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Preface

The eighth edition of Rockwood and Green’s: Fractures in Adults
continues with the changes that were instituted in the seventh
edition. In this edition there are two more chapters and 61 new
authors drawn from three continents and 11 different coun-
tries. In addition, many of the new authors represent the next
generation of orthopedic trauma surgeons who will be deter-
mining the direction of trauma management over the next two
or three decades.

Orthopedic trauma continues to be an expanding discipline,
with change occurring more quickly than is often realized.
When Drs. Rockwood and Green published the first edition in
1975, there were virtually no orthopedic trauma specialists in
most countries, fractures were usually treated nonoperatively,
and mortality following severe trauma was considerable. In one
generation the changes in orthopedic surgery, as in the rest of
medicine, have been formidable. We have worked to incorpo-
rate these changes in this edition. There is expanded coverage
in this edition of the inevitable complications that all orthope-
dic surgeons have to deal with, and we have included chapters
on geriatric trauma and the psychological aspects of trauma.
The other area of orthopedic trauma that is expanding quickly,
particularly in the developed countries, is the treatment of
osteoporotic (or fragility) fractures. These fractures are assum-
ing a greater medical and political importance, and orthopedic
implants are now being designed specifically to treat elderly
patients. It is likely that this trend will continue over the next

few decades; many of the chapters in this edition reflect this
change in emphasis.

The changes in the eighth edition include major changes in
its chapter structure. Each of the clinical chapters now follows
a specific template beginning with the physical examination,
classification, and additional studies used in the diagnosis of
each problem. This is followed by a description of the outcome
measures used to evaluate patients for the specific injury they
sustained. The indications and contraindications for each treat-
ment method, including nonoperative and operative methods
are highlighted in tables, as are the technical aspects of the
surgeries. Old favorites such as pitfalls and problems are also
listed in tables with solutions. Finally, the authors preferred
treatment is now presented in the form of an algorithm, allow-
ing the reader to understand the thought process of the expert
writer in deciding on the treatment for the multiple subtypes
of injuries described in each chapter. We believe that this will
make it easy to get the most out of each chapter.

Finally, we are proud to introduce a new electronic format
that should allow for easier access across platforms, a change
that is overdue! Video supplementation is also available for the
majority of the clinical problems.

We are indebted to the efforts of the experts who have taken
the time to share their knowledge and experience with our
broad readership and hope that this new edition will contribute
to the care of patients.

Charles M. Court-Brown, MD, FRCS Ed (Orth)
James D. Heckman, MD

Margaret M. McQueen, MD, FRCS Ed (Orth)
William M. Ricci, MD

Paul Tornetta III, MD
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General Principles
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INTRODUCTION TO BIOMECHANICS OF
FRACTURES AND FRACTURE FIXATION

“Biomechanics” is a complex and encompassing term that
applies to many aspects related to orthopedic surgery, and
specifically to fractures and fracture fixation. The application
of biomechanical principles and concepts is essential to under-
stand how the fracture occurred, how to best treat the injury,
and how to avoid mechanical failures of the fixation construct.
One must first understand the fundamental terms and con-
cepts related to mechanical physics. This establishes the foun-
dation that will be used to apply these concepts to the field of
orthopedic surgery. The biomechanical properties of bone as
well as the biomechanics of fracture healing are also essential
to understand how bone is injured and how to best restore its
function. Finally, understanding the biomechanical properties
of common implants and failures seen with their application
helps the clinician to a thorough understanding that aids in
patient care.

In the study of biomechanics as it relates to fracture fixa-
tion, the fundamental mechanical question remains: Is the fixa-
tion system stable and strong enough to allow the patient early
mobility before bony union is complete? This must occur with-
out delaying healing, creating bone deformity, or damaging the

BIOMECHANICS OF FRACTURES
AND FRACTURE FIXATION

Mark J. Jo, Allan F. Tencer, and Michael J. Gardner

e BIOMECHANICS OF FRACTURE IMPLANTS 17
Avoiding Mechanical Problems with Fracture
Fixation Devices 17

Biomechanical Aspects of Fracture Fixation in
Specific Locations 32

e SUMMARY 39

implant, and yet be flexible enough to allow transmission of
force to the healing fracture to stimulate union. The common
adage in orthopedics is that, “Fracture healing is a race between
bony union and implant failure.” A thorough understanding
of the biomechanical concepts as they relate to bone, fracture,
and implants is essential for the proper treatment of patients
with fractures.

Basic CONCEPTS

Before describing the performance of fracture fixation systems,
some basic concepts used in biomechanics must be understood.
A force causes an object to either accelerate or decelerate. It has
magnitude (strength) and acts in a specific direction, which is
termed a vector. However complex the system of forces acting
on a bone, each force may be separated into its vector compo-
nents (which form a 90-degree triangle with the force). Any
of several components, acting in the same or different direc-
tions, can be added to yield the net or resultant force. As seen
in Figure 1-1, a simplified example of the hip joint shows that
the forces acting about the hip include the body weight, joint
reactive force, and the hip abductors. As the hip in this example
is at rest, the net force must be zero; therefore, if the body
weight and hip abductor forces are known, the joint reactive

1
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A B

FIGURE 1-1 The force vectors acting on different parts of the body are a culmination of muscle, ten-
dons, ligaments, and external forces. A: A simplified example of the force vectors acting on the hip joint.
HA, hip abductors; BW, body weight; JRF, joint reactive force. B: Using the x and y vector components
of the forces about the hip the joint reactive force (JRF) can be calculated because if the hip is at rest,
the sum of all the forces should equal zero. AF, (vertical component of HA force) AF, (horizontal com-
ponent of HA force). C: Understanding the forces that are applied about a fracture can help the surgeon
understand the deforming forces and assist in reduction and fixation strategies.

force can be calculated using the x and y components of all
the forces. Also, understanding the forces about a fracture help
the surgeon to understand the deforming forces, the reduction
maneuvers, as well as the proper application of implants to best
stabilize the injury. Both the design of the implants as well as
the application by the surgeon must be done with these con-
cepts in mind so that they can withstand the mechanical loads
applied without failure.

The two major loads acting on a long bone are those that
cause it to displace in a linear direction (translation) and those
that cause it to rotate around a joint center. Muscles typically
cause a bone to rotate (e.g., the biceps causes the forearm to
flex and supinate, the anterior tibialis causes the foot to dorsi-
flex). When a force causes rotation, it is termed a moment and
has a moment arm. The moment arm is the lever arm against
which the force acts to cause rotation. It is the perpendicular
distance of the muscle force from the center of rotation of the
joint. As shown in Figure 1-2, the moment or rotary force is
affected not only by the magnitude of the force applied, but
also by its distance from the center of rotation. In the example,
two moments act on the outstretched arm. The weight carried
in the hand as well as the weight of the hand and forearm rotate
the arm downward, while the balancing muscle force rotates
the forearm upward. Equilibrium is reached by balancing the
moments so that the forearm does not rotate and the weight
can be carried. Note that to achieve this, the muscle force must
be eight times as large as the weight of the object, forearm, and
hand because its moment arm or distance from the center of the
joint is only one-eighth as long.

Radius F2=10N
F1 = Biceps force
D2 =24 cm
Biceps force D1=3cm
vertical component only)
Forearm
O w
—>|3 cm|<—
< 24 cm :+
10 kg

FIGURE 1-2 In this simplified example of a free body diagram, the
outstretched arm is a lever and is at rest. The rotational force, or the
moment, is centered about the elbow. This moment is defined as
the product of the weight (object + forearm + hand) (F,) and the dis-
tance from the elbow (d). This moment must be counteracted by a
moment in the opposite direction. In this example the vertical com-
ponent of the biceps force (F) is the counteractive force. The lever
arm of this force is the distance from the elbow to the insertion of
the biceps (d). The biceps force is calculated from 10 kg x 24 cm =
F, x3 cm. Thus F, =80 N. The biceps force is much greater than the
weight of the object, arm, and hand because its lever arm is smaller.
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The basic forces—compression, tension, torsion, and
bending—cause the bone to behave in predictable ways. A
compressive force (Fig. 1-3) results in shortening the length of
the bone, whereas tension elongates it. Torsion causes twisting

Unloaded

Tension Torsion

)

Transverse <

fracture

of a bone about its long axis, whereas bending causes it to bow
at the center. When these forces are great enough to cause the
bone to fracture, it results in characteristic fracture patterns that
can be recognized on radiographs. Understanding these forces

Compression

Oblique
fracture

Burst
fracture

Bending

Transverse
butterfly
Spiral
fracture
Greenstick

FIGURE 1-3 Basic forces: Unloaded; compression shortens length and can lead to an oblique fracture
line or comminution; tension can lead to a transverse fracture. Torsional forces usually cause a spiral
pattern. Bending forces cause compressive forces on one side and tensile forces on the other. This
can result in a transverse fracture on the tensile side and comminution in a classic butterfly pattern on
the compressive side. Bending forces can also result in incomplete or “greenstick” fractures in the

pediatric population.
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FIGURE 1-4 The stress is defined as the force acting on a surface
divided by the area over which it acts. Strain is the change in the height
or length of the object (displacement) under load divided by its original
height or length. Stiffness is defined as the slope of a force versus
displacement graph. Elastic modulus is the corresponding slope, but

Displacement

can help to understand the circumstances of the forces that
occurred at the time of the fracture. Compressive forces can
cause oblique fracture lines or can result in comminution and
fragmentation of the bone. Tensile forces usually cause trans-
verse fracture lines, whereas torsion can cause spiral fractures.
Bending forces cause compressive stress on one side and tensile
stress on the other side. Bending forces can also cause plastic
deformation of immature or flexible bone or result in partial
fractures. These partial fractures are also known as “greenstick”
fractures and are usually seen in the pediatric population. In a
more rigid bone, the tensile forces result in a transverse fracture
line and the compressive forces cause comminution, usually in
the characteristic butterfly fragment. In many cases an injury is
caused by a combination of these forces and the fracture pat-
tern may have a combination of patterns.

Stress, as shown in Figure 1-4, is simply the force divided by
the area on an object over which it acts. This is a convenient way
to express how the force affects a material locally. For example,
when an equal force (hammer blow) is applied to both a sharp
and a dull osteotome, the sharp osteotome will concentrate the
same force over a smaller surface area than a dull osteotome
because of the sharp edge. Therefore, the sharp osteotome will
create a greater stress at the osteotome—bone interface, resulting
in cutting of the bone. Just as stress is a normalized force (force
per unit area), changes in length can also be normalized. Strain
is simply the change in height or length that a material under-
goes during loading, divided by its original height or length. If
two plates of different lengths are both subjected to loads that
lengthen the plate by 1 cm, the shorter of the two plates will

of a stress versus strain graph. Note the corresponding colors.

be subjected to more strain as change in length is spread over a
shorter distance than it is for the longer plate.

Mechanical testing is used extensively to analyze the prop-
erties of different constructs as well as new implant designs.®’
The testing usually consists of a natural or synthetic fractured
bone fixed with a certain implant in different configurations.
This construct is then loaded into an apparatus that applies a
specific load in either a constant or cyclic manner. Sensors can
measure the forces applied to the bone as well as any deformity
or eventual failure (Fig. 1-5). Depending on the purpose of the
experiment the data can be collected measuring the structural
properties of the bone—fixation construct; that is, the properties
of the fixation device and the bone combined. Alternatively, the
data can measure the material properties which relate to the prop-
erties of the substances that make up each component (bone,
stainless steel, titanium). In this example, the material properties
of the plate are being tested using a fracture model. The corre-
sponding graph represents the data measured in this experiment
plotted on a stress—strain graph. The force and displacement
are measured and normalized to stress and strain. The initial
deformation is termed elastic because when the load is removed,
the plate will return to its original shape. This is represented by
the linear portion of the graph, termed the elastic region. At some
load, however, the construct becomes overloaded, entering the
plastic range. If the load is released after loading in the plastic
range but before failure, some permanent deformation remains in
the construct. The point at which elastic behavior changes to
plastic is termed the yield point. As previously mentioned, the
slope of the stress—strain curve is the elastic (Young’s) modulus.
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Materials testing machine

[Coamor | =—=> [Crioato

* Ela_stic
% region
A

w Original
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\
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Bone-implant
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Support —| /
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Setup for testing construct stiffness

Stress

(Pa)
Elastic
region

Plastic
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Yield point
(proportional limit) - —------——
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—_———————D-——-—

pe = Young’s modulus elasticity

Ultimate strength

Breaking point
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FIGURE 1-5 Top left: A fixation construct setup in a mechanical testing machine. In this example, a
long bone is fixed with a plate and subjected to bending. Top right: The construct during loading in
the elastic region and plastic region. Bottom: The resulting measurements from the testing machine,
which measures stress and strain at the point of the applied load. The graph demonstrates the elastic
region, in which the plate acts like a spring, returning to its original shape after the load is released;
the plastic region, in which the plate may have permanent deformity; and the failure load, in which
the plate fails. The area beneath the curve (pink area) is the toughness of the material, or the amount

of energy that a material can absorb before failure.

The area under the stress—strain curve is termed the strain
energy which is the energy absorbed. Toughness is the amount
of energy that a material can absorb before failure.

The elastic range represents the working range for the fixa-
tion construct. In this region the plate is able to withstand the
forces applied to it without losing its shape. The yield point
defines the safe maximum functional load before the plate
is permanently deformed. A third very important property,
fatigue, will be discussed later.

