molecules diffuse through a membrane; the membrane is known as the alveolar
epithelium. Each alveolus has a diameter of ranging from 0.2 to 0.3 mm at in-situ
condition. The wall thickness is approximately 0.010 to 0.014 mm (Weibel, 1977). The
tissue that formed between the alveoli also houses capillaries, lymphatic vessels, veins

and arteries as shown in Figure 2.18.
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Figure 2.18: Microscopic schematic of alveolar structure

Air is made up of different gases dominantly by nitrogen and oxygen. The
concentrations of these different gases in the alveoli are expressed in terms of partial
pressure exerted by each. It is the pressure difference of these gases in the alveolar air
and the blood in the pulmonary capillaries that drive the oxygen and carbon dioxide
exchange. The schematic shown in Figure 2.19 describes different mediums that the
oxygen travels through from the alveolus to the blood stream during the exchange. Any
additional fluid forms between the transferring processes will impede the flow of

molecule exchange, thus impede the respiratory function as a pulmonary injury.
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Figure 2.19: Ultrastructure of the respiratory membrane

Lung Pressure Effects

The lung movement is driven by the pressure difference between the inside and outside of
the lung since the lungs are not physically attached to the chest wall. A thin, delicate,
transparent membrane, known as the visceral pleura, surrounds each lung. Another
membrane, known as the parietal pleura, lines the inner surface of the chest wall covering
the lower diaphragm, mediastinum and surrounding each lung. The void between the two
pleura surfaces is filled with a pleural fluid and is known as a pleural sac. The pleural
fluid lubricates the pleural interface and allows them to slide freely relative to each other
during respiration. The fluid is produced by the intercostal arteries and continuously
reabsorbed by the lymphatic system, thus maintaining suction in the pleural sac. In order

for air to flow in and out of the lungs, the diaphragm is lowered and the ribcage is raised
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to expand thoracic cavity volume leading to a negative pressure of approximately 3 mm
Hg (~0.4 kPa, 4.1 cm H,0) (Guyton,1996). This creates a negative pressure relative to
the atmospheric pressure that inhales air into the lungs. The opposite mechanic exhales
air out of the lung with a positive pressure of 3 mm Hg. If a person breathes with
maximal effort, the alveolar pressure can decrease to negative 80 mm Hg (~10.7 kPa, 109

cm H;0) or increase to positive 100 mm Hg (~13.3 kPa, 136 cm H,0) (Guyton, 1996).

Despite the pressure difference between the inside and outside of the lung, not all regions
behave similarly during breathing. The inferior region of the lung ventilates better than
the superior region in an upright position (Lee & Tai, 1979), however the transpulmonary
pressure is lower at the inferior region than at the superior. The transpulmonary pressure
is defined as the difference between the alveolar pressure and the pleural pressure in the
lungs. Lee & Tai (1979) believed that the gravity effects on the lung, chest wall and
abdomen are the most probable cause. Because the resting volume at the base of the lung
is low, small changes in the transpulmonary pressure yields greater volume change as
illustrated in Figure 2.20. Although a higher transpulmonary pressure is seen at the total
lung capacity (TLC), it yields a diminishing volume change. TLC refers to the volume of

the lungs after a maximal voluntary inspiration.

Vawter (1979) investigated the ‘pressure versus volume’ mechanism through a numerical
model, and recognized two important findings. At low resting volume, the lung tissue
elasticity has high compliance and the surface tension is minimal, thus a high volume
expansion can be achieved with minimal effort. As the transpulmonary pressure gets
higher, the lung tissue becomes stiff and the surface tension increases with greater surface
area, thus counteracting against further inspiration. A transpulmonary pressure gradient
is present along the superior-inferior axis since the lung is open to the atmospheric
pressure. The lung volume is different regionally, suggesting the stress and strain in the
lung tissue is not uniform. This gradient is especially substantial at the Functional
Residual Capacity (FRC), as opposed at the TLC where the gradient is minimal. The

FRC refers to the amount of air that stays in the lungs during normal breathing. Vawter
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(1975) and Hoppin et al (1969) investigations have found that the shape of the lung have
little to do with the non-uniform pleural pressure. This complicated mechanism and its
implication on injury are still not fully understood. For a more comprehensive review on
lung mechanics, Hoppin and Hildebrandt (1977) had summarized the developments by

various researchers.
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(Reproduced from Lee and Tai, 1979)
Figure 2.20: Relationship between regional volume and intrapleural pressure

Lung Volume

From a classical biomechanics point of view, a description of the mechanical behavior of
the lung must be based on a known reference state (Vawter, 1977). Figure 2.21 illustrates
different terminologies used to describe various lung volume states. A normal adult
exchanges 500ml of air with each respiration, also known as the tidal volume (TV)
(Palsson, 2003). Three terms are typically referenced in absolute volume: residual
volume (RV), functional residual capacity (FRC), and total lung capacity (TLC). The

vital capacity (VC) is a relative volume with respect to the RV.

Clinicians place emphasis on lung density, volume and divergence of volumes relative to

a normal lung to determine whether a respiratory disease is present. The American
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Thoracic Society and European Respiratory Society (Pellegrino et al, 2005)
recommended a comprehensive listing of published reference equations to determine
adult normal lung volumes from Quanjer (1995). The predicted lung volumes (RV, FRC,
TLC) are dependent on height and age. The predictive equation was statistically confined
to the Caucasian population. Since road traffic deaths significantly correlated with ages
of 15 to 44, a median age of 30 was assumed as the 50™ percentile male for calculation

purposes as summarized in Table 2.4.
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(Reproduced from Guyton, 1996)
Figure 2.21: Description of various lung volume terminologies

Table 2.4: Air volume of the lungs for a 50™ percentile male at age of 30

RV | FRC TLC

1.72 | 331 | 691
(Derived from Quanjer, 1995)

Lung Air Volume
Liter (10° m’)

