presence of the

screw induces stress concentration in the central section and at the contact surfaces with the supports,

as confirmed by the deformation distribution obtained from the FEM analysis. In light of these

considerations, a possible design strategy consists of redesigning the component by eliminating the

screw-based concept and adopting an alternative geometry capable of ensuring a more uniform stress

distribution and a reduction in shear components. Such an approach would improve the overall

mechanical behavior of the device, reduce the risk of localized failure, and increase the structural

reliability of the IPD under real loading conditions.

Figure 4.14: Deformation of the IPD

In order to further investigate the role of the material and separate it from the effect of geometry, a

FEM analysis was carried out on the same device geometries, replacing SB with an equivalent material

representative of Ti-p. In this model, Ti-p was described as an equivalent isotropic material, with

an elastic modulus E = 2.5GPa, a value selected on the basis of literature data for porous titanium
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structures produced by additive manufacturing and consistent with the upper range of trabecular bone.

The FEM simulations were performed by imposing the same final displacement for both configurations,

in order to ensure a direct comparison. The results show that, for the same imposed displacement, the

global deformation is essentially similar between SB devices and Ti-p devices. In particular, for the

cage, deformation values of approximately ε ≈ 0.040 are observed for both SB and Ti-p, while for

the IPD the values are ε ≈ 0.086 for SB and ε ≈ 0.083 for Ti-p. Despite the comparable deformation,

the stress is significantly higher in the case of Ti-p. For the cage, SB shows a stress of approximately

σ ≈ 0.065kN/mm2, whereas Ti-p reaches values of σ ≈ 0.119kN/mm2. Similarly, for the IPD the

stress increases from σ ≈ 0.008kN/mm2 in the SB case to σ ≈ 0.191kN/mm2 in the Ti-p case. This

behavior is consistent with the linear constitutive relationship σ = Eε: for the same deformation, a

material characterized by a higher elastic modulus necessarily develops higher stress levels. From a

biomechanical perspective, these results indicate that, although allowing similar global deformations,

Ti-p tends to transmit higher stresses to the contact regions and the surrounding bone compared with

SB. Conversely, SB, thanks to its lower elastic modulus E, promotes a more gradual stress distribution

and greater mechanical compatibility with bone tissue, a crucial aspect for limiting stress-shielding

phenomena and promoting physiological bone remodeling. In light of these results, the possibility of

a hybrid design solution emerges, combining the mechanical and biological advantages of the two

materials. In particular, a device could be conceived consisting of a structural core in Ti-p, capable of

ensuring adequate mechanical strength and primary stability, surface-coated with SB. The latter, which

can also be used in powder form, could act as a coating for porous titanium, infiltrating or covering the

porous surface of the device. A Ti-p + SB configuration would allow:

• structural stability and load-bearing capacity provided by porous titanium;

• reduction of interface stresses and improved load sharing thanks to the SB coating;

• greater mechanical and biological compatibility with bone, promoting osteointegration and

adaptive remodeling;

• reduction of the mechanical mismatch between implant and bone tissue, in accordance with

Wolff’s law.

Overall, the integrated analysis of experimental and FEM data suggests that the adoption of devices

with graded mechanical behavior, based on a combination of Ti-p and SB, may represent a promising

strategy to improve the biomechanical and biological performance of spinal devices, reducing the risk

of stress shielding and its associated complications.
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Chapter 5

Conclusion

This thesis evaluated the compressive mechanical behavior of four interbody cages and four IPDs

manufactured entirely from SB, with the aim of determining their load-bearing capacity up to failure

and interpreting their biomechanical compatibility in the context of everyday activities. For the cages,

the experimental results show a structural k and an E fully comparable to those of trabecular bone, thus

enabling effective load-sharing behavior. Likewise, comparison with physiological loads reported in the

literature indicates that these cages are capable of withstanding forces compatible with daily activities,

suggesting adequate compressive strength. With regard to the IPDs, the lack of comparable quantitative

data in the literature allows only a preliminary evaluation, since the measured quasi-static failure loads

are of the same order of magnitude as the values associated with spinous process fracture. This overlap

in order of magnitude permits an initial assessment of compressive mechanical compatibility, but does

not allow determination of which element of the implant–bone system fails first. Moreover, it is not

possible to conclude that the IPD can prevent spinous process fracture under real clinical conditions,

as these devices primarily operate under cyclic and dynamic loading, and reliable experimental data on

the actual load transferred to bone during functional activities are not available. Overall, the results

indicate that devices made entirely of SB exhibit high mechanical compatibility with bone tissue,

consistent with biomechanical principles and Wolff’s law. However, it is essential to emphasize that

these findings must be interpreted in light of the experimental limitations of the present study. The

limited number of specimens tested for each device type does not allow robust statistical validation, but

only a comparative, order-of-magnitude assessment of the mechanical behavior of the analyzed devices.

Nevertheless, the study also highlights that mechanical compatibility alone is not the sole requirement

for an optimal spinal device, particularly in applications demanding high structural performance,

geometric stability, and long-term reliability. In this context, a forward-looking perspective based

on the obtained results suggests a possible design evolution toward hybrid devices consisting of

a porous titanium load-bearing structure coated or integrated with SB. Such a configuration could

combine the mechanical advantages of porous titanium, in terms of structural strength, with the high

biomechanical and biological compatibility of SB. Porous titanium would provide adequate mechanical



safety margins, while the SB layer could serve as a functional interface with bone, reducing elastic

mismatch, improving load distribution, and promoting more physiological osteointegration processes.

This hybrid solution would represent a rational compromise between stiffness and compatibility,

overcoming the limitations of overly rigid traditional materials while addressing the potential structural

shortcomings of devices made from a single material.
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