Note that a fixation construct may have different yield points
and stiffnesses for loads acting in different directions. An example
is a half-pin external fixator construct applied to a tibia, with the
pins oriented anteriorly—posteriorly. The stiffness is much greater
in anterior—posterior (flexion/extension) bending than medial—
lateral (varus/valgus) bending for this construct. Another property
to consider is the work done in deforming a fixation construct. The
product of the force applied and the distance the construct bends
is defined as the work done, and is represented by the area under
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Basic Engineering Properties of Common Biologic and Implant Materials

Ultimate Strength Ultimate Strength Yield Strength 0.2% Elastic
Material Tensile (MPa) Compressive (MPa) Offset (MPa) Modulus (MPa)
Muscle 0.2
Skin 8 50
Cartilage 4 10 20
Fascia 10
Tendon 70 400
Cortical bone 100 175 80 15,000
Cancellous bone 2 3 1,000
Plaster of Paris 70 75 20
Polyethylene 40 20 20 1,000
PTFE Teflon 25 500
Acrylic bone cement 40 80 2,000
Titanium (pure, cold worked) 500 400 100,000
Titanium (Al-4V) (alloy F 136) 900 800 100,000
Stainless steel (316 L) (annealed) >500 >200 200,000
Stainless steel (cold worked) >850 >700 200,000
Cobalt chrome (cast) >450 >50 20,000
Cobalt chrome (wrought, annealed) >300 >300 230,000
Cobalt chrome (wrought, cold work) 1,500 1,000 230,000
Super alloys (CoNiMo) 1,800 1,600 230,000
(Ultimate tensile strength or maximum force in tension, yield strength at 0.2% offset, the strength at which the strain in the material [change in length/original length] is
0.2%, a usual standard for metals, elastic modulus, or stress/strain.)

N

J

the force—displacement graph of Figure 1-4. A material may be
flexible and tough (e.g., rubber, or a child’s bone that deforms but
is difficult to break) or stiff but brittle (e.g., glass, elderly bone), if
it cannot absorb much deformation without fracturing.

The factors that govern stiffness and yield point are the
material from which the fixation device is made and its shape.
A construct made of higher elastic modulus materials will be
stiffer (e.g., stainless steel is stiffer than titanium) (Table 1-1).
The stiffness of a construct is found by dividing the force
applied by the deformation that the construct exhibited. The
elastic (or Young’s) modulus is determined by dividing the stress
applied by the resulting strain (Figs. 1-4 and 1-5). The moduli
of some common orthopedic materials are given in Table 1-1.
As shown, the elastic modulus of titanium alloy is about one-
half that of stainless steel; so, given two plates of the same size
and shape, the titanium plate has about one-half the stiffness of
the stainless steel plate. This can be important to consider when
using new devices made of different materials.

Another concept is how the shape and size of an implant
influences the load it can support. As shown in Figure 1-6, a
typical plate used in fracture fixation is wider than it is thick.
Thus, the plate is actually stiffer when the load is placed against
the edge rather than the broad surface of the plate. This is
because when the load is applied on the edge of the plate, the
material of the plate resisting the load is distributed further
away from the center (note that in this example, the mate-

rial of the plate did not change, just its orientation relative to
the load applied). This concept of distribution of material is
reflected in the shape property, moment of inertia. The moment
of inertia provides a measure of how the material is distributed
in the cross section of the object relative to the load applied
to it. The farther away the material is from the center of the
beam, the greater its stiffness. Steel I-beams were developed to
take advantage of this concept; that is, gaining greater stiffness
for the same amount of material. For solid cylindrical objects
like rods, pins, or screws, their stiffness is related to the fourth
power of their radius. As shown in Figure 1-6, for rods made of
the same materials, a 16-mm diameter intramedullary (IM) rod
is 1.7 times as stiff as a 14-mm rod ([8/7)* = 1.7]).

A third important property of a fracture fixation construct
is its ability to resist fatigue under cyclic loading. Load can be
applied that remains below the yield point of the construct,
yet creates a crack that progressively grows. This lowers the
yield point of the material and the local stresses will eventually
exceed the yield point and the construct will fail (Fig. 1-7).
Some materials have an endurance limit such that they can
support a certain level of load indefinitely without failure. An
important aspect of fatigue performance of a fixation construct
is the effect of a stress riser. In completely uniform materials,
the stresses will be almost identical throughout the material.
But typical fixation devices have holes, screw threads, and other
features in which the shape changes and leads to a change of
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Applied force

\

Same object upright

or on its side \;

~ Greater moment
of inertia = stiffer

- Neutral axis

r4/16 (o= r)*16

FIGURE 1-6 The concept of moment of inertia or the effect of the
geometry of an object on its stiffness. Top: Looking at a typical plate
used in fracture fixation, when the load is applied on the broader sur-
face the plate is less stiff than when the load is applied to the narrower
edge. This is because the distribution of the material is farther from the
load applied. Bottom: The moment of inertia is a term used to describe
how the material is distributed within an object. For a solid rectangu-
lar object such as a plate, the moment of inertia (/) and the stiffness
increase directly with the width (b) of the plate and the cube of its
height (h). For a solid cylinder, such as a pin or a screw, the moment
of inertia increases with the fourth power of its radius (r). Therefore a
16-mm diameter IM rod is 1.7 times as stiff as a 14-mm rod, and 2.3
times as stiff as a 13-mm rod, if all the rods are made of the same
material. For a hollow cylinder such as an intramedullary nail, the radius
of the inner diameter (r) is subtracted from the radius of the outer
diameter (r,). The moment of inertia still increases by the fourth power.

the material properties. It is the transition points which create
a stress riser. One must also take into account the interface
at the end of a fixation construct. The end of the plate or rod
creates an abrupt transition between the metal and bone cre-
ating a stress riser. Although this cannot always be avoided,
placing the end of the implant in a high-stress area such as the
subtrochanteric region of the femur can lead to periprosthetic
fractures (Fig. 1-8). These fractures can be secondary to another

Beam loaded in bending

Toepwr

Crack appears on tensile side

Crack closes with release of load

ey

Crack grows larger with next load cycle

FIGURE 1-7 A stress concentrator is a region of an object in which
stresses are higher than in the surrounding material. Taking the
example of a fracture plate subjected to bending, the bottom sur-
face elongates under load. In the region of highest tensile forces,
a scratch starts to grow into a crack that closes when the load is
released, then reopens slightly larger with the next load cycle, even-
tually growing to a point at which the plate fails. Crack growth is
accentuated by stress corrosion, poor bone-to-bone contact at the
fracture, and by loads applied by heavier patients.

FIGURE 1-8 A stress riser at the end of a fracture construct can
cause problems if it is in a region of high stress. In this example, a
femoral shaft fracture is fixed using a lateral plate. If the end of the
plate is in the high-stress subtrochanteric region, there is a risk that
the stress riser can contribute to a periprosthetic fracture. To avoid
this, a longer plate can be used to bypass the high-stress area.
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traumatic event or can be caused by cyclical loading and fatigue
failure at the stress riser. Thus, in this situation a longer plate
should be used to bypass the high-stress area, particularly in
areas of poor bone quality.

A scratch can also cause a local small stress concentrator.
When immersed in the saline environment of the body, stress
corrosion can occur. Stress corrosion combines the effects of
the local growth of the crack resulting from cyclic loading with
galvanic corrosion. A galvanic cell describes a local environment
in which electrons flow from the more negative to the more
positive material when immersed in a liquid conductor (saline,
in this case) (Fig. 1-9). Material is actually removed from the
more negative electrode, such as the surface of the plate during
galvanic corrosion. In a fixed fracture, the dissimilar materials
are the surface of the plate (e.g., stainless steel), which creates
an oxide surface coating, and the same material exposed by the
fatigue crack that has not yet developed the oxide film. The
conductive fluid is the blood and saline found in the surround-
ing tissues. Galvanic corrosion can accelerate the failure of an
implant, even when the implant is loaded well below its yield
point, by increasing the rate at which the crack grows. This
occurs because in addition to the mechanical propagation at the

\e-_ >

Tensile
stress

FIGURE 1-9 A: lllustration of crevice corrosion,
with a local galvanic cell caused by an impurity in
the surface of a plate and ions, M*, being released,
resulting in loss of material and formation of a crevice.
B: Stress corrosion occurs by a local galvanic cell
setup between the material at the tip of the crack,
which just opened and has not oxidized, and the
remaining oxidized surface of the plate. The released
ions enhance crack growth occurring from loading.
C: Fretting corrosion caused by the loss of the oxide
layer on the surface of a plate caused by rubbing of
the base of the screw against the plate. D: Galvanic
corrosion around a scratch or pit in the plate.”®

site of the crack, material at the crack is being removed by the
corrosion process. Another mechanism of corrosion, termed
fretting, results when the surfaces of two implants rub together,
such as the head of a screw against the surface of the plate
through which it passes. Crevice corrosion, which is not com-
mon in modern orthopedic materials, results from small gal-
vanic cells formed by impurities in the surface of the implant,
causing crevices as the material corrodes.”

Another basic property is viscoelasticity (Fig. 1-10). Biologic
materials do not act as pure springs when load is applied to
them. A spring deforms under load and then returns to its
original shape when the load is released. For example, if a load
is applied to a tendon, and the load is maintained for a period
of time, the tissue will continue to deform or creep. This is
the basic principle behind stretching exercises. Under a con-
stant load, a metal fixation plate will deform and remain at
that deformation until the load is removed (elastic behavior).
In contrast, the tendon both deforms elastically and creeps,
exhibiting both viscous and elastic behavior. This property has
important implications for certain types of fixation, especially
those that rely on loading of soft tissues, such as in certain types
of spinal fixation (to be discussed later).
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FIGURE 1-10 Viscoelastic response in a biologic tissue can be
explained by considering and combining the properties of two
devices, a simple spring and a fluid-filled syringe. The elastic or
spring component instantly compresses when a load is applied to
it. When the load is released, the spring returns to its original shape.
When a load is applied to the viscous component, represented by
the syringe, fluid is forced out of the needle. If the load is released,
the plunger does not return, but remains in its final position, rep-
resenting the creep property of the tissue. Further, if the force is
applied to the plunger more rapidly, there is greater resistance to
motion, explaining the increased stiffness of tissue to increased
rates of loading. Combinations of these simple components can be
used to describe the mechanical properties of biologic tissues.

A second characteristic of viscoelastic behavior is loading
rate dependence. In simple terms, stretching a soft tissue can be
thought of as stretching two components, an elastic one and a
viscous one, which make up that tissue. For example, consider
a spring connected in series to the handle of a syringe. When a
compressive force is applied, the spring instantly compresses,
representing the elastic response of the tissue. The syringe
plunger starts to displace and continues as it pushes fluid
through the orifice. If the force is held constant, the plunger
will continue to move, representing the viscous creep of the
tissue. 1f the compressive force is applied slowly, the syringe
handle offers little resistance. As the rate of force application
increases, the resistance of the syringe to motion increases. This
represents the increase in stiffness of the tissue at higher load-
ing rates. Simply put, the stiffness of the tissue depends upon
the rate at which the load is applied.

A well-known example of loading rate dependence relates
to the failure of ligament and bone. At low loading rates, the
ligament is weaker than the bone and the ligament generally
fails in the midsubstance. At higher loading rates, the liga-
ment becomes stiffer, and failure may occur by avulsion of the
bony attachment of the ligament. Stress relaxation occurs if
the applied force, instead of increasing, is held constant. As the
fluid flows out of the syringe, without further movement of the
plunger, the internal force decreases. These three properties—
creep, stress relaxation, and load rate dependence—make up
the basic tissue viscoelastic properties. It should be appreciated
that the model used in this discussion is a simple linear series
model, for explanation purposes only. Nevertheless, more com-
plex models using combinations of these basic components
have successfully described the observed properties of tissues.
Another example of tissue viscoelasticity, besides tendon and
other soft tissues, is found in trabecular bone (e.g., as found
in vertebrae). In this case, the trabecular structure acts as the
spring component, whereas forcing the interstitial fluid through
the porous matrix as the trabeculae deform represents the vis-
cous component. Under higher loading rates, there is resistance
to flow, increasing the internal pressure and therefore the stiff-
ness of the structure. These effects have been observed at high
loading rates, such as during fracture (Fig. 1-11).%*

Compressive loading
resulting in large deformations

View of internal
trabecular structure

P = Pressurized regions

F = Flow through restrictions

FIGURE 1-11 The trabecular bone possesses some features of
the spring and syringe viscoelastic model described in Figure 1-10,
although it should be appreciated that this is an idealized model.
The trabecular structure acts as the spring element. At higher load-
ing rates, the interstitial fluid resists flowing through the trabecular
spaces, causing increased internal pressure and greater bone stiff-
ness. This anatomical feature allows vertebrae and the metaphyseal
ends of long bones to resist dynamic loads caused by rapidly applied
forces.®
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e

KPR Definitions of the Units Used to
Describe the Basic Properties of
Fracture Constructs

Force, newtons (N) 1 N = 0.2246 Ibs
Displacement, millimeters (mm)

Stress, pressure, modulus, megapascals (MPa) with 1 MPa =
force of 1 N /area of 1 mm?