33



Lung Density

The physical density of the lungs is fundamentally determined based on the contribution
of three components: lung tissue, blood, and air. The relative proportions of these
components change continuously with the state of lung inflation. Changes in the
transpulmonary pressure affect the amount of fluid within the capillaries and interstitial
space. Pulmonary mechanics research in the past typically assumed a lung specific
gravity of 0.23 (Fung 1978; Vawter 1980; Yen, 1988), this value was based on a study on
dog lung tissue by Crossfill and Widdicombe (1961). Lehnert et al (1992) study had
shown that lung density vary with body orientation, scan region, age, and species of the
animal. The body orientation (supine, prone, upright) would cause regional differences
in density within the lungs due to gravity, which increases the vascular component and
decreases the alveolar space. Guenard et al (1992) have found a mean specific gravity of
0.288 + 0.064 at FRC from their experiments; a comparable density of 0.28 was found by
Brudin et al (1987). A study by Verschakelen et al (1993) measured lung density at 10%,
50% and 90% of the VC, thus enabled scaling of the lung density at different breathing
states. The reference lung density and volumes for the current model are discussed in

Chapter 3.

Vawter (1977) established a reference volume where the lung was in a stress-free state by
eliminating body, gravitational, interfacial and externally applied forces. The experiment
used intact lobes from dog lung in a saline bath. His study found that the equilibrium
volume was independent of the initial volume. The average saline/tissue volume ratio at
stress free state was 1.74 +/- 0.20, with a specific gravity of 0.365. Vawter’s (1977)
analysis suggested that the “collapsed” lung state is not exactly “stress-free” due to the
likelihood of gas trapping within the lung tissue. This finding was used to verify the

reference lung density and volumes in the current model, and is elaborated in Chapter 3.

Wave Speed Propagation
Stress wave propagation is an important factor that can describe lung dynamics in

response to impact loading (Yen, 1986). The features of stress waves could be the
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primary factor in explaining how trauma occurs, thus different factors that alter the stress
wave propagation in the lung should be investigated. The lung, being a two-phase
composite structure of soft tissues and gas, inherently possesses non-linear time-
dependent response. Given that the speed of sound in air is 350 m/s and in soft tissue
(similar to water, fat, muscles) is ~1500 m/s, the resultant wave speed of the lung where
the two materials were coupled together is much lower than their individual speeds. The
speed of a compression wave in an elastic continuum can be modeled by the bulk
modulus, shear modulus, and density as shown in Equation 2.1. The wave speed
primarily is depended on the lung volume (apparent density) and the change of lung

volume due to pressure (bulk modulus).

c Sound speed of the material

K Bulk modulus

G Shear modulus

p Apparent lung density

Equation 2.1: A compressive wave speed in an elastic continuum

Where

This formulation proved to be in good correlation with the lung wave speed experiments
conducted by Rice (1983), Yen (1986), and Jahed (1989). Horse, rabbit, goat, and sheep
experiments were conducted. The wave speed was found to be on the order of 3 to 70
m/sec across a range of physiological transpulmonary pressures (0 to 20 cmH,0). A low
wave speed can be justified by using Equation 2.1 when the density of tissue is coupled
with the bulk modulus of air (relatively high density and low bulk modulus). Much of
the studies (Rice, 1983; Yen, 1986; Jahed, 1989) were focused on an undisturbed or small
distortion to measure wave speed, as such the relevance of high distortion effects due to

impact loading is unclear.
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Bulk Modulus

Dynamically, the bulk modulus should be dependent on the gas stiffness within the lungs
and change non-linearly with respect to volume change. The bulk modulus, by definition,
is a ratio of the pressure change to the fractional volume change in a volume. The gas
stiffness coupled with the lung density dictates the wave speed propagation (Rice, 1983;
Jahed, 1989). As such, high gas stiffness indicates a high bulk modulus which would
result a high wave speed. This phenomenon was demonstrated between the studies by
Jahed (1989) and Yen (1986) where the airway was open and closed, respectively. The
experimental bulk moduli measured by Jahed (1989) (~5kPa) were found to be 20 to 100
fold lower than by Yen (1986) (~100 kPa) although the initial transpulmonary pressure

was similar.

The concept of bulk modulus with respect to various breathing states is best described
through a hydrostatic pressure-volume curve of a small lung volume as shown in Figure
2.22. Point A represents the in-situ condition of the lung. When the lung is compressed
from the in-situ condition, it reaches point B where the bulk modulus is smallest. Further
compression leads to a collapsed lung where the gas is trapped within the alveoli, thus

leads to the increase of bulk modulus.
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Figure 2.22: Conceptual pressure-volume curve for describing bulk modulus
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From the stress wave speed perspective, the bulk effect during compressive loading is of
interest and can be separated into two distinct phenomena: when the lung is within the

physiological range, and when the lung is at the physiological limit.

The first phenomenon takes very little pressure to vary the lung volume. Consequently,
the change of the bulk modulus is low while the change of the density is high, thus lead
to a lower wave speed relative to the in-situ condition. For example, the wave speed
measured in the physiological range is in the range of 3 m/s to 25 m/s (Rice, 1983; Yen,
1986; Jahed, 1989). The airflow resistance from the alveoli to the airway is low at the in-
situ condition but increases with compression since the lung tissue becomes less porous;
similarly the bulk modulus in the physiological range is low and increases non-linearly

with compression.

The second phenomenon takes a lot of pressure to create a small lung volume change.
When the lung is encountering compressive loading, the airflow resistance is increased
due to the forced expiration from the alveoli to the airways in the lungs. As air begins to
flow out of the alveoli due to an external pressure, the pressure drops along the airway.
The pressure drop tends to close the airway especially with the lung gets less porous with
compression. When air trapping occurs (lung collapse), the bulk modulus or the gas
stiffness becomes high. From this point, the bulk modulus increases at a rate greater than
the density, thus leads to a faster wave speed. Air could not escape through the airway
even with an increase in the negative transpulmonary pressure when the lung is collapsed.
This condition led to a high wave speed in the range of 465 m/s to 662 m/s based on the
bulk modulus values (~130000 kPa) derived from the excised lung tissue tests (Dunn,
1961; Ward, 2005; Saraf, 2006). The approach to determine the bulk modulus used for

the current study is discussed in chapter 3.