Modulus = stress / strain, in which stress units are MPa;
strain has no units

Strain (no units); strain = change in length (mm) / original
length (mm)

. J

In summary, bones and joints can be subjected to various
forces, but these forces can be resolved into basic components
that create tension, compression, shearing, twisting, and bend-
ing. These forces cause internal, compressive, tensile, and shear
stresses in the tissue. The stiffness of a fixation construct used
to stabilize a fracture describes how much it deforms under a
given load acting in a specific direction. Stiffness may vary with
direction and is highly dependent on the shape of the fixation
construct. The effect of shape is described by the moment of
inertia. In combination with the moment of inertia, the elastic
modulus of the material describes how stiff the fixation will be
under load, and its ability to withstand the forces of, for exam-
ple, the patient’s weight during ambulation. Failure of fixation
results not only from loading above a construct’s yield point
but also as a result of repetitive stress. Repetitive loading can
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fusion

cause the growth of a crack at a stress concentrator, and can
be significantly accentuated by corrosion when the implant is
immersed in bodily fluids. Biologic tissues behave viscoelasti-
cally, that is, they creep under constant load, stress—relax when
the elongation is fixed, and increase in stiffness as the rate
of load application increases. In this chapter, these mechani-
cal properties are described in basic units of measurements,
defined in Table 1-2.

BiomECHANICS OF INTACT AND HEALING BONE

Bone has a hierarchical structure. As shown in Figure 1-12, the
lowest level of the structure consists of single collagen fibrils
with embedded apatite crystals. At this level of structure,
changing the collagen-to-mineral ratio has a significant effect
on the elastic modulus of the bone,***** which decreases with
loss of minerals (Fig. 1-13). This is important from a fracture-
healing perspective because mineralizing healing callus goes
through phases of increasing mineral density and correspond-
ing increased modulus as healing occurs. At the next level of
structural organization, the orientation of the collagen fibrils
is important.”**"? As demonstrated in Figure 1-14, the ori-
entation of its fibers affects the ability of the bone to support
loads in specific directions. During fracture healing, the cal-
lus initially starts as a disorganized random array of fibers,
which progressively reorganize to become stiffest along the
directions of the major applied loads (body weight and muscle
forces) to which the bone is exposed. At the next level, the
density of the haversian systems affects bone strength. It has
been repeatedly demonstrated that a power law relationship

Periosteum

Nutrient
artery

FIGURE 1-12 The hierarchical structure of bone is
demonstrated. At the lowest level of organization,

mines the elastic modulus of the combined material,
as shown in Figure 1-13. At the next level, the fiber
orientation is important in determining the difference
in strength of bone in different directions. At the final
level, the lamella of bone fibers form haversian sys-
tems that, particularly in cortical bone, are oriented in
the direction of the major loads the bone must support.
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FIGURE 1-13 Elastic modulus of bone samples tested in tension

after exposure to different concentrations of HCI. Greater HCI con-

centration progressively demineralizes bone, ultimately leaving only

collagen. This diagram illustrates the contribution of bone mineral to

the tensile elastic modulus of the whole bone.*

exists between bone density and strength at this level of struc-
ture (Fig. 1-15). This means that as bone density decreases,
its strength decreases as the square of its density (as density
decreases by half, strength decreases by a factor of four). This
forms the basis for predicting changes in bone strength as a
result of conditions such as osteoporosis. Similarly, the mod-
ulus changes with bone density by a power of between two
and three.?***21°"%* Noninvasive measures of bone density
such as quantitative computed tomography (QCT) have been
shown to have a significant predictive relationship with bone
S[rength.2,45,46,108

Several additional factors can affect the strength of the
bone. As discussed previously, bone is a viscoelastic material
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FIGURE 1-15 The relationship of tra-
becular bone density to compressive 20
strength and modulus demonstrates
a power law relationship, so that 0
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FIGURE 1-14 Effects of collagen fiber direction on the resistance
to loads applied in different directions. A: Under tensile loading, the
strongest arrangement is having the collagen fibers parallel to the
load. B: Under compressive loading, the strongest arrangement is
having the collagen fibers perpendicular to the load. C: In bone that
must accommodate different loading directions, the arrangement
of the haversian system produces one strongest direction along the
axis, with approximately equal strengths in other directions.®®
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these properties decrease by a factor
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whose strength and modulus both increase as loading rate
increases (e.g., in fracture impact loading as compared with
normal ambulation).*! *0##112172 The geometry of bone, spe-
cifically the size of the cross section and thickness of the cor-
tex, affects its moment of inertia and therefore its strength.'*
Age also affects bone properties. The bending strength and
modulus increase as bone mineralizes and matures from child-
hood to adulthood and slowly decrease thereafter,**1°° and
the capacity to absorb impact energy decreases with age® as
bone becomes more brittle. Defects or holes in bone (e.g., from
drilling for screws) also affect its strength.”**#*1%*!!! The tor-
sional strength of bone decreases as the diameter of the hole
or defect increases (Fig. 1-16). As the hole increases in size
to 30% of the diameter of the bone, bone strength decreases

to about 50% of that of the bone without a defect. An impor-
tant consideration, applicable in the resection of bone (such as
in the removal of a tumor), is the shape of the hole or defect
left after tumor removal. Leaving a hole with square corners
significantly decreases bone strength compared with the same
hole with rounded corners, because the square corner is a large
stress concentrator. Oval or circular holes, although themselves
still stress risers, do not contribute the additional effect of the
sharp corner.’® Table 1-3 summarizes the strength of cortical
and cancellous bone material as well as the ultimate strengths
of various whole bones.

As a fracture heals, its strength is affected by changes in its
mineral content, callus diameter, and fiber organization, as dis-
cussed previously. The initial callus forms from the periosteal

w.\:IIXEW Mechanical Properties of Bone Material and Whole Bones
in Different Loading Directions
Elastic Modulus Ultimate Stress
Bone Type Load Type (x 10° N/m?) (x 10° N/m?) Reference
Cortical Tension 11.4-19.1 107-146 57
58
93
172
Compression 15.1-19.7 156-212 44
Shear 73-82
Cancellous Tension ~0.2-5 ~3-20
Compression 0.1-3 1.5-50 34
166
64
Shear 6.6+1.7 157
Loading Direction Ultimate
Bone Type and Type Strength Reference
Cervical spine Axial compressive impact 980-7,400 N 93
Extension 57 N'm
Flexion 120 N m
Lateral bending 54 N m
Lumbar spine Axial compressive impact 1,400-9,000 N 22
37
Sacroiliac joint Axial compressive impact 3,450-3,694 N
Femoral neck Lateral to medial at 1,000-4,000 N
trochanter 725-10,570 N 2
Vertical impact at 103
femoral head 155
Femur Torsion 183 N'm
From impact at knee 6,230-17,130 N
along axis 21.2-31.3N'm
Three-point bending,
posterior
Patella Impact perpendicular to 6,900-10,012 N
anterior
Tibia Axial torsion 101 £35 Nm
Foot and ankle Impact perpendicular to 4,107-6,468 N 15
sole 63

N
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FIGURE 1-16 The relationship of ultimate torque (failure torque) of a
long bone to the diameter of the hole divided by the outer diameter
of the bone. There is no change in ultimate torque until the defect
size increase beyond greater than 10% of the diameter of the bone.*

surface outward, which is beneficial mechanically, because as
the outer diameter of the healing area enlarges, its moment of
inertia and therefore its initial stiffness both increase, as shown
in Figure 1-17."*® The cross-sectional area increases progres-
sively as shown in Figure 1-18, as does the mineral content of
the callus.® The mechanical results of these bony changes (as the
fracture heals) are shown in Figure 1-19. From torsional tests of
healing rabbit long bones, progressive increases were observed
in stiffness and peak torque to failure with time.'®® Interestingly,

3

(A) Relative strength/mm? 5/3
Relative rigidity/mm? 2

(B) Relative strength/mm? 1
Relative rigidity/mm? 1

(C) Relative strength/mm? 1/2
Relative rigidity/mm? 1/4

FIGURE 1-17 A comparison of the moments of inertia and result-
ing strengths when fracture callus is located (A) on the outer sur-
face, (B) on the bone surfaces, or (C) in the medullary canal. The
strength and rigidity are significantly increased when the callus is
located over the periosteal surface, compared to within the medul-
lary canal.'**

30
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FIGURE 1-18 Changes in the cross-sectional area of a healing fem-
oral fracture, which peaks and slowly decreases. There is a similar
increase in the mineral content. (The data come from rats, which
heal more rapidly than humans, indicated by the 4-week time to
peak mineralization.)®

in that experiment, the stiffness appeared to reach normal val-
ues before the peak torque to failure, showing that stiffness and
strength are related, but not directly. Figure 1-19 shows that
beyond 4 weeks (in rats, whose bones heal rapidly), the cross-
sectional area starts to decrease as the bone remodels to normal
shape, whereas the bone tissue continues to mineralize.

Age also plays a very important role in the healing of
bone. Increased osteoclast activity, as well as less robust oste-
oid and vascular proliferation, impairs the healing process.''®

Torque (Nm)

0° 5° 10°
Angular displacement
FIGURE 1-19 A comparison of superimposed torque-angular
displacement plots taken from experimental long bones at differ-
ent stages of healing shows the significant increase in both stiff-
ness and peak torque to failure with increased duration of healing.
Numerical values are time in days post fracture in rabbits."®
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Although the development of modern orthopedic implants and
techniques help to increase bony fixation and mechanical stiff-
ness, which can improve healing results, the biology of aging
is the main culprit.

The mechanical environment created by the fixation system
along with the available blood supply affects the type of tissue
formed in a healing fracture. The theory of interfragmentary strain
attempts to relate the types of tissues formed to the amount of
strain experienced by the tissue between the healing bone frag-
ments.'”® This theory is a simple representation and cannot
describe the complex stresses that the tissue is exposed to during
actual healing. Nonetheless, within the limitations of the theory,
when large strains occur in the tissues between the healing bone
surfaces, granulation tissue is formed. Intermediate-level strains
produce cartilage and small strains result in primary bone healing
or direct deposition of bone tissue with limited callus formation.

Among the limitations of this theory, one should recognize
that zero strain does not correlate with maximum bone for-
mation. Load and some resulting strain are necessary within
the healing fracture to stimulate bone formation. In a study
in which controlled daily displacements in compression were
applied to healing long bones using an external fixator, and the
bone mineral content of the healing fracture was measured with
time, there was an optimal displacement above or below which
less mineral was created in the fracture callus (Fig. 1-20).'%
Furthermore, compression, rather than tension, is the preferred
direction of loading.'® Fracture fixation constructs of different
stiffnesses within a certain range produce healed fractures with
similar mechanical properties, although they may reach this
endpoint by different biologic routes. In a study of femoral fixa-
tion using IM rods of either 5% or 50% of the torsional stiffness

Mid gap bone mineral content
(mg/mm) Gradient
1100 1 , 05 mm > control
1000 - E 20 mm < control
! (p<.001)
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600 1
500 1
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300 1
200 1
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1
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1
1 T T T T T T T T 1
1 2 3 45 6 7 8 9 10 1112
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FIGURE 1-20 The effect on bone mineral of different cyclic displace-
ments applied daily within a healing fracture (upper curve, 0.5 mm;
middle curve, 1 mm; lower curve, 2 mm for 500 cycles/day). This
shows that some displacement (in this experiment, 0.5 mm) stim-
ulates bone formation, but that greater displacements (1 mm and
2 mm) do not enhance bone formation. These results point to an
optimal range of displacements for maximum bone formation.'®’

FIGURE 1-21 A comparison of the different healing responses of
dog femurs with midshaft fractures fixed with (top) IM rods of
5%, or (bottom) 50% of the torsional stiffness of the intact femur.
The femurs fixed with rods of lower stiffness produced more cal-
lus as additional stabilization against functional loads, but there was
ultimately no difference in the mechanical properties between the

femurs fixed with rods of different stiffnesses."”"

of the intact femur, the femora fixed with the lower stiffness
rods produced an abundance of stabilizing callus, as opposed
to the femora with more rigid fixation; see Figure 1-21. In
both cases, however, the mechanical properties of the healed
fractures were ultimately similar.'” With the development of
newer implant designs and advent of locked plating the ques-
tion of excessive construct stiffness has been raised. Although
compression at the fracture site, coupled with rigid fixation, is
desirable in the case of anatomical reduction, for comminuted
fractures rigid fixation may lead to the development of non-
union. The overzealous use of locking implants to combat the
poor fixation in weak bone may also cause the implant—{racture
construct to be too stiff for optimal healing. Finding the correct
amount of stiffness of the construct, which will in turn maxi-
mize fracture healing, is still an active area of research.?” >

In summary, several factors affect the strength of bone and
healing fractures. Increasing mineral content increases fracture
stiffness. Callus that forms on the periosteal surface is beneficial in
increasing the moment of inertia and therefore the stiffness of the
fractured region. Healing fractures exhibit several stages, with the
return of stiffness followed later by peak load to failure normaliz-
ing. Bone will heal within a range of mechanical environments. To
a certain extent, healing bone will compensate for more flexible
fixation by forming a greater quantity of fracture callus; however,
there is a range of loading of a healing callus sufficient to stimulate
bone formation, which increases as the callus matures.