Lung Mechanics

Early research on lung mechanics was mostly focused on observing whole organ

behavior as a pressure-volume relationship by placing an excised animal lung inside a
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container with the lung capacity measured with a spirometer (Lee and Tai, 1979).
Various negative intraplueral pressures were applied to the container as an input and lung
volume changes was measured as an output. This experiment showed that the inflation
and deflation response were different and this phenomenon is known as hysteresis. When
a positive pressure is applied externally, the small airways in the lung would close, thus
trapping gas in the alveoli similar to a collapsed lung. The lung volume would show
minimal decrease even if external pressure was increased. The transpulmonary pressure,
the pressure difference between the inside and outside of the lung, is known to influence
the mechanical response. Three scenarios are shown in Figure 2.23 for normal breathing
(solid line), the lung inflated with saline (dashed line), and the lung inflated with air
(solid line). The loading and unloading curve deviates from the normal breathing curve
and creates a large hysteresis when there is a large change in the air-surfactant interface
area (Powell, 1979). The lung inflated with saline showed the loading and unloading
response along the same curve, thus demonstrating the elimination of the air-surfactant

effect.
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Figure 2.23: Inflating pressure vs. lung air volume curves for a human lung
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between the outer surface muscle against the outer intercostal muscle, and between
internal organs against the inner intercostal muscle; however contact was not defined
between the intercostal muscle layers due to initial mesh penetrations. They were
initially modeled with a fabric material model by Deng (1999), and then modeled as an
elastic material model due to numerical instability by Forbes (2005). The original model

of the intercostal muscles is shown in Figure 3.6.

(original) (new)
Figure 3.6: Intercostal tissue model comparison

Improved intercostal muscle model

The new intercostal muscle model utilized the same material model for the outer surface
muscle. The mesh was refined to have similar mesh density as the ribs and the outer
surface muscle. The aspect ratio of the mesh was improved. Appropriate spacing was

made between the two intercostal muscle layers to enable a surface-to-surface contact

definition between them to create contact continuity.

3.5 Ribcage

The rib is composed of trabecular bone enclosed by an outer layer of cortical bone. The
two material compositions are dissimilar as noted in Chapter 2. The original rib model
was made up of a geometry using solid elements representing the effective properties of

the two materials. Deng (1999) calibrated the material properties to mimic whole rib
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specific gravity of 0.288 (Guenard et al, 1992) at the FRC, a total lung volume (air +
tissue + blood volume) was calculated to be 4.79 liters (4.79¢-3 m’) with a lung mass of
1.34 kg. A summary of the assumed properties of the lungs to derive the final lung mass

and lung volume is shown in Table 3.2.

ptissue+blood ) I/tissue+blood + pair ) Vair = plung ) I/lung
= (v, +V,

tissue+blood air )

where >V,

p air ~ O
Prissue+blood tissue and blood density
Viissue+blood Tissue and blood volume

; air density
Where Pair )
Vair Air volume
Plung Apparent lung density
Viung Total lung volume
Equation 3.1: Conservation of mass equation for the lung
Vair — % tissue+blood -1
I/tissue+blood IOlung

Equation 3.2: Conservation of mass equation with applied assumptions

Table 3.2: Summary of the lung theoretical properties at the FRC

Properties Value Reference
Prissuetblood 1000 kg/m3 Assumed as water
Pair 0 Assumed massless
Vair 3.3le-3m’ Quanjer et al, 1995
Plung 288 kg/m3 Guenard et al, 1992

Viissuerblood | 1.48e-3 m’ Calculated

Viung 4.79e-3 m’ Calculated

Lung Density and Volume at RV, FRC, and TLC

Since the lung volume and mass vary depending on the transpulmonary pressure, a
reference set of values was established across the physiological range. The lung density
trend was established using data points at 10%, 50%, and 90% of the vital volume
(Verschakelen et al, 1993). Since the vital volume varies with individuals, the lung
density trend was shifted such that the density at the FRC coincided to 288 kg/m’. Once
the lung density was established with respect to the three breathing states (RV, FRC,

TLC), other properties such as the gas/tissue volume ratio, lung air volume, total lung
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volume (air + tissue + blood) and lung mass were derived. The properties at the RV,

FRC, and TLC are summarized for a 50 percentile male in Table 3.3.

Table 3.3: Calculated lung properties at the RV, FRC, and TLC

. Residual Functional Residual Total Lung

unis Volume Capacity ‘ Capacity
mean lung density kg/m’ 344 288 183
gas/tissue unitless 1.91 2.47 4.46

volume ratio

lung air volume liter 1.72 3.31 6.91
relative %TLC % 25 48 100
total lung volume liter 2.62 4.65 8.46

m’ 2.62e-3 4.65e-3 8.46e-3
lung mass kg .900 1.34 1.55
transpulmonary pressure* | cmH,0 0 7.3 33.5

*derived from Powell (1979)

Lung Density and Volume at Stress-Free State

The stress-free state was initially established by degassing the lungs and replacing air
with a saline solution (Vawter, 1977). A saline solution was typically used to remove
surface tension within the lungs such that the stress-strain response only pertained to the
elasticity of the lung. The study found the saline to tissue volume ratio was 1.74 at the
stress free state (Vawter, 1977).  However this volume ratio is a relative quantity, it
cannot determine the absolute size of the lung without one of the three corresponding
properties, such as the density, tissue volume, or saline volume. A trend line was fitted to

the air/tissue volume ratio with respect to the percentage of TLC based on the three states

tabulated earlier in Table 3.3 and yielded the Equation 3.3.