BiomECHANICS OF BONE FRACTURE

To appreciate why bone fractures in certain patterns, one
must understand that, as shown in Table 1-3, the bone is
weakest in tension and strongest in compression. Therefore,
when a force creates tensile stresses in a particular region of
a loaded bone, failure will generally occur first in that region.
The simplest example, shown in Figure 1-22, is the transverse
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FIGURE 1-22 Top: A transverse fracture is created by the progres-
sive tensile failure of bone material starting from the convex sur-
face in which elongation, and therefore, stress is greatest, with the
crack progressing to the concave side. Bottom: A spiral fracture is
created by progressive failure in the tension of fibers on the bone
surface along the diagonal that elongates as the material on the
surface distorts when torque is applied. (A rectangle on the surface
becomes a parallelogram, with one diagonal elongating. The frac-
ture will be transverse to the diagonal.)

fracture created in a long bone subjected to pure bending. In
this example, the upper, convex surface undergoes the great-
est elongation and is subjected to the largest tensile stresses
and subsequent failure, indicated by a cortical crack. The crack
then progresses transversely through the material, and layers
just below the outer layer become subjected to high tensile
stress until they fail as well. In this manner, the crack progresses
through the bone transversely until a complete fracture occurs.
The concave surface is subjected to compression, so the crack
does not initiate there. A second example is the fracture line or
crack that occurs when a bone is subjected to torsion or axial
twisting. In those cases, a spiral fracture results. Consider, as
shown in Figure 1-22, a rectangular area on the surface of a
long bone that is loaded in torsion. The rectangle distorts as the
bone twists, with one diagonal of the rectangle elongating and
the other shortening, depending on the direction of the twist. A
crack will form perpendicular to the diagonal that is elongating
(or under tension), and progresses around the perimeter of the
bone resulting in a spiral fracture. The region of the bone with
the smallest diameter is usually the least stiff region, resulting
in the greatest distortion of the surface and is generally the loca-
tion of the fracture. This explains why torsional fractures of the
tibia often occur in the narrow distal third.

A compressive load results in the failure of cortical bone
by shear, indicated by slippage along the diagonal, because

the bone is weaker in shear than in compression (Fig. 1-23).
At very high loads, such as during impact fractures, crushing
or comminution of bone also occurs, especially at the weaker
metaphyseal ends of a long bone. The trabecular bone at the
metaphyseal ends is weaker in compression than the diaph-
yseal cortical bone is in shear. Because of this, it is unlikely
that shearing failure will occur in the diaphysis caused by pure
compressive forces. The butterfly fracture (Fig. 1-23) results
from combined bending and compression. Bending load causes
the fracture to start to fail in tension producing a transverse
crack, but as the crack progresses and the remaining intact
bone weakens, it starts to fail in compression, causing an
oblique (shear) fracture line. As the ends of the failing bone are
driven together, a third fragment—the butterfly—may result as
the oblique fragment splits off. The production of a butterfly
fragment probably depends on the timing and magnitude of the
two basic applied loads: compression and bending.

Aging, especially with osteoporotic changes, alters both the
force required to fracture the bone and the types of fractures
that occur. As shown in Figure 1-15, trabecular bone’s stiffness
varies with the cube (third power) of its density and its strength
approximately with the square of its density.’* Bone mass nor-
mally peaks around age 25 to 30 years and decreases up to
1% annually thereafter. If the density of the trabecular bone is
decreased by 30% in a 60- to 70-year-old as a result of osteo-
porosis, the bone compressive strength is about half of that of a
30-year-old. Typically, fractures as a result of osteoporosis occur
in the vertebrae, the distal radius, and the femoral neck. In
addition, osteoporosis changes the cross-sectional shape of long
bones, decreasing the thickness by increasing the endosteal
diameter while causing the periosteal diameter to increase. If
cortical outer diameter—for example, in the femur—increased
and cortical thickness decreased at the same rate, the moment
of inertia of the bone cross section would be larger. That is
why large-diameter thin tubing can be substituted for smaller-
diameter thicker tubing in structures (e.g., sailboat masts),
saving weight, while not sacrificing strength. However, in the
femur, the inner surface of the cortex also becomes more irreg-
ular and porous, decreasing its material strength. A common
result of loss of femoral bone mass combined with other fac-
tors, such as poor balance, is a hip fracture (usually resulting
from a fall).!

Auto crashes are a common cause of high-energy fractures,
and some particular mechanisms have been observed over time.
Fracture of the calcaneus, talus, or pilon can occur through a
combination of the foot being forced against the brake pedal by
the weight of the occupant during a high-speed frontal colli-
sion, or in combination with the floor pan of the auto crushing
into the space in which the foot resides.””* Drivers who were
braking during a crash were shown to be much more likely
to injure their right foot compared with their left foot."” If the
Achilles tendon applies load to resist the forced dorsiflexion of
the foot on the brake pedal, the combination of these two loads
may cause three-point bending loading of the calcaneus, with
the posterior facet of the talus as the fulcrum. A crack initiates
on the plantar or tensile side of the calcaneus and a tongue-type
calcaneus fracture can occur. Inversion or eversion, in which
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the foot is not securely planted on the brake pedal and rotates
with compression, is likely to result in a malleolar fracture,”
although the combinations of forces causing these high-energy
fractures are not entirely predictable.

A major mechanism of midshaft femur fractures is impact
with the dashboard of the vehicle in a frontal collision, espe-
cially for unrestrained drivers who submarine or slide forward
in the seat.'” Tensing the quadriceps and hamstrings muscles
during a crash applies significant additional compression along

Pilon fracture

by shear failure
in compression

Butterfly fracture

FIGURE 1-23 A: Left: Tensile fracture causes
a stepped surface as fibers pull apart. The crack
progresses, then steps to an adjacent region
in which failure continues. Right: Pure com-
pression of cortical bone results in failure by
shearing or sliding along oblique surfaces. In
reality, pure compression of a long bone (e.g.,
in a fall) results in crushing of the much weaker
metaphyseal trabecular bone, such as with a
tibial pilon or plateau fracture. B: Some frac-
tures that combine bending and compression
demonstrate transverse cracking as a result of
bending followed by an oblique crack character-
istic of compressive failure. The butterfly frac-
ture with additional splitting of the fragment
secondary to the initial fracture is an example.

the femur.'® The anterior bow of the femur causes the external
compressive force from contact of the knee with the dashboard,
and internal muscle forces bend the femur, resulting in bending
and transverse or oblique fractures. If the femur of the occupant
hits the dashboard in an adducted orientation, the femur can be
displaced from the acetabulum, causing a fracture of the posterior
wall of the acetabulum and dislocation of the hip joint. Pelvic
fractures can result from loading in side-impact crashes, in which
the door punches inward against the hip and pelvis. The actual
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fracture pattern of the posterior pelvis (sacrum, sacroiliac joint,
or both) is probably the result of the specific alignment of the
pelvis with the applied loads at impact. Some pelvic fracture clas-
sifications are based on the presumed mechanism of injury and
specific forces applied.** #8727 Bilateral hip fractures have been
found to occur in crashes in which the vehicle has a large center
console that tends to trap the pelvis as force is also applied on
the hip opposite that which contacts the door. Upper extremity
injuries in auto crashes have been found to be related to airbag
deployment and entrapment of the arm in the steering wheel.”

BiomECHANICS OF FRACTURE IMPLANTS

Avoiding Mechanical Problems with
Fracture Fixation Devices

When fracture implants fail prior to fracture union, a variety
of underlying problems may be present, but in general, they
can be divided into one of two categories: biologic or mechani-
cal. Biologic causes of delayed union and fixation failure may
be related to the patient’s systemic biology, such as smoking,
chronic diseases such as diabetes, medications such as steroids,
and many other causes. Although some biologic etiologies of
fixation failure are only minimally under the surgeon’s control,
others can be directly affected by the physician. The surgeon
should make every effort to preserve soft tissue, respect the
zone of injury, and preserve vascularity. Meticulous surgical
technique, wound closure, and appropriate perioperative anti-
biotic therapy can all reduce the risk of infection and decrease
the risk of treatment failure. When failure occurs acutely or
prior to the expected time that fracture healing would occur,
a mechanical issue is usually the primary culprit. Understand-
ing the mechanical principles underlying stable fixation and
fixation failure can help the surgeon determine the appropriate
investigation and intervention.®’

Screw Breakage by Shearing During Insertion

A screw is a mechanical device that is used to convert rotary
load (torque) into compression between a plate and a bone or
between bone fragments. The basic components of a screw are
shown in Figure 1-24. As shown in Figure 1-25, the thread of
a screw, if unwound from the shaft, is really a ramp or inclined
plane that pulls the underlying bone toward the fixation plate,
causing compression between them.'* To achieve this effect, the
screw head and shaft should be free to turn in the plate; other-
wise, the compressive force generated may be limited (Fig. 1-26).
Locking screws thread into the plate holes, and although this
fixed interface can be beneficial in certain clinical circumstances,
it precludes compression between the plate and the bone.
Tapping is necessary in cortical bone so that the torque
applied by the surgeon is converted into compression instead
of cutting threads and overcoming friction between the screw
thread and the bone (F, in Figure 1-25) that it is being driven
into (Fig. 1-27).%% In some cases such as screw insertion into
dense bone or the insertion of smaller diameter screws, the use
of a separate tap followed by screw insertion can facilitate screw
advancement into the bone. Most modern screw designs have
self-tapping screw tips that cut the path for the threads as the
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FIGURE 1-24 Nomenclature of screws. The root diameter is the
inner diameter of the screw and the pitch defines the distance
between threads.
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FIGURE 1-25 A screw is a mechanical device that converts torque
into compression between objects. The screw thread is actually
an inclined plane that slowly pulls the objects it is embedded into
together. (F,, normal or compressive force acting against the screw
head; F, tangential or frictional force acting along the screw thread;
F,, resultant of the two forces; o, angle of the screw thread. The
smaller the angle o [finer thread] the lower the frictional force.)
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Percent of

FIGURE 1-26 A comparison of cortical and locking screws. Top: Compression screw. As the screw
is inserted, the head of the screw is free to rotate within the plate hole and thus allows for compres-
sion of the plate to the bone as the screw threads continue to drive the screw deeper into the bone.
Bottom: Locking screw. As the screw is driven into the bone, the threads in the head of the screw
engage and become fully threaded into the plate. Thus the screw is unable to apply a compression
force to pull the plate and bone together.

torque applied Action
Untapped  Tapped
hole hole
5% 65% Generating ‘
compressive
force Screw
50% 30% Interface Screw torque
friction
FIGURE 1-27 Schematic diagram showing the
Plate ; approximate distribution of torque acting on
a screw placed into cortical bone. With a pre-
tapped hole, about 65% of the applied torque
10% 5% Thread—screw goes to produce compression and 35% to over-
friction come the friction associated with driving the
Bone screw. When the hole is not tapped, only about
35% 0% Cutting 5% of the torque is used to produce compres-
threads sion, the rest going to overcome friction and to

cut threads in bone. These observations do not

apply in cancellous bone.
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screw is inserted. Screws with multiple cutting flutes at the tip
of the screw appeared to be the easiest to insert and had greater
holding power.'™ Tapping is less advantageous in cancellous
bone as it may decrease the pull-out strength of the screw in
cancellous bone." In some cases, tapping the cancellous bone
may be beneficial. A clinical example would be when treating
femoral neck fractures in a physiologically older patient versus a
younger patient; one may need to use a tap to create the threads
in the denser bone of a younger patient. The reason to use the
tap in the dense bone is to prevent the frictional forces causing
rotation of the femoral head during screw insertion with result-
ing malreduction. In particularly hard bones the frictional forces
become so great that it becomes difficult to advance the screw.

One problem during screw placement is shear failure of the
screw, typically the head twisting off, leaving the shaft embed-
ded in bone and difficult to remove. This can occur especially
when not using a tap before insertion, or when inserting smaller
(less than 4-mm diameter) screws in dense bone. The stiffness
and strength of a screw are related to the fourth power of its
radius (the effect of moment of inertia for screws of the same
material). A 6-mm diameter screw is approximately five times
as stiff as a 3-mm diameter screw and 16 times as resistant to
shear failure by overtorquing the screw during insertion. The
junction of the screw head and threaded portion of the screw is
a transition point in shape and size. Therefore, it acts as a stress
concentrator and is usually the location of the screw breakage.

Screw Pullout

Particularly in cancellous bone, the maximum force that a screw
can withstand along its axis, the pullout force, depends upon the
size of the screw and the density of the bone it is placed into.
As shown in Figure 1-28, when the force acting on the screw
exceeds its pullout strength, the screw will pull or “strip” out of
the hole, carrying the sheared bone within its threads, greatly
decreasing the holding power and fixation strength. The pullout
force increases with larger screw diameter, a greater number of
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FIGURE 1-28 The factors that determine the pullout strength of a
screw are its outer diameter and length of engagement (this defines
the dimensions of a cylinder of bone that is carried in the threads
and is sheared out as the screw is pulled out of bone) and the shear
strength of bone at the screw—bone interface, which is directly related
to its density. A finer pitch screw produces a small gain in purchase.*®

threads per unit length, a longer embedded length of screw shatt,
and a greater density of the bone it is placed into.”*"**'** The
diameter and length of the embedded screw can be thought of
as defining the outer surface of a cylinder along which the screw
shears. Given a maximum stress that bone of a particular density
can withstand, increasing the surface area of the screw cylinder
increases the pullout force (because force = stress multiplied by
the area over which it acts). To enhance screw purchase, consider
embedding the largest-diameter screw possible into the bone
of the greatest density over as long a purchase length as pos-
sible.”>* Clinically, however, there are downsides to placing the
largest-diameter screw possible. Larger screws can occupy a large
volume in small fracture fragments, limit the number of fixation
sites possible, and propagate adjacent fracture lines.

In cancellous bone, screw pullout becomes a more signifi-
cant problem because the porosity of cancellous bone reduces
its density and therefore its shear strength.””” Hole prepara-
tion, specifically drilling, but not tapping, improves the pull-
out strength of screws placed into cancellous bone (such as
pedicle screws in the vertebral body).” The reason that tapping
reduces strength in cancellous bone, as shown in Figure 1-29,
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FIGURE 1-29 Top: The decrease in pullout strength in various
types of foam used to test bone screws demonstrating the percent-
age decrease in pullout strength between screws placed into holes
that were either drilled only or drilled and tapped. Bottom: The per-
centage increase in volume comparing holes that were drilled only
and those that were drilled and tapped. Tapping in cancellous bone
increases hole volume, which decreases pullout strength.*®
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is that running the tap in and out of the hole removes the bone,
effectively increasing the diameter of the hole and reducing the
amount of bone material that interacts with the screw threads.
Tapping has a more detrimental effect as bone density decreases
and can reduce the pullout strength from 8% to 27%.” Pullout
strength can also be related to the time after insertion. As the
bone heals, it can remodel around the screw, potentially dou-
bling its initial pullout strength.'*

Recent research has focused on whether pullout strength
is an appropriate measure of screw performance in cancellous
bone."”! In a nonlocking plate and screw construct, much of the
stability of the construct is from the friction generated from com-
pression between the plate and the bone. As a screw is inserted
into the bone, if it is able to generate high values of insertional
torque, this will result in increased compression of the plate to
the bone and increased stability. As the maximum insertional
torque is reached and then exceeded, the screw will then “strip
out” and lose its purchase in the bone. Although a relationship
exists between maximum insertional torque, screw pitch, and
compression forces, in this study, pullout strength was found to
have no correlation with either the maximum insertional torque
or screw pitch. Thus, this may be a better way to measure screw
performance and optimize screw characteristics.

Screw Breakage by Cyclic Loading

Once screws are successfully inserted and the construct is
finalized, screws become subject to cyclic bending forces as
the patient begins to mobilize (Fig. 1-30). Ideally, a nonlock-
ing screw is initially tightened against the plate to achieve the
maximal torque possible, which is converted to the maximal
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FIGURE 1-30 A mechanism for rapid failure of screws in cyclic
bending occurs when the screw has not been tightened sufficiently
to keep the plate from sliding along the bone surface (the plate—
bone gap shown here is exaggerated for clarity). The result is that
bending loads are applied transverse to the long axis of the screw,
which in combination with fretting corrosion caused by the screws
rubbing against the plate results in early failure of the screw.

compressive force between the plate and the bone (Fig. 1-27).
The screw holds the plate against the bone partly by frictional
contact, which depends on the frictional force generated between
the undersurface of the plate and the bone. The frictional force
is directly dependent on the compressive force generated by the
screws. If any sliding occurs between the plate and the bone,
the bending load will be transferred from the head of the screw
into the plate, where screw—plate contact occurs. Bending loads
perpendicular to the axis of the screw, along with possible stress
corrosion and fretting corrosion, may cause the screws to fail
rapidly in fatigue. Zand et al.'”" showed that screws tightened
against a plate with 10% to 15% less than the maximum force
failed in less than 1,000 loading cycles by bending fatigue, com-
pared with fully tightened screws that were able to sustain over
2.5 million loading cycles. This emphasizes the clinical impor-
tance of ensuring screw tightness during plate fixation.

Screws that lock into the plate reduce this problem as it is
less subjective when threaded screw heads are fully tightened
into the plate hole. Small-fragment screws (3.5- to 4-mm outer
diameter) can fatigue because their core diameters are small.
The trade-off in the use of locking screws is that a screw with a
larger core diameter and shallower thread reduces the possibil-
ity of fatigue failure, but a smaller core diameter and deeper
thread can increase purchase strength in the bone."'” Screws
with smaller core diameters fatigue and fail more rapidly than
screws with larger diameters. The fatigue strength of the screw
must be weighed against the purchase power of the screw as
well as the size of the screw in relation to the size of the bone
fragment. In some cases the decision must be made between a
screw with a large core diameter with shallower thread, which
maximizes fatigue strength or a smaller core diameter screw
with deeper threads, which maximizes purchase power.

Cannulated screws are used for fixation when the insertion
of a guide wire is helpful to guide the future path of the screw.
However, drilling precision for the guide wire is decreased
with increasing density of bone and the use of longer- and
smaller-diameter guide wires.”” Cannulated screws follow the
same mechanical principles as solid screws, but material must
be removed from the center of the screw to accommodate the
channel for the guide wire. Manufacturers commonly increase
the core diameter (the diameter of the screw at the base of the
thread) to accommodate for the loss of this central material.
The same-size cannulated screws usually have less thread depth
compared with solid screws. The result—depending on the
screw size—is less pullout strength. For 4-mm diameter screws,
cannulated screws of the same outside diameter had about 16%
less pullout strength.'® Alternatively, to keep the same thread
depth, the outer diameter of the screw may be increased. An
additional consideration is that cannulated screws are signifi-
cantly more expensive than solid screws.

Fully Threaded Lag Screws

The lag screw is a very effective device for generating large com-
pressive forces across fracture fragments and the fracture site.
The head and upper part of the shaft of the screw must be
allowed to glide in the near fracture fragment so that it pulls
the far fracture fragment toward it to create compression across
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FIGURE 1-31 Using a fully threaded lag screw causes the threads
to engage in bone on both sides of the fracture. This inhibits the
screw from compressing the bone fragments together.”!

the fracture surface. As shown in Figure 1-31, a fully threaded
lag screw can block the gliding action between the two frac-
ture fragments. Comparing the compressive forces across the
fracture site using fully and partly threaded lag screws demon-
strated that the average compressive force at the opposite cortex
(i.e., the force in the screw itself) was about 50% greater when
a partly threaded screw was used.”

Breakage of Fracture Fixation Plates

Fracture fixation plates can be used for several different func-
tions, depending on how they are applied. One common
application is for use as a “compression plate” in an attempt
to achieve rigid stability. In this mode, the fracture fragments
are driven together, compressing them. This is beneficial to
fracture healing because it improves stability, allows primary

bone healing with minimal callus formation, and enhances the
resistance of the plate to bending fatigue failure. Observing the
cross section of an oval hole in a dynamic compression fracture
plate, Figure 1-32 shows that one border of the hole actually
has a cup-shaped inclined surface. When the head of the screw
advances downward toward the bone surface, the screw and the
fragment of bone it is attached to slide toward the center of the
plate. This action, which occurs in both fracture components,
causes the fracture surfaces to be driven together* and creates
significant compressive forces across the ends of the fracture.”
Compressing the ends of the fracture significantly improves the
stability of the construct and reduces bending and torsional
stresses applied to the plate, increasing its durability. Stability is
improved because the bone ends resist bending forces that close
the fracture gap, and torsional loads are resisted by the frictional
force and interlock between the ends of the fracture compo-
nents. Also, the fracture gap that must be healed is smaller.

It is important to appreciate that the plate is vulnerable to
bending failure, because plates are relatively thin and easy to
bend (compared with bone), and have low moments of iner-
tia. When used to apply compressive force to the ends of the
fracture, the stabilized bone can then resist the bending loads
applied during functional use. If a gap is left on the side oppo-
site the plate (Fig. 1-33), as when a bridge plating technique is
used, the fracture site can become a fulcrum around which the
plate bends under combined compressive and bending loads
such as those which occur with axial loads. Gapping can also
occur when a segment of bone is missing at the fracture site,
or if the plate is not properly contoured during application.
Figure 1-34 demonstrates how a flat, noncontoured plate tight-
ened against a flat bone surface will cause a gap to appear on
the opposite cortex.** This is why a plate should be slightly
overcontoured to create an initial gap between it and the bone
surface it will be applied to.””'*>'* Gapping at the fracture also
occurs when the plate is applied to the predominantly com-
pressive side instead of the tensile side of a long bone during
functional loading that causes bending. Figure 1-35 demon-
strates that placing the plate on the compressive side will cause
a gap to open under load.
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FIGURE 1-32 A: Cross section through the head of a bone screw and the hole in a fracture plate
showing the geometry. B: As the screw is tightened, the head slides down the inclined border of the
plate, which displaces the screw sideways, and therefore, the screw and the bone fragment to which
the screw is attached are displaced toward the opposite fragment.
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Plate stresses are significantly increased by gapping at the
fracture."* In comminuted fractures in which it is difficult to
approximate the fracture ends, bridge plating can be performed,
and screws should be placed as close as possible across the frac-
ture gap and spread over a long plate length to reduce strains
in the plate.” Torsional and bending stiffness of a fracture con-
struct can be significantly increased, and therefore, plate strain
reduced, by increasing the length of the plate itself.'"*" While
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FIGURE 1-34 A demonstration of the gapping that occurs on the
opposite cortex when a flat plate is applied to a flat bone surface.
Slightly prebending the plate causes the ends of the opposite corti-
ces to be driven together when the plate is applied.'®
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and friction at FIGURE 1-33 Left: When a gap is
u] the fracture site ! left on the cortex opposite that to
resist both which the plate is attached, bend-
4 compression and ing of the plate at the fracture site
torque forces can cause the plate to fail rapidly in
bending. Right: Compressing the
fracture surfaces not only allows
the bone cortices to resist bending
loads but the frictional contact and
Torque  interdigitation help resist torsion.

increasing the number of cortices of fixation also increases the
stiffness, as shown in Figure 1-36, the number of screws is not
the sole determinant of construct stiffness.”® Figure 1-37 shows
several interesting aspects related to plate fixation with screws.
First, plate strains are highest at the two holes adjacent to the
fracture gap and become very small five holes away. Second,
this occurs regardless of whether the screws were placed near
the fracture (locations 2, 3, 4, and 5), far from the fracture

Compression

Tension
side

Compression
side

Tension Gap opens

band

Gap closes

FIGURE 1-35 The application of a plate on the compressive as
opposed to the tensile side of a bone subjected to bending causes
a gap to open on the opposite side of the plate during functional
loading.



FIGURE 1-36 Relative stiffness of a plate—bone
construct in (A) torsion and (B) bending as a func-
tion of the number of cortices through which
screws have been placed (DCP, dynamic compres-
sion plate; LC-DCP, limited contact dynamic com-
pression plate).®*

FIGURE 1-37 Distribution of strain (measured in
microstrain or strain x 107 at various locations
along a plate regardless of placement of the
screws in different locations (holes 2, 3, 4, b),
(holes 7, 8, 9, 10), or holes (2, 6, 9).%¢
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FIGURE 1-38 The difference between the conventional screw and
locking screws are shown. The conventional screw has a smooth
screw head that allows for compression between the plate and bone.
The locking screw has a threaded screw head that engages the plate
and “locks.” It does not allow for compression between the plate and
bone. The locking screw also has a finer screw pitch and a larger core
diameter to increase resistance against bending forces.

(locations 7, 8, 9, and 10), or mixed (locations 2, 6, and 9).”
This data also indicate that not all holes of the plate need to be
filled with screws to provide similar fixation stiffness.

Locking Screws and Plates

Locking screws and plates are newer types of implants that can
be used in the treatment of fractures. Most locking screws have
threads machined into the screw heads, which can thread into
the plate, thus locking with the plate and creating a fixed angle
device (Fig. 1-38). In addition, the screws have been designed
with a finer thread and larger core diameter, as torque gen-
eration during insertion is less of a priority, and resistance to
bending forces is paramount.” As stated above, the bending
stiffness of the screw is related to the radius to the fourth power.
Locking plates function differently biomechanically compared
with nonlocking plates. Nonlocking plates are compressed
against the bone fragments by the screws and require bone-
to-plate contact to produce a stable fracture construct. When
the frictional forces of the bone—plate interface are greater than
the load applied, a stable construct results. When the frictional
force generated is less than the load applied, the construct
becomes unstable (Fig. 1-39).

Locking plates and screws are rigidly connected to the plate
which creates a fixed angle device that acts like an external
fixator (Figs. 1-40 and 1-41).°* Because each screw acts as a
fixed implant they do not rely on bone quality as much as con-
ventional screws. Conventional screws need good bony pur-
chase to create the compression needed to secure the construct,
whereas locking screws act as fixed angle devices that rely on
the plate—screw interface, shear strength of the screw, and the
compression strength of the bone for stability of the construct
(Fig. 1-42).

Conventional screw constructs fail differently when com-
pared with locking screw constructs (Fig. 1-43). When con-
ventional constructs fail, it is usually because of loss of bony
purchase of the screw and sequential pull out of the screws.
Because the locking screw creates multiple fixed angle devices,

B LD

FIGURE 1-39 The function of a conventional plate and screw con-
struct relies on frictional forces between the plate and bone to resist
the applied force. When the frictional forces are greater than the
load applied, the construct is stable. If the load applied is greater
than the frictional forces the construct can fail.

FIGURE 1-40 Because the conventional screw does not engage
the plate when load is applied the screw has no angular stability,
Thus it relies on the frictional forces between the plate and bone
for stability. The locking screw engages into the plate and is able to
resist the load because of the screwhead threading into the plate;
thus, it is a fixed angle device.
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FIGURE 1-41 Locking plate-screw construct fuctions as an internal
fixator. Decreasing the value of x, y and z (X - pin to fracture dis-
tance, y - pin to pin distance, z - bar to bone distance) will increase
the stiffness in a fixed angle construct. A locking plate helps to do
that by reducing z. The values of x and y can be modulated by the
surgeon and how the pins or screws are placed.

the screws must all fail simultaneously and the entire construct
ultimately fails only after compressive failure of the bone. As
stated previously the bone is weakest in tension and strongest
in compression.

The locking construct does not rely on compression
between the plate and bone; therefore, the plate does not have

Conventional screw construct

FIGURE 1-42 When load is applied (red arrow) to a locking con-
struct, the load is resisted by the plate-screw interface (orange
circle) acting as a fixed angle device. Also the screw shaft (arrow)
exposed between the plate and bone resists the shear forces. And
because of the fixed angle construct, the forces applied are also
resisted by compression of the bone (orange rectangle).

to sit directly on the bone. This can preserve the soft tissue
envelope and periosteum, and cause less interference with the
biologic processes of fracture healing. Also, locking plates pro-
vide more stability in comminuted fractures™ in which cor-
tical apposition and compression are difficult to achieve and
fracture mechanical stability occurs mainly from the implant.”