—Va"’ =1.452*exp(1.118-TLC%)

tissue

Equation 3.3: Air to tissue volume ratio based on the TL.C percentage

The RV state is equivalent to a collapsed lung, and the air to tissue volume ratio was
calculated to be 1.93 based on Equation 3.3. This equation correlated well with the study
by Crossfill and Widdicombe (1961) on dog lungs where the air to tissue volume ratio at

the collapsed lungs state was 1.91.
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When the saline and tissue volume ratio of 1.74 from the study by Vawter (1977) was
applied to the Equation 3.3, the stress-free state corresponded to 16.1% of the TLC (1.12
Liters). Based on this trendline correlation, the theoretical total lung volume for human
at the stress-free state and at the in-situ condition (FRC) were 1.76e-3 mm® and 4.65¢-3
mm’, respectively. The ratio of the lung volume at the in-situ condition relative to the
stress-free state is 2.64 times. The ratio of 2.64 is relatively close to the ratio of 2.74

reported from the experiments by Vawter (1976).

Reference Lung Density and Volume

In the current model, it was assumed that the lung expanded from stress-free state to in-
situ condition hydrostatically where it uniformly expanded to 2.64 times of the stress-free
volume; a stretch ratio of 1.38 is implied along each axis. Table 3.4 summarizes physical
properties of the lung at the in-situ and stress free conditions. For the saline to tissue
volume ratio of 1.74 (1.74 unit volume of saline for every 1 unit volume of tissue), the

lung density was calculated to be 364 kg/m’ at the stress free state using Equation 3.2.

Table 3.4: Lung physical properties at in-situ condition

lung density air Volume total volume total mass stretch ratio*
g A (kg/m’) (m’) (m’) (kg) (unitless)
In-Situ 288 3.31e-3 4.65e-3 1.34 1.38
Stress-free 364 1.12e-3 1.76e-3 .64 1

*relative to the stress-free state

Lung Size Comparison

The current lung model (4.74e-3m’) is oversized by 1.4% based on the calculated lung
size (4.65¢-3m”). The volume difference was attributed by two factors: First, the lung
filled the voids left by the components that were not represented such as the esophagus,
pulmonary blood vessels, and bronchi, etc. Second, the inferior section of the lung
geometry was cropped to maintain mesh quality. The two factors offset one another,

leading to a small difference between the current volume and the calculated volume.
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kg/m’. The decrease of wave speed relative to the FRC was predominantly caused by the
increase of the lung density. The Table 3.6 summarizes the lower limit of wave speed at

the collapsed lung condition.

Table 3.6: Dynamic properties of the lung at zero transpulmonary pressure

Density Bulk Modulus Transpulmonary Pressure Theoretical Wave Speed

(kgm’)  (kPa)  (cmH0)  (Pa) (m/sec)
344 265 0 0 27.8

Bulk Properties beyond collapsed lung

Ward (2005) conducted experiments on excised human lung tissue using a modified
Kolsky bar and fired from 1 to 50m/s. The experiments measured an average bulk
modulus of 130 MPa with the initial lung density at 0.6 kg/m’. Saraf (2006) conducted
similar testing using a Kolsky bar setup and had found a bulk modulus of 150 MPa. Both
tests had measured the shear modulus in the order of 10kPa, five orders of magnitude
lower than the bulk modulus. Based on Ward’s (2005) experimental data, the resultant
wave speed was 465.5 m/sec using Equation 2.1. The properties at the collapsed state

during dynamic compression are summarized in Table 3.7.

Table 3.7: Dynamic properties of the excised lung tissue
Density Bulk Modulus Strain Rate (1/s) Theoretical Wave Speed

(kg/m’) (kPa) Lower  Upper (m/sec)
600 130000 500 2100 465.5*

*Calculated Theoretical Wave Speed

(Derived from Ward, 2005)

Effective Bulk Properties

The wave speed of the lung should be a non-linear relationship with respect to the lung
deformation due to the varying density and bulk modulus at different deformation and
deformation rate. In theory, the wave speed should decrease as deformation occurs due
to an increase in density while the bulk modulus remains nearly unchanged. The wave
speed should reach its lowest when the lung is near a collapsed state, where the bulk
modulus is low and the density is high as demonstrated in the studies by Rice (1983) and
Yen (1986). The role of gas stiffness becomes dominant once air trapping occurs, further

compression should result in increase in bulk modulus and density leading to a high wave
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speed as observed in the experiments by Ward (2005) and Saraf (2006). A summary of
bulk moduli and corresponding densities from various experiments is shown in Figure

3.13.
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Figure 3.13 - A summary of bulk moduli versus lung densities

The bulk modulus was limited as constant input in the current constitutive material model,
therefore when compression increases, the wave speed decreases in the numerical model
where the experiments demonstrated the opposite. During compressive loading of the
lung, the pressure response relative to the volume should follow the non-linear trend as
shown in Figure 3.14. If the bulk modulus is assumed too low, then the lung would be
too compliant leading to excessive deformation in addition to a low wave speed. If the
bulk modulus is assumed too high, then the lung would be too stiff leading to high stress

response but lower strain response in addition to a high wave speed.

To address this limitation, an effective bulk modulus was assumed to be in between the
lower and upper limit of the bulk moduli. The bulk modulus derived from the study by
Rice (1983) as shown in Table 3.6 was set as the lower limit. The bulk modulus derived
from the study by Ward (2005) as shown in Table 3.7 was set as the upper limit. It was
assumed that the model would see deformation between these limits. The bulk modulus

was derived based on an approximate linear trend formed by the two reference points
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(Rice, 1983; Ward, 2005) and the bulk modulus of soft tissue in the log scale. The
resultant bulk modulus was found to be 5870 kPa. The effective wave speed would range

from 217 m/s to 99 m/s corresponded with a lung density of 288 kg/m’ and 600 kg/m’,

respectively.
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Figure 3.14: Schematic of a pressure vs volume curve

The effective bulk modulus can be readjusted in the future based on the lung response
from various simulations. However, development effort should be focused on improving
the constitutive model to better model the wave propagation as it would provide greater

insight into the stress wave characteristics and the influence on the injury mechanism.