Locking construct

FIGURE 1-43 The conventional screw con-
struct fails when the screws lose purchase
in the bone and pull out of the bone. Note
the screws fails sequentially. The locking
construct acts as a fixed angle device and
failure results when the bone fails in com-
pression and all the screws fail simultane-
ously.

(c) 2015 Wolters Kluwer. All Rights Reserved.
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However, locking screws cannot create compression at the frac-
ture site and thus rely on relative stability.

Dynamic fatigue testing has shown that locking plates
have fatigue strengths similar to other systems and are able to
support loads comparable to one body weight for two million
cycles, which should be sufficient for normal fracture healing.
Since screw pullout strength is related directly to the length of
screw purchase in bone cortex, unicortical screws used in some
systems have lower pullout strength than bicortical screws and
should be avoided. As with other systems, locking plates have
mechanical sensitivities. For example, accurate placement of
the locking screws is important. As Figure 1-44 shows, angula-
tion of the screw causes incomplete engagement of the thread
at the screw—plate interface and, therefore, lower mechanical
stability of the construct. In fact, comparatively, the bending
stability of a 4.5-mm locking plate was reduced to 63% and
31%, respectively, with 5- or 10-degree axis deviation of the
locking screw insertion vector.™ Although some of the newer
systems do allow for variable angle locking trajectories, deviat-
ing from the design parameters will result in loss of mechanical
stability of the screw—plate interface.

Plate Failure Through a Screw Hole

Many plates have multiple screw holes to provide many fixation
options depending on the specific requirements of the fracture
pattern and bone quality. It is not necessary to place screws in
every hole in the plate,” but the effects of screw placement on
fixation stiffness should be understood. An empty screw hole

FIGURE 1-44 A demonstration of the importance of accurate place-
ment of locking screws into the plate.®®

is an area of elevated stress on the plate, unless the plate is
made thicker near the holes to compensate, as is the case with
some implants. The plate material around the holes will have
higher material stresses than occur in the solid regions of the
plate. Around the holes, the force acts through a smaller cross-
sectional area, so the material stresses must be higher. A sec-
ond consideration related to multihole plates is that separating
the screws, so that there is a greater distance between them
across the fracture site, that is, increasing the “working length”
of the construct, results in lower stiffness of the plate—fracture
construct.”” With an increased working length, a given applied
load is distributed over a longer segment of plate, decreasing
the amount of stress per unit length of the plate. This may have
beneficial biologic ramifications as well, as fracture site motion
is distributed to more of the comminuted fragments, decreasing
strain at each fragment, and increasing the likelihood of callus
formation.

Femoral Splitting as a Result of Intramedullary
Nail Insertion

Insertion of an IM nail into the femur can lead to difficulties
because the femur has a significant anterior curvature,'” shown
in Figure 1-45. Current femoral nails have radii of curvature
that range from 186 to 300 cm, compared with an average of
120 + 36 cm for a large sample of human femora. Therefore,
current femoral nails are considerably straighter than the aver-
age human femur, especially in older individuals where ante-
rior femoral bowing may be increased.” The nail, which has
a curved shape to accommodate the femoral bow, must also
conform to the curvature of the femur as insertion progresses.
Placing a nail, which is essentially a curved spring, down the
femoral canal causes the nail to bend slightly, because the femur
is generally much stiffer than the nail (Fig. 1-46). In fact, the
nail must conform not only to an anterior—posterior bow but
also canal curvature medially and laterally.” Figure 1-47 dem-
onstrates that nail contact with the internal surfaces of the
femur generates forces which resist insertion. These nail-femur
contact forces or “hoop stresses” directed perpendicular to the

FIGURE 1-45 Cross sections of various femora demonstrate the
curvature that an IM rod must conform to when it is fully inserted.”®
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FIGURE 1-46 Mismatch of the curvature between the IM rod and
the medullary canal results in bending stresses that could cause
splitting of the femur during insertion.®

surface of the medullary canal cause the femur to expand and
will result in splitting or fissuring if they become too large.®

The factors that govern the amount of bending of the nail
during insertion and the resulting internal forces acting within
the femur are the proximal start position, the length of the
proximal fragment, the initial curvature of the IM nail com-
pared with the curvature of the femur, and the bending stiffness
of the nail. Nail stiffness can vary considerably, and depends
heavily on diameter and material."*® Many currently used nails
are titanium, which is a less stiffer metal than stainless steel.
Figure 1-47 demonstrates examples in which malposition of
the proximal start point resulted in femoral splitting during nail
insertion.®” Some newer IM nails employ a valgus bend to be
used with a femoral trochanteric entry portal."*® The optimal
entry point for retrograde nailing was found to be about 1.2 cm
anterior to the femoral origin of the posterior cruciate ligament
and at the midpoint of the intracondylar sulcus.”

IM Nail and Locking Screw Breakage

Fractures of IM nails and locking screws occur occasionally
during healing. The most demanding mechanical situation for

IM nail fixation of the femur or tibia occurs when the fracture
is very distal. Figure 1-48 compares the forces acting on ideal-
ized femora with more proximal and more distal fractures. For
a specific location of the external load (muscle load or body
weight), the more distal fracture results in a longer moment
arm (the perpendicular distance from the load to the fracture
site), creating a greater moment, and therefore higher stresses
in the implant. The highest stresses in the nail occur near
the fracture site. With a distal fracture, in addition to the
greater moment, the locking holes—which are significant
stress risers—are usually located just distal to the fracture site.
It has been shown that the maximum stresses acting in the nail
increase rapidly once the distance between the fracture and the
most superior of the distal screw holes is reduced to less than
about 4 cm.”® Cyclic loading of nails used to fixed distal frac-
tures, with peak loading of about one body weight, confirm
that titanium alloy nails can survive more than one million
loading cycles when the more proximal of the distal locking
screws is more than 3 cm from the fracture site.” In addition,
placing the distal locking screws can be difficult because they
must be inserted freehand under fluoroscopic guidance. Some-
times, the corner of the screw hole of the nail can be nicked
by the drill or while driving the screw, creating an additional
stress riser that can accentuate the fatigue process. Awareness
of these potential problems has led to design changes such as
closing the proximal section of the nail, increasing material
thickness around the screw holes, and cold forming, which
increases the strength of the material.

Screw bending and breakage can also occur. When distal
screws are placed into the bone with relatively low bone den-
sity, the screw is supported mostly by the cortices. The distal
end of the femur widens rapidly (Fig. 1-49), so the unsup-
ported length of the screw between the cortices can be quite
variable. For the same diameter and material, the stiffness and
strength of a screw subjected to bending decreases with the
third power of its unsupported length (the distance between
cortices, assuming no support from the trabecular bone). If
the unsupported length of one screw is twice as long as that
of another, and assuming that the trabecular bone does not
contribute to support of the screw, one can expect the stiff-
ness and strength of the screw with the longer unsupported
length to be one-eighth that of the screw with the shorter
length between cortical supports, and therefore, the deforma-
tion will be eight times greater under the same load. This does
create a trade-off in fixation of these fractures with respect to
screw placement. If the screws are too close to the fracture,
the stresses in the nail increase, whereas if they are located
within the flair of the metaphysis, with poor trabecular bone,
their unsupported length increases, decreasing stiffness and
strength. The fatigue life of the distal locking screws is directly
related to the diameter of the root of the thread and the result-
ing moment of inertia, so it has been proposed to remove the
threads to increase fatigue life by 10 to 100 times.” Stresses on
interlocking screws are also significantly increased in commi-
nuted fractures, where no load can be borne by the cortices at
the fracture site, as is the case with simple transverse or short
oblique fracture patterns.
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FIGURE 1-48 If the same force acts on IM rods placed in fem-
ora with more proximal (left) or more distal (right) fractures, the
moment arm of the force will be longer in the case of the more
distal fracture and therefore the moment acting at the fracture site
on the implant will be larger. For the more distal fracture, the high-
stress region close to the fracture site is also significantly closer to
the distal locking screw holes which are significant stress risers.

FIGURE 1-47 The starting position
selected for rod entry into the medullary
canal affects the degree to which it must
bend and the internal forces generated in
the femur. A starting position offset from
the axis of the medullary canal, coupled
with a stiff rod and a longer proximal seg-
ment that requires the rod to bend more
during insertion, generate higher inser-
tion forces and internal femoral forces. In
this example of a midshaft femoral frac-
ture (left), the starting hole was selected
medial relative to the axis of the medul-
lary canal (middle) and posterior (right).
The medullary canal is outlined in dashed
lines. Therefore the rod must bend both
medially and posteriorly as it is inserted
into the canal and has created internal
stresses which have split the distal end
of the proximal femoral segment.®®

Loosening of External Fixator Pins

Loosening of fixator pins in bone is thought to result from sev-
eral causes. The shape of the end of the pin itself, because it
is self-tapping, can affect the local heat generated in the bone

Span of screw Span of screw

Screw deformation proportional to (span)®

FIGURE 1-49 Because the distal end of the femur flares rapidly,
the length of the locking screw required to crosslock the rod can
be quite variable. If the screw is not well supported by trabecular
bone but mainly by cortex, then its stiffness and strength decrease
with the third power of its length between cortices. If the screw
length doubles, the deformation of the screw under the same load
increases by a factor of eight.
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during insertion, potentially causing thermal necrosis around
the pin hole site,'™ along with bone microfracturing. In addi-
tion, high local stresses can occur in the pins and bone if the
hole through which the pin is inserted is undersized.* A third
mechanism, shown in Figure 1-50, is micromotion, which
induces bone resorption at the pin—bone interface if the pin is
a loose fit in the hole. To reduce these problems, slight under-
sizing of the bone hole by about 0.1 mm in diameter has been
advocated. If the bone hole is undersized by 0.3 mm in diam-
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FIGURE 1-50 A proposed mechanism for loosening of external fixa-
tion pins involves under- or oversizing the diameter of the pin rela-
tive to the bone hole. A: If the pin and bone hole are of the same
diameter, micromotion can occur with bone resorption. B: If the pin
is more than 0.3 mm smaller in diameter than the hole in the bone,
microfracture may occur during insertion. C: If the bone hole diam-
eter is about 0.1 mm smaller than the pin diameter, the bone is
prestressed but does not fracture, micromotion is eliminated, and
pin stability is maintained.*

eter, the yield strength of bone may be exceeded when the pin
is inserted, resulting in fracture.'**

Excessively Flexible External Fixation

An external fixator is an assembly of pins attached to bone frag-
ments, along with clamps and sidebars that couple the pins.
This assembly allows considerable variation in construction of
a frame to accommodate the fracture. The optimal stiffness of
a fixator necessary to stabilize the fracture and induce healing
changes as the fracture consolidates is not specifically known.
It must be rigid enough to support the forces applied by the
patient during ambulation without causing malalignment of
the fracture. However, it should not be so stiff that the fracture
is shielded from the motion required to stimulate healing by
callus formation. Some basic mechanical guidelines in the con-
struction of the frame, explained below, will ensure that frames
are adequately constructed for the loads they are subjected to.
Figure 1-51 demonstrates that when the diameter of a pin or
sidebar increases, its stiffness and strength increase to the fourth
power of the relative change in diameter (actually the ratio of
the larger to the smaller diameter). As its length (the distance
between bone surface and sidebar) decreases, stiffness and
strength increase to the third power of the length change. This
principle also holds for the pins spanning the fracture, which
affect the unsupported length of the sidebar across the fracture.
In the construction of a frame, it is beneficial to decrease
the sidebar-to-bone distance (which decreases the unsupported
lengths of the pins), increase the pin diameter, and decrease
the distance between the pins which span the fracture. Simi-
larly, increasing the number of pins applied also increases frame
stiffness. In terms of actual effects on bending strength, dou-
bling the sidebar distance from bone decreases frame stiffness
by approximately 67%, doubling the separation distance of the
pins across the fracture decreases stiffness by 50%, and decreas-
ing pin diameter by 1 mm (e.g., from 6 to 5 mm) decreases
frame stiffness by about 50%.'°" Using a partly threaded pin and
burying the pin thread completely within the cortex enhances
the stiffness of the pin because the smaller diameter of the root
of the pin thread is not exposed. Also, using hydroxyapatite-
coated external fixation pins to enhance the screw—bone inter-
face'” has been shown to improve fixation and pin longevity.
The comments above pertain to uniplanar fixators, which
are constructed to resist the major loads of axial compression
and anterior—posterior bending that act on a long bone such
as the tibia during walking. To resist torsion and out-of-plane
(medial-lateral) bending, the fixator can be assembled with
additional pins and sidebars in other planes. A comparison of
the relative stiffnesses of different fixator assemblies is given
in Figure 1-52. The unilateral half-pin frame with sidebars
mounted at right angles provides the greatest overall resistance
to bending, compression, and torsional loads.*' Hybrid fixation
devices have adopted components of both unilateral bar fixators
and ring fixators with transfixing small-diameter wires. Both
axial compression and torsional stiffnesses have been found to
increase significantly with increases in the number and diame-
ter of the transfixing wires, and pretensioning the wires.”> More
anterior placement of wires, or addition of an anteromedial half
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FIGURE 1-51 To produce more rigidity in the construction of an external fixator, the basic principles
that should be considered are that for pin- and rod-type sidebars, stiffness increases with the fourth
power of the cross-sectional area (the moment of inertia, Fig. 1-7) and decreases with the third power
of their span or unsupported length (Fig. 1-44). This explains why it is beneficial to decrease the side-

bar to bone distance, increase pin diameter, place pins as close together across the fracture site, and
82,161

use larger diameter or multiple sidebars in frame construction.
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FIGURE 1-53 A comparison of displacement of the proximal fragment in a simulated tibia fracture
under 100-N load with various unilateral and hybrid external fixators (the box type uses both a large
unilateral frame connecting bar and two smaller diameter connecting rods)."*®

pin have been found to increase anterior—posterior bending
stiffness.®® Testing of several different configurations (Fig. 1-53)
revealed that the box type (two rings above and two below the
fracture, along with anterior half pins, two connecting rods,
and a unilateral bar) was the stiffest configuration, compared
with a unilateral frame alone or a unilateral frame with rings
only proximal to the fracture site. The addition of an anterior
half pin significantly increased fixation stiffness.'”

Fixation in Osteoporotic Bone

The attachment strength of a fixation device to bone (e.g., a
screw) is directly related to the local bone density. Since a domi-
nant mechanical characteristic of osteoporotic bone is low den-

FIGURE 1-54 Some basic strategies to aug-
ment fixation strength in osteoporotic bone
include impaction of the fracture components
using a device that allows sliding, buttressing
with a wide plate, increasing the plate length,
and augmenting the bone locally by injection
of methylmethacrylate or a calcium phosphate
cement.”®

Impaction

sity, several strategies to improve fixation strength can be used
when osteoporotic bone is encountered. These include corti-
cal buttressing by impaction; wide buttressing, which spreads
the load over a larger surface area; long splintage; improved
anchoring; and increasing the local bone density by injection
of a denser substance such as hydroxyapatite or polymethyl-
methacrylate (PMMA); Figure 1-54.7° Impaction strategies can
be applied in fractures of the distal radius, femoral neck, and
lumbar vertebrae. The dynamic hip screw is an example of a
device which allows controlled impaction of the fracture of the
femoral neck. An angled blade plate applied to supracondylar
femur fractures, as compared with a condylar screw, provides
wider buttressing—that is, a larger surface area of contact with

Bone augmentation

Long splintage

Wide buttress
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the bone. Splinting with a longer plate has been applied in
humeral and forearm fractures, and the interlocked IM rod is
another example of long splinting. A periarticular locking plate,
which permits placement of multiple points of angle-stable fixa-
tion, is another example of the application of this principle.” The
locking plate, in which the screws are threaded into the plate
and fixed so they cannot rotate or translate, can be particularly
useful in stabilizing osteoporotic fractures when cortical buttress-
ing is not practical because of low bone density, and the fixation
hardware must support most of the load. Hydroxyapatite-coated
external fixation pins have been shown to enhance the stability of
the screw—bone interface.'”” Interlocking screws, in which a stan-
dard screw has a 45-degree hole drilled into the shaft to accept
an interlocking pin, can be used to reduce screw backout.'™*
Newer designs of IM nails also allow “angle-stable” interlocking
screws that thread into the nail and create a fixed angle interface,
which may improve fixation in osteoporotic bone.
Enhancement of local bone density using either PMMA or,
more recently, calcium phosphate cements has been studied,
particularly in relation to fixation of femoral and vertebral osteo-
porotic fractures. PMMA injection has been widely employed in
vertebroplasty through a transpedicular approach'® and has been
shown to restore the stiffness of fractured vertebrae to that of
intact vertebrae. Biomechanical studies have shown significantly
improved strength of the fixation of femoral neck fractures up to
170%,”" and similar findings, including decreased shortening
and greater stability, were noted when hydroxyapatite cement
was applied to unstable three-part intertrochanteric fractures
fixed with a dynamic hip screw.” Calcium phosphate cements
used in vertebroplasty instead of PMMA also restored the stiff-
ness of fractured vertebrae to intact levels.'”” Calcium phosphate
cement injection into the pedicle has been shown to improve the
bending stiffness of pedicle screws by up to 125%." Calcium
phosphate cements have also been shown to support elevated
metaphyseal fracture fragments (i.e., in the tibial plateau) in a
variety of settings in randomized clinical trials of fracture care."*

Cerclage Wire Breakage

Cerclage wiring has been used less and less frequently for pri-
mary fracture fixation because of the negative effects of circum-
ferential periosteal compression. However, this modality is still
used occasionally, and understanding its mechanical behavior is
important to avoid fixation failures. The tensile strength of surgi-
cal wire has been shown to increase directly with its diameter,"
and when twisted, the optimal number of turns is between four
and eight.'*® However, solid wire is very sensitive to notches
or scratches. Testing shows that notches as small as 1% of the
diameter of the wire can reduce its fatigue life by 63%.'* For
this reason, a cable has been introduced for cerclage applica-
tions. Cable has significantly better fatigue performance com-
pared with wire, as shown in Figure 1-55.% Since cables consist
of multiple strands of single thin wires, damage to any particular
strand does not result in catastrophic failure of the entire cable.
Single loops of suture such as Ethibond are about 30% as strong
as 18-gage stainless steel wire in tension, and Mersilene tape is
approximately 50% as strong. Four loops of Ethibond have a
tensile strength equivalent to stainless steel wire.”
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FIGURE 1-55 A comparison of the fatigue resistance of wire and
cables made of the indicated materials. Wire, 316L SS (stainless
steel), cable Co-Cr-W-Ni, cobalt chrome Ti-6Al-4V, titanium alloy,
MP3EN, nickel alloy.®®

Biomechanical Aspects of Fracture Fixation
in Specific Locations

In the previous discussion, problems such as screw pullout and
plate breakage common to fracture fixation, mainly in the long
bones, were discussed. In this section, the focus is placed on
specific challenging problems in fixation, including the femoral
neck, tibial plateau, pelvis, and spine.

Fixation in the Proximal Femur

Fixation of fractures of the proximal femur is particularly chal-
lenging because the compressive force acting through the femo-
ral head can range from four to eight times the body weight
during normal activities.'*” This force acts through a significant
moment arm (the length of the femoral neck), which imposes
large bending loads on the fixation hardware. In addition, many
of these fractures occur in the elderly, who are likely to have
trabecular bone of low density and poor mechanical quality.'”
Also, it is generally not possible to gain screw purchase in the
cortical bone of the femoral head.

The major force acting in a basicervical fracture of the femo-
ral neck, fixed with a sliding hip screw, is the joint reaction force
through the femoral head, which derives from body weight and
forces generated by muscle action during ambulation. The joint
reaction force can be divided into two components. One com-
ponent (Fig. 1-56) is perpendicular to the axis of the sliding
screw and causes shearing of the fracture surfaces along the frac-
ture line, which results in inferior displacement and varus angu-
lation of the femoral head, and increases the resistance of the
screw to sliding. The other component is parallel to the screw,
driving the surfaces together and enhancing stability by friction
and mechanical interlocking of the fracture. Therefore, the goal
of femoral neck fixation systems is to utilize the component of
the joint force parallel to the femoral neck to encourage the frac-
ture surfaces to slide together. This is the basic principle behind
selection of a higher angle hip screw when possible.

When using the compression (or sliding) hip screw, or a nail
with a sliding lag screw, it is important to ensure that the screw
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FIGURE 1-56 The joint reaction force in the femoral head can be
divided into two major components. The one parallel to the axis
of the femoral neck produces sliding and impaction of the fracture
components and the other, transverse to the femoral neck, causes
the screw component of the femoral hip screw to bind, resisting
sliding. The higher-angle hip screw has a screw axis more closely
aligned with the joint reaction force so the force component that
produces sliding is larger whereas the transverse force component
resisting sliding is smaller.

can slide freely in the barrel of the side plate or the hole in the
nail. The following points related to sliding hip screw devices
apply to nail/lag screw constructs as well. When screw sliding
occurs, the screw is supported by the barrel against inferior
bending of the femoral head because the construct is buttressed
by fracture interdigitation. Adherence to two basic mechanical
principles will enhance the ability of the screw to slide in the
bore of the side plate or nail. As mentioned above, the higher
angle hip screw is more effective at accommodating sliding.
Also, the screw should be engaged as deeply as possible within
the barrel. For the same force acting at the femoral end of the
screw, the internal force where the screw contacts the barrel
is increased if less of the screw shaft remains in the barrel.
This occurs because the moment (bending load) caused by the
force transverse to the axis of the screw (Fy, in Fig. 1-57) at the
femoral head acts over a longer moment arm or perpendicular
distance, L. (force X perpendicular distance to the edge of the
barrel, which is the fulcrum). The balancing moment arm, L,, is
shorter because less of the screw remains in the barrel. Because
F, acts over a longer moment arm while F, acts over a shorter
moment arm, F, increases. The internal force, F,, where the
screw contacts the barrel causes a greater frictional resistance
force, which requires more force to overcome friction and per-
mit sliding.”® Sliding hip screws with either two- or four-hole
side plates appear to provide equivalent resistance to physi-
ologic compressive loading.'”

Several factors affect the strength of femoral neck fixation
using multiple screws, but the number of screws used (three
or four) is not a significant factor."* Factors that increase the
strength of this type of fixation include a more horizontal frac-
ture line with respect to the long axes of the screws,” placement
of the screws in areas of greater femoral head bone density,"”>'*®
fractures with less comminution,"*® and a shorter moment arm
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FIGURE 1-57 The greater the length of the sliding screw within
the barrel, the lower its resistance to sliding. In this diagram F, is
the component of the joint reaction force perpendicular to the axis
of the screw. The inferior edge of the proximal end of the barrel is
the location of the fulcrum in bending. An internal force, F,, from
the surface of the barrel acts against the screw to counteract F.
For equilibrium, the moments produced by £, (F, x Ls) and £, (F, X
L,) must be equal. If L,, the distance from the point of application
of internal force F, to the fulcrum, decreases, F, must increase to
produce the same moment. If £, is larger, the frictional force and
therefore the resistance to screw sliding will increase. (L, is the
length of the screw beyond the barrel).®®

for the joint load (shorter distance from the center of the femo-
ral head to the fracture line).'> However, the most important
factor has been found to be the quality of the reduction because
of the importance of cortical buttressing in reducing fracture
displacement.”® Under physiologic load, several mechanisms
of failure of fixation have been observed (Fig. 1-58). In some
cases the screws bend inferiorly, especially if buttressing of the
fracture surfaces inferior to the screws is not possible because
of comminution of the fracture. The screw heads, if no washers
are used to distribute the screw load against bone, have been
found to pull through the cortex near the greater trochanter
when the cortex is thin. Finally, if the screws are not well sup-
ported inferiorly where they cross the fracture, they may rotate
inferiorly carrying the femoral head into a varus orientation."”
Supporting at least one screw against the inferior cortex, which
is an established clinical technique, may help prevent this from
occurring.
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FIGURE 1-58 A: Some factors that decrease the strength of femoral neck fracture fixation include
decreased bone density, a more vertical fracture surface (which facilitates sliding of the fracture com-
ponents), comminution at the inferior cortex (which reduces buttressing against bending), and a longer
moment arm or distance of the center of the femoral head to the fracture line. B: Observed mecha-
nisms of failure of femoral neck fixation using screws include bending of the pins, displacement of
the screw heads through the thin cortex of the greater trochanter, especially if washers are not used,
and rotation of the screws inferiorly through the low-density cancellous bone of the Ward triangle area

until they settle against the inferior cortex.'®

With respect to the biomechanical performance of different
devices, the actual stiffness provided by the sliding hip screw,
the reconstruction nail, and multiple pin constructs are quite
similar, except for significantly greater torsional stiffness of the
reconstruction nail because of its tubular shape.”""*" New tech-
niques applied to proximal fracture fixation include the femoral
locking plate and percutaneous compression plating. In fixa-
tion of the challenging vertical shear fracture of the proximal
femur, the proximal femoral locking plate was found to pro-
duce considerably stiffer constructs than cannulated screws, a
dynamic hip screw, or a dynamic condylar screw.® However,
clinical series describing the use of the proximal femoral lock-
ing plate have demonstrated unacceptably high rates of failure,
illustrating the dangers of relying solely on biomechanical data
when choosing an implant.'!*° Percutaneous compression plat-
ing has been found to provide adequate bending and torsional
stability”” and was equivalent to the trochanteric antegrade nail
in fracture site stability, though it failed at about 2,100 N (about
three times the body weight) compared with the antegrade nail
at 3,200 N.”