Material Properties of the Lungs

The current lung model adopted the approaches developed by Fung et al (1978) and
Vawter (1980) in which the elastic and surface tension properties of the lung tissue were
modeled by a macroscopic strain energy function as shown in Equation 3.4 and Equation
3.5. The C, C,, C, a, B are material constants, A is the average alveolar diameter when
unstressed, and I; and I, are the strain invariants. The hydrostatic work was incorporated

in terms of the bulk modulus and the third strain invariant, J.
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12C,

[A (1+C2)_ 1]
A1+C,)

C
w :Zexp(a112+ﬂ12)+

4
A :5(11 +1,)+1
(Reproduced from Vawter, 1980)
Equation 3.4: Macroscopic strain energy function of the lungs

K
W;=E~U—02
(Reproduced from Dyna, 2006)
Equation 3.5: Hydrostatic work function of the lungs

The first set of the biaxial human lung tissue tensile tests was published by Zeng et al
(1987). Subsequently, the second set of biaxial tests was conducted by Yen et al (1999)
as part of the thoracic model development by Deng (1999). The data by Yen (1999) was
reanalyzed to establish an optimized set of material constants (Gao et al, 2006). The
following sections describe the available lung material data and the approach used to

derive the material constants.

Elastic Material Properties

A biaxial test setup was strictly focused on obtaining elastic properties of lung tissue.
The specimen had to be submerged in a saline solution to eliminate surface tension
effects. The third axis was stress free to minimize hydrostatic effects. The biaxial
experiments by Zeng et al (1987) consisted of four increments of constant tensile loads
from 5 to 30 g/cm® (490 Pa to 2942 Pa) applied to one axis while the stretch ratio varied
from 0.6 to 1.8 in the perpendicular axis at each increment. The results were fitted to the
constitutive model developed by Fung et al (1978). Figure 3.15 shows the stress-strain

relationship of loading response with the isotropy assumption.

Yen et al (1999) conducted a similar study as Zeng et al (1987), except the biaxial
experiments were strain-controlled instead of stress-controlled. The first test protocol
subjected the excised lung tissue with a constant stretch ratio along the x-axis at different
increments ranged from 1.000 to 1.274. At each x-axis stretch ratio increment, the stretch

ratio was varied along the y-axis. The second test protocol was simultaneously cycled
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through the minimum to maximum load at both axes, the applied stretch ratio on both
axes were synchronized. However, the applied strain limits were not explicitly stated.
Two samples were subjected to the first test protocol and nine samples were subjected to

the second test protocol.
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Figure 3.15: Loading stress-strain relationship by global approach, Isotropy assumed

Upon examining the experimental data from the second test protocol (Yen, 1999), there
was a discrepancy in the boundary conditions. From the stress-strain plots of 1181, both
axes showed the peak Kirchhoff stress were 50 gm/cm?’. The corresponding strains should
be near each other, however the strain measured along the x-axis was 0.25 and y-axis was
near 0.40. For a specimen that was simultaneously loaded in both axes, it was unclear
why the measured strain levels were so different. Since the experimental data were
plotted each axis response independently, it was not possible to crosscheck if the
boundary conditions were properly imposed. Therefore, this set of material data was

discarded from the current material curve fit.

Upon reviewing the data, it should be more accurate to impose a constant load condition
rather than a constant strain condition. This has to do with the difficulty with

determining the zero strain state. A strain-free state is difficult to attain and to measure
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given the lung is quite deformable at low stress level. This might explain the high

variability in the Gao et al (2006) data.

Biaxial Data Comparison

Table 3.8: Test protocols for experimental data comparison

Test Protocol Description Test range Reference

1 x-axis Lagrangian stress—constant 0,5, 10, 15,20 g/cm2 Zeng et al, 1987
y-axis stretch ratio — varied ~0.8 to ~1.8

2 X-axis stretch ratio —constant 1, 1.068, 1.134, 1.208, 1.274 Gao et al, 2006
y-axis stretch ratio — varied ~0.9to~1.2

Table 3.8 shows the boundary conditions correspond to each biaxial test protocol as
described in the studies by Zeng (1987) and Gao (2006). The material model and the
optimized material parameters as recommended by each study were subjected to both
biaxial tests analytically. Figure 3.16 shows a sample of Gao’s (2006) material model
response with Zeng’s (1987) loading conditions. Figure 3.17 shows a sample of Zeng’s
(1987) material model response with Gao’s (2006) loading conditions. Figure 3.16 and

Figure 3.17 were plotted up to the upper limit of the corresponding loading conditions.
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Figure 3.16: Stress-strain curves comparison based on Zeng (1987) biaxial test
The comparison showed that the two material models were in good agreement at low
stretch ratio. The differences became more profound as the x-axis was imposed with a
higher stress or stretch ratio. Overall, Gao’s (2006) material model was generally stiffer,
but was validated with a very limited stretch ratio range. The material response from

Zeng’s (1987) study should be more representative of the human lung tissue response,
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given Zeng’s (1987) material response was in good agreement with Gao’s material model

in low strain and was tested with a wider range of stretch ratio.
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Figure 3.17: Stress-strain curves comparison based on Gao (2006) biaxial test

Lung Elastic Properties Curve-fit

Only Zeng’s (1987) experimental data was utilized to derive the elastic properties of the
human lung given the material parameters were validated against a wide range of strain.
The following describes the approach to determine the appropriate material constants that
fitted the Zeng’s (1987) experimental data based on the constitutive material model by
Vawter (1980). The curve-fitting approach was similar to the one used in the studies by
Zeng (1987) and Gao (2006). The derivative of the strain energy function (Vawter, 1980)
with respect to the strain component yielded the Kirchhoff stress components. The
Kirchhoff stress related to the Lagrangian stress when multiplied by the corresponding
stretch ratio. A macro was written to identify material constants by minimizing the sum
of the errors squared. The original experimental data was not available, therefore the
optimized material parameters from the study by Zeng (1987) as shown in Table 3.9 were
plotted to derive a set of data points. The material model from Zeng et al (1987) was
used to generate twelve data points along the y-axis at six constant Lagrangian stress
levels applied to the x-axis (5,10,15,20,25,30 g/cmz). This established the baseline
experimental data for material curve fit. The sensitivity and variation of the lung tissue
properties across the human population was not considered in the current study and

should be investigated in the subsequent development iteration.
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The curve-fitted material parameters based on Vawter’s constitutive material model
(1980) are tabulated in Table 3.10 and refers as the ‘stress-free material model’ in the
current context. The derived material parameters for the Vawter’s (1980) constitutive
material model produced an excellent fit against Zeng’s (1987) experimental data as

shown in Figure 3.18. Only the two load limit out of the six loading cases (5 and 30

g/cm?) were shown.

Table 3.9: Material parameters determined by the global approach

C* (kPa) al, a2 a4
.862 .63 .39

(Derived from Zeng, 1987)

Table 3.10: Stress free material model, optimized for Vawter’s (1980) material model

C/A (kPa) o B
1.38 764 -.894
70
—curve-fit x=5gm/cm”2
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Figure 3.18: Lung elastic properties curve-fit comparison

Stress-free state to In-situ condition

The derived material parameters from the previous section were defined with respect to
the stress free state of the human lung tissue. The lung model should be defined with
respect to the in-situ condition in the current human body model. The stress-strain curve

should be shifted with respect to in-situ condition such that any change to the strain
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energy relative to the initial condition is realistic. The following section details the

approach in determining the stress-strain curve with respect to the in-situ condition.

To maintain constancy of the volume as an initial condition, the multiplication of the
stretch ratio with respect to x, y, and z was set to 1 as shown in Equation 3.6. This was a
simplification as an initial condition for the current model; similar approach was used in a
study by Vawter (1976) to investigate surface tension relative to the stress-free state.

A A, =1

Equation 3.6: Constancy of a macroscopic lung tissue at stress free state

Previous section detailed the approach that determined the lung volume at the stress-free
state and the in-situ condition as summarized in Table 3.4. From the analytical
calculations, the lung volume at in-situ condition was found to be 2.64 times larger than
the lung volume at the stress-free state. It was assumed in the current study that the lung
would hydrostatically expand to the in-situ condition governed by Equation 3.7 and
yielded a stretch ratio of 1.38 to each axis. The original stress-strain curve was shifted
such that the new material parameters were defined with respect to the stress-strain point

at the in-situ condition.

AAA =2.64

Myt
Equation 3.7: Constancy of a maycroscopic lung tissue at in-situ condition
At the in-situ condition, it was assumed that the transpulmonary pressure applied to the
lung throughout the impact, thus a constant pressure was applied in the stress-free model
throughout the load case. In the in-situ material model, this pressure was considered
inherent in the material model and be established as the reference point at zero pressure.
Figure 3.19 provided an example comparison between the stress-free model and the in-
situ model in terms of pressure and volume. The pressure and volume are analogous to

the stress and strain, respectively.

To transform the stress-free model into the in-situ material model, a single element was

subjected a uniaxial load after the stress-free model was subjected to a hydrostatic
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expansion to achieve the in-situ at a volume of 2.64 times. A constant pressure was
applied to the two axes of the stress-free material model and the third axis was subjected
to uniaxial stretch from 1 to 1.8. The data points created from the stress-free model
needed to be adjusted such that the stress and strain were defined with respect to the in-
situ condition. To normalize the stress and strain with respect to the in-situ condition,
each data point was subtracted by the true stress corresponded to the applied constant
pressure and the stretch ratio was divided by 1.38. This dataset which was shifted with
respect to the in-situ condition refers as ‘the simulated in-situ uniaxial data’ in this

context.

Stress-free Material Model

> -

U -

—
Volume =1 Volume = 2.64 Uniaxial load
Pressure =0 Pressure = Pjp_it Pressure = Piyiw
In-situ Material Model y A4
- /'///\\;\%
Volume = .27 Volume =1 Uniaxial load
Pressure =0 Pressure =0

Pressure =-P
Figure 3.19: Material models reference comparison

Material Parameters Comparison

A study by Gayzik et al (2008) approached the material parameter determination through
a finite element optimization to correlate the lung response to the measured impact load
in the experiments. The experiments were conducted on live rats under an in-vivo
condition (Gayzik, 2008), which also implied that the material parameters were

determined with respect to the in-situ condition.
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The current stress free material model was derived based on biaxial tensile load cases,
while Gayzik’s (2008) material model was derived primarily based on compressive loads.
The simulated in-situ uniaxial data and Gayzik’s simulated uniaxial data were compared
and showed that the tensile response were similar, where as the compressive response
were divergent as shown in Figure 3.20. The corresponding strain in the transverse

direction, while remain stress-free, were different between the two curves.
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Figure 3.20: Simulated in-situ uniaxial test

Loading Consideration

The lungs are always subjected to compressive loading during impact; however the
material response of the lungs under compression is relatively unknown. Fung (1978)
and Vawter (1979) suggested that the alveoli could provide some buckling resistance, but
exactly how the lung behaves under compressive load is still unclear. From the
observation of the uniaxial simulation, it was apparent that the compression response of
Gayzik’s model was unconventional as shown in Figure 3.20. However, this is the only
indirect observation available on the lung response during compressive loading.
Experiments are needed to better understand the compressive response of the lung. In
order to determine the in-situ material parameters that cover full range of loading, it was
assumed that the lung response should behave similar to the simulated in-situ uniaxial
data during tension and similar to Gayzik’s simulated uniaxial data during compression.
Although a uniaxial loading case was used for comparison, the loading case was triaxial
in nature due to the transpulmonary pressure which already incorporated in the

development of the material parameters.
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Final In-situ Material Parameters

The current approach should represent the major features in the lung response, although it
was recognized that it cannot account for the complex and non-linear behavior of the
human lung in every detail. This approach came with the same limitations in the
development of the constitutive model as discussed in the studies by Fung (1978), and
Vawter (1976, 1979, 1980). Figure 3.21 shows the uniaxial true stress-stretch ratio curve
of the in-situ material model after incorporating the simulated in-situ data under tension
and the simulated Gayzik’s data under compression. The stress response was in good
agreement with both datasets, while the transverse strain response was compromised.