Fixation Around the Metaphyseal

Region of the Knee

Both supracondylar femur and tibial plateau fractures are
challenging to stabilize because they often involve fixation

of multiple small fragments of primarily cancellous bone.
Supracondylar fixation alternatives that have been compared
mechanically include condylar plates, plates with lag screws
across the fracture site, and blade plates. All devices tested
appeared to provide similar construct stiffnesses. The most
important factor identified for plate fixation was maintaining
contact at the cortex opposite to which the fixation device was
applied. Fixation constructs without cortical contact were only
20% as stiff as those with cortical buttressing.*"'* Using a ret-
rograde IM supracondylar nail was found to produce constructs
that were 14% less stiff in axial compression and 17% less stiff
in torsion, compared with a fixed angle side plate.""® However,
longer nails (36 cm) enhanced fixation stability compared with
shorter nails (20 ¢cm).!”® Several newer fixation systems have
been described for femoral supracondylar fracture stabilization.
The less invasive stabilization system (LISS) uses a low-profile
plate with monocortical screws distally, which also lock to the
plate. LISS plates produced constructs with more elastic defor-
mation and less subsidence than those with a condylar screw
or buttress plate.''*'®

Tibial plateau fractures are challenging to stabilize. Consid-
ering patient outcomes, risk factors for loss of reduction have
been shown to include patients aged greater than 60 years old,
premature weight bearing, fracture comminution, and severe
osteoporosis.” Different methods of fixation include wires or
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FIGURE 1-59 Two alternative methods of fixation of tibial plateau fractures: (A) transverse screws com-
bined with a buttress plate and (B) transverse screws alone. The buttress plate provides additional sup-
port in bending as the tibial fracture component is loaded in an inferior direction and allows the screws
to engage the thicker, more distal cortical bone.
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screws alone (Fig. 1-59) or screws placed through an L- or
T-shaped plate, buttressing the cortex. Various configura-
tions of wires have been tested” and show that the stiffness
of the construct increases with the number of wires, regard-
less of their specific orientations. As Figure 1-59 shows, fixa-
tion with screws alone requires that the screws resist bending
forces as the tibial fragment is loaded distally in compression
through the joint. With the addition of a plate, not only is the
load distributed to the plate, but also additional screws can be
placed in the stronger cortical bone distal in the metaphyseal
region of the tibia. One disadvantage of a buttress plate is the
soft tissue stripping required for application with potential for
blood supply compromise. Fixation with T plates and screws
showed the greatest resistance to an axial compressive load,*
regardless of the specific configuration of the screws.*” Investi-
gations of different plate configurations found that for bicondy-
lar tibial plateau fractures, dual (lateral and medial) side plating
reduced subsidence under axial loading by about 50% com-
pared with single-sided lateral locking plating.”” For medial
plateau fractures, the medial buttress plate, which supports the
load directly, is significantly superior mechanically to a lateral
locked plate.'”” A new alternative is a short proximal tibial nail
with multiple interlocking screws. In combined axial loading,
bending and rotation, the nail provided stability equivalent to
that of double plating and was greater than constructs with a
locking plate, external fixator, or conventional unreamed tibial
nail.” This device may be applicable for cases without signifi-
cant proximal (joint) comminution.

Fixation of the Spine

The halo apparatus is an external fixation device for cervical
spine injuries that are stable in compression. It stabilizes the
injured cervical spine mainly in bending but not in compres-
sion. Factors that affect its mechanical performance include
(Fig. 1-60) the fit of the jacket on the torso and the frictional
characteristics of the lining. High friction linings decrease slip
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FIGURE 1-60 A schematic diagram showing possible sources of
deformation in the halo apparatus. The large distance from the
vest to chest contact points to the cervical injury site results in
relatively large motions at the injury site for small motions of the
vest.'?0
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at the vest lining/torso interface, more rigid vests reduce deflec-
tion under loads, and less flexible superstructures all decrease
cervical spine motion at the injury level. Although stiffening
the vest enhances its ability to stabilize the injury, this property
must be balanced with enough flexibility to provide reason-
able comfort for the wearer and to accommodate expansion and
contraction of the chest. Since the injured cervical segment is
relatively distant from the vest, small motions of the vest can
result in relatively large displacements at the injury site.'” A
very rigid halo superstructure attaching the vest to the halo
ring may not increase injury stability if connected to a poorly
fitting vest.

Several methods are available to reconstruct cervical spine
injuries. The major differences between them relate to the loca-
tion of the fixation device itself on the vertebra—anterior, lat-
eral, or posterior—and to the method by which the fixation
is attached to the bone. Generally, the most rigid fixation is
the one with the longest moment arm from the center of rota-
tion of the injured segment. For a specific applied moment,
such as flexion, a posteriorly located fixation, being located
farther from the center of rotation, results in greater rigidity.
Figure 1-61 shows the approximate locations of the centers of
rotation at different cervical spine levels when the posterior
elements have been disrupted.’ After corpectomy, biomechani-
cal testing has shown that posterior rods provide the greatest
stability, which is unchanged after augmentation with an ante-
rior plate, whereas anterior plating alone offers the least sta-
bility."”° Similarly, another test showed that after corpectomy,
sagittal plane motion was most rigid after supplementation
with lateral mass plates, less rigid with an anterior plate alone,
and least with strut grafting alone.” Anterior plates provide
relatively similar stability, especially if augmented with a bone
graft; however, with multilevel corpectomy, anterior plate con-
structs were more prone to fatigue loosening than single-level
corpectomies.** Newer semiconstrained anterior plates, most
of which offer devices to lock the screws to prevent back out,
allow screw rotation which results in more load sharing with
the graft."”! By comparison, the compressive load estimated
to be transmitted through the graft increased from 40% with
a fully constrained device to 80% when a semiconstrained
device was used."”! Wiring or plating with lateral mass screws
generally reduces anterior—posterior motion across the fixed
segment by 20% to 70%, so none of these techniques can be
considered as entirely rigid.'"”

The type of attachment of the fixation system to the verte-
bra is fundamental to its performance. Wires, hooks, screws,
or combinations, all produce different types of force transfer
between the fixation and the vertebra (Fig. 1-62).°° A wire
can resist only tension, whereas a screw can resist forces in
all directions (tension, compression, bending transverse to the
axis of the screw) except for rotation about its longitudinal axis.
A hook only resists forces that drive the surface of the hook
against the bone, and depends on the shape of the hook and
the bone surface it rests against. For this reason, screws are bio-
mechanically superior to other forms of vertebral attachments.

In general, pedicle screws resist pullout in the same man-
ner as bone screws described elsewhere. Therefore the pull-
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posterior
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Center of
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e Shift in
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Spinal level A* p*

C2-:3 027 073
C3-4 032 0.68
C4-5 036 0.64
C5-6 039 0.61
C6-7 0.44 0.56

*In % of anterior—posterior
diameter of vertebra

FIGURE 1-61 The ratios, in terms or anterior—posterior diameter or
the vertebra, of the location of the center of rotation at each verte-
bral level, from the anterior and posterior surfaces. A fixation device
must resist bending moments caused by flexion, extension, lateral
bending, and torsion. The resisting moment in the fixation is the
product of the force acting in the fixation (e.g., at the screw—plate
junction) and the distance of that point on the fixation to the center
of rotation of the motion segment. The longer the moment arm for
the same bending load, the smaller the force on the fixation com-
ponents. Posterior fixation, by its location, will have lower moments
in its components.®

out strength increases with increasing density of the bone it
is embedded into,”'*'"®'" a greater depth of insertion,'”
engagement of the anterior cortex,"”! and a larger screw diam-
eter. Single screws placed into pedicles and loaded in a caudal—
cephalad direction (which occurs during flexion and extension
of the vertebra) are vulnerable to toggling, and eventual loos-
ening, even under relatively small forces. As demonstrated in
Figure 1-63, the screw tends to toggle about the base of the
pedicle, which is the stiffest region as it mainly comprises corti-
cal bone. Toggling tends to enlarge the screw hole in a “wind-
shield wiper” fashion.">' Toggling can be reduced if the screw
head is locked to the plate or rod, and the plate or rod contacts
the vertebra over a wide area.'”

Some fundamental principles should be considered when
applying lumbar spinal fixation. Longer fixation, attached to
more vertebrae, reduces forces acting on the screws because
of the effect of the greater lever arm of a longer plate or rod.
A longer fusion, although biomechanically advantageous, is
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FIGURE 1-62 Comparisons of the forces that can be resisted by different methods of attachment of
the fixation to the vertebra. A sublaminar wire resists only tension, whereas a screw can resist forces
in all directions except for rotation about its long axis. A hook resists only forces that drive it against

the bone surfaces.

not necessarily beneficial from a clinical perspective because
the remaining spinal motion is significantly reduced. Adding
an anterior strut graft or a fusion cage is important because it
buttresses a posterior fixation system against flexion moments,
reducing forces in the fixation.”* Coupler bars, which connect

Pedicle cortex Vertical loading

A Fulcrum

Pedicle cortex Vertical loading

Screw head locked
C in plate reduced toggling

the fixation rods to form an H configuration, prevent the rods
from rotating medially or laterally when torsion is applied to
the motion segment, as shown in Figure 1-64. This significantly
enhances the torsional and lateral bending stability of the
implant.”

Screw toggle

oc

Cancellous bone compression
disengagement from the screw threads B

FIGURE 1-63 A: The mechanism of toggling of a single
pedicle screw subjected to a caudocephalad loading. B: The
fulcrum is at the base of the pedicle, the narrowest region
with little cancellous bone. The screw toggle compresses
the bone within the vertebral body. C: Toggling is reduced
if the plate or rod to which the screw connects contacts the
vertebra over a wide surface, which prevents it from rotat-
ing, whereas the screw head is locked to the plate or rod.'®



38 SECTION ONE General Principles: Basics

Screws with axes all parallel
/ (perpendicular to plane of paper)

Applied load

FIGURE 1-64 Without a coupler bar

L— Subconstruct of two
Vertebra f\/ screws securely
Link 3 2\ fastened to a
(Q longitudinal member:
: J left = link 2,
Disc [ right = link 4
SO H
Fractured
" |vertebra N
C Disc D
(1 | Vertebra | Xz
(O)| Link1
\\,
\_/

between two longitudinal rods (left),
they can rotate when a lateral moment
or axial torsion is applied (right). A
coupler connecting the rods to form an
H configuration reduces this effect.””

Extensive testing has been performed on various posterior
and anterior thoracolumbar fixation devices as they continue
to be developed. Testing of anterior fixation systems with and
without an augmented strut graft showed that load sharing
with the graft ranged from 63% to 89% for six systems tested,
three being plates and three based on locked rods. These tests
demonstrated the significant effect of the graft in sagittal plane
stability. The most rigid systems relied on either a thick rigid
plate or large rods, although this may not correlate with clinical
performance.” In cases of delayed or nonunion, the cyclic per-
formance of the implant can be very important, more so than
its static stiffness or maximum load to failure. A comparison
test of 12 fixation systems showed that only three could with-
stand two million load cycles with 600 N of compressive force.
The two constructs with the greatest bending strength did not
fail after cycling. However, there was no correlation between
bending strength and cyclic failure for the other 10 systems,
indicating that particular design aspects could cause fatigue
failure regardless of static strength.”> Three devices failed in
less than 10,000 cycles. Currently, most posterior devices use
essentially the same principles, including pedicle screws with
an interface clamp to the rod that allows variable orientation
of the screw, a low-profile assembly, and crosslinks. They pro-
vide similar fixation stiffness. Lumbosacral fixation using sacral
screws was most rigid and demonstrated the least screw strain
when supplemented with iliac screws, and was more effective
than using screws at S1 supplemented with screws at S2.'%!

The biomechanical properties of fusion cages have been
investigated. A fusion cage is a hollow threaded insert that
can be applied from anterior, lateral, or posterior directions in
single or double units. Various fusion cages are available for
the cervical spine. The devices fall into one of three categories:
screw designs with a horizontal cylinder and external threads,
box shapes, and vertical cylinders. In general, all cage designs
increased flexion stiffness by 130% to 180%. Only a few box or

cylinder designs increased extension stiffness, and box designs
were most effective in increasing axial rotation and lateral bend-
ing stilfnesses, ranging from 140% to 180% of intact values.”
Testing of lumbar fusion cages has shown that placement of
cages in lateral, posterolateral, or posterior orientations had
little effect on stiffness. The exception was for torsional loading
with posterior cage placement because posterior insertion dam-
aged the lamina or facets, thus reducing the inherent torsional
stability of the motion segment. Fixation with cages alone did
not significantly increase lumbar motion segment stability, so
augmentation with posterior fixation in cases of motion seg-
ment instability is necessary. Because cage fixation relies on the
combination of distraction of the soft tissues and the strength
of the vertebral cancellous bone, the properties of these tissues
will have a significant effect on the performance of cage implant
constructs.'®

Fixation of the Humerus

Proximal humerus fractures fixed with locking plates provided
greater stability against torsional loading, but were similar to
blade plate constructs in bending, because both fixation devices
are loaded as tension bands in bending.'**'*'* In comparing
different types of blade plate constructs, the stiffest construct
employed an eight-hole, low-contact dynamic compression
plate, contoured into a blade configuration, and fixed with a
diagonal screw that triangulates with the end of the blade. This
arrangement was considerably stiffer than other blade plates
or T plate and screw constructs.'® One potential problem is
penetration of the screws through the subchondral bone in
osteoporotic patients. Because of the stiffness of the locking
plate—screw construct, if there is any “settling” of the frac-
ture site the locking screws may penetrate into the joint. The
incidence of intra-articular screw penetration with proximal
humeral locking plates is considerably higher than with con-
ventional implants.”
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SUMMARY

Effective fracture fixation requires a biomechanical appreciation
of the forces applied to a damaged bone or joint and the basic
mechanisms by which these loads are transferred through the
bridging fixation and the implant—bone interface. In particular,
the importance of the contribution of cortex-to-cortex contact
across the fracture site in resisting both compressive and bend-
ing forces must be emphasized. This contact creates a buttress
that contributes significantly to the stability of the construct
and the functional life of the implant. Many of the observa-
tions used to formulate these basic principles have been made
using cadaveric bone in experimental laboratory simulations,
and conclusions are based on comparisons of the most rigid
mechanical construct. Other aspects such as the compromise
of blood flow or the extent of the incision during installation
should also be considered. Further, even if one construct is
more rigid than another, within a certain range of mechanical
stiffness, both may perform equally well in producing fracture
healing with anatomic alignment. It is important to correlate
biomechanical information with clinical observations of the
performance of the implant during fracture healing.
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