Table 3.11 shows the final material parameters for the elasticity aspect of the constitutive

model.
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Figure 3.21: Stress-strain curve, in-situ condition, before and after correction

Table 3.11: Elastic properties of the lung, adjusted in-situ condition

Model Type C (kPa) ‘ o (unitless) P (unitless)
Adjusted In-Situ 1.115 213 -.343

Surface Tension

Surface tension plays a critical role in terms of determining the stress and strain the lung
tissue. Surface tension exists regardless of the deformation as long as the air-tissue
interface exists. The surface tension contribution to the stress of the tissue diminishes
during compression but increases during rebound. The constitutive model developed by
Vawter (1980) approximated a power function to account for the surface tension as

shown in Equation 3.8.
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y=CA“

T Surface tension
Where A Surface area
Cy, G, Surface tension constants

(Reproduced from Vawter, 1976; 1980)
Equation 3.8: Surface tension formulation

Although the function to approximate surface tension used in the study by Vawter (1976)
was the same function implemented in the Vawter’s (1980) constitutive model, the
formulation that determine the normalized surface area was not the same. Vawter (1976)
initially investigated the surface tension effect by validating the response to the in-situ
pressure-volume measurements of the lung (Flicker and Lee, 1974). Equation 3.9 shows
the normalized surface area calculation in the study by Vawter (1976). Equation 3.10
shows the surface area calculation as implemented in the Vawter’s (1980) constitutive
model which was initially developed by Fung (1978). Vawter et al (1976) modeled the
loading and unloading response with separate formulation. Vawter’s (1980) constitutive
model implemented the formulation that modeled the loading characteristics (inflation).
Considering the sequence of event during an impact, the surface tension effect is much
higher in loading (inflation) than unloading (deflation). It should be clear that loading in
this context refers to deformation towards tension, while unloading refers to deformation
towards compression. As such, the current model was curve-fitted after the loading data

(inflation of the lung) to mimic the surface tension effect as presented in Vawter (1976).

A Stretch ratio
Where k’ Ratio of stress free lung volume to tissue volume
A

Normalized surface area
(Reproduced from Vawter, 1976)

Equation 3.9: Normalized surface area
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A2:%(1,+12)—1

A Surface area

11,12 Strain invariants
(Reproduced from Vawter, 1980)

Equation 3.10: Surface area calculation for the constitutive model

Where

As part of the current study, parameter identification was carried out in a similar manner
as the study by Vawter (1976). A set of surface tension parameters for the stress free
condition was identified based on the measurement data (Vawter, 1976) and the
normalized area formulation from Vawter (1980). Another set of parameters were then
fitted to the stress-free surface tension data that were adjusted to the in-situ condition.
The in-situ condition adjustment was similar to the approach that determined in-situ

material parameters for the elasticity of the lung in the previous section.

Figure 3.22 shows the surface tension versus surface area curves for four sets of surface
tension parameters. First, Vawter (1976) curve was originally fitted to the in-situ
measurements by Flicker and Lee (1974) with respect to the stress-free state. Second,
Vawter (1980) curve was based on a new set of parameters that was fitted to the Vawter
(1976) data using the surface area formulation developed by Vawter (1980) as shown in
Equation 3.10. Third, the final in-situ surface tension model used the Vawter (1980) data
points and renormalized the surface area with respect to the in-situ reference stretch ratio
of 1.38. The surface tension had to be more sensitive to compensate for the same change
of length after the data was re-normalized to a larger reference length. Fourth, Gayzik
(2007) obtained surface tension parameters through optimization and was plotted for
reference. Gayzik’s (2007) elevated surface tension response may be attributed to the
dynamic loading effects of the surface tension. Until more research is conducted on the
surface tension effect relative to dynamic loads, it was outside of the scope of this project
to investigate it extensively. This believed to be as rigorous approach as it could be given
the limitations imposed by the constitutive model and the limited understanding of the
complex behavior of surface tension. Table 3.12 summarizes the surface tension

properties for the current lung model under the stress-free and in-situ conditions.
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Table 3.12: Surface tension properties of the lungs, stress-free & in-situ condition

Model Type ~ C; (N/mm) C,(unitless)
Stress Free 2.913e-4 3.934
In-Situ 1.002¢-3 2.040
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Figure 3.22: Surface tension - surface area curves

The Lung volume to tissue volume ratio

Vawter (1976) determined the k’ value, defined as the ratio of the lung volume relative to
the tissue volume at the stress-free state, to be 2.74 from an unpublished observation in
his experiments. From the earlier analysis that established the stress-free state as
summarized in Table 3.4, the derived k’ value was found to be 2.75. This demonstrated
that the dog lung and human lung have similar ratio of the lung volume to the tissue

volume at the stress-free state.

Material Model Summary

Table 3.13 summarizes the complete material model for the current lung model with

parameters adjusted for the in-situ condition.

Table 3.13: Current lung material model in-situ condition
Model Type

p (kg/mm’) K (MPa) A (mm) C (MPa)
o (umtless) B (umtless) \ C1 (MPa) Cz(unltless)
213 -.343 1.002¢-3 2.040

Adjusted In-
Situ
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Chapter 4
Lateral Impact Response

4.1 Introduction

Numerical models, like Anthropomorphic Test Devices (ATD), need to possess a high
degree of biofidelity. A numerical model should provide human-like response and
predict human injury consequences to be considered biofidelic. The International
Organization for Standardization (ISO) had developed a set of test procedures and impact
response requirements for assessing the biofidelity of anthropomorphic side impact
dummies that is specific to each body region. The assessment established the 50
percentile adult male as the reference. The basis of the current study works within the

guidelines and procedures as outlined in the latest revision, ISO-TR9790 (1999).

This chapter is focused on evaluating the numerical human body model against post-
mortem human subjects (PMHS) in various impact conditions with emphasis placed on
the thorax region. The current study focused on rigid impact tests as the loading
condition of the padded tests is difficult to mimic in a numerical environment without the
material data of the pad. The simulated results from various pendulum and sled impacts

were compared to the response corridors provided by the corresponding experiments.

The following sections provide descriptions of each PMHS experiment and the
equivalent representations of the experiment within the numerical environment. Three
pendulum thoracic impact tests were chosen to assess regional response and two sled
tests were selected to assess various body regions simultaneously. Studies pertained to
regions other than the thorax were not presented here in detail; however their results are
organized in Appendix A. The assessment of the numerical results provided insight into

the assumptions that were made throughout the development of the detailed thoracic
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model. The discrepancies between the model and the experimental results were

discussed, and the recommendations to address these discrepancies were explained.

4.2 Pendulum Impact Descriptions

Four pendulum tests with three different setups were chosen to validate regional thoracic
response of the human body model. Thorax tests 1 and 2 from the ISO standard (1999),
known as the oblique pendulum thoracic impacts, were chosen. The setup conditions for
the thorax test 1 and 2 were the same except the pendulum was subjected to different
impact velocities. A frontal pendulum thoracic impact and a lateral limited-stroke

pendulum thoracic impact test were included.

Pendulum Impact Selection Justification

This set of impact tests applied to the thorax were intended to provide greater insight and
better expose deficits on any specific component. These impacts were chosen because
they are representative of the dynamic conditions of those in automotive crash and
demonstrate the applicability of the human body model with respect to various impact

directions.

The current model development emphasized lateral impact situations; however, including
the frontal pendulum impact has its merit. The frontal impact was included as it directly
loads the sternum which 1s dependent on the properties of the ribs and the costal cartilage.

The sternum and its joints to the ribcage also play a crucial role in the response.

The experimental setup of the oblique pendulum impact was initially developed to
minimize body rotation during impact (Viano, 1989); it was directed at the center of
gravity of the body. Due to its oblique angle, its thoracic response was considerably

influenced by bending of the costal cartilage as it is more compliant than the ribs.

The lateral limited-stroke pendulum impact specifically placed emphasis on the rib
deformation. Since it was a direct impact in the lateral axis, the costal cartilage and the

sternum material properties have minimal response contribution relative to the ribs.
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Experimental Data Normalization Method

The experimental data is typically normalized with respect to the 50" percentile male
since the cadavers from each study have different body mass and stature. The ISO
standard (1999) utilized the normalization method as described by Mertz (1984) for each
response study; the force, displacement, and time were normalized based on body mass
and effective stiffness of the impacted area. Other studies that were not presented in the
ISO standard were normalized as described by Eppinger et al (1984) to represent the 50"
percentile male as shown in Equation 4.1 and Equation 4.2. F and D are referred to the
measured force and deflection, respectively, and M is referred to the subject mass. Fuomm
and Dy are referred to the normalized force and deflection respectively. The reference
mass of a 50" percentile male is 75 kg (Eppinger et al, 1984).
2/3
o (2

normalized

M

(Reproduced from Eppinger et al, 1984)
Equation 4.1: Normalized force

75kg 1/3
D normalized ) 7

(Reproduced from Eppinger et al, 1984)
Equation 4.2: Normalized deflection

Frontal Pendulum Thoracic Impact, 6.7 m/s

Kroell et al (1971, 1974) conducted frontal thoracic pendulum impact tests on thirty
seven unembalmed PMHS with varying impactor mass (1.64kg to 23.4kg) and velocities
(4.9 m/s to 14.3 m/s). A wood impactor was centered over the sternum, at the fourth
costal interspace as illustrated in Figure 4.1. Each subject was in a seated upright
position. The arms were restrained at the horizontal position but were released prior to
impact. Since it was unclear what filter was applied to the experimental data, a SAE
1000 filter was applied to remove artificial noise from the numerical force data;
compression data was unfiltered. Five PMHS were subjected to a 6.7m/s impact with a

23.4 kg impactor; this impact condition was the most aggressive in the studies that best
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represent the automotive car crash scenarios. Table 4.1 lists the anthropometric data for

the PMHS. A summary of the frontal pendulum impact setup is provided in Table 4.2.

Figure 4.1: Frontal pendulum thoracic impact

Table 4.1: Frontal pendulum thoracic impact - PMHS anthropometric data
Test Age Mass (kg) ‘ Chest Depth (mm)  AIS

15FM 80 53 200 4
18FM 78 66 219 4
19FM 19 66 203 2
20FM 29 57 203 0
22FM 72 75 225 4
Model - 76 238

(Reproduced from Kroell et al, 1971, 1974)

Table 4.2: Frontal pendulum thoracic impact - experiment summary

Impact Type Frontal Pendulum
Loading Condition Initial 6.7 m/s
Impactor mass 23.4kg
Impactor Diameter 152.4 mm
Arm Position Horizontal
Derived from Kroell et al, 1971, 1974

Measurable Responses
In the experiment, the impact force was measured using a load cell attached to the

impactor. The chest deflection was measured by monitoring markers at the spine and at
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the impactor using high-speed film. The simulation response was compared to the
experimental normalized force and deflection data as presented by Forbes (2005). A
sample size of five PMHS that were subjected to an impact velocity of 6.7m/s was used
for the current analysis.  Viscous Criterion (VC) response and number of rib fractures
were analyzed. The extracted experimental force and compression data had been
normalized as described by Eppinger et al (1984). The following responses were

compared:

Force Impact force between impactor and body

Compression  Deflection divided by the initial thorax depth from
surface to surface at the 6th rib level

vC Viscous criterion; instantaneous product of the rate
of deflection and compression

Injury Number of rib fractures

Oblique Pendulum Thoracic Impacts, 4.3 and 6.7 m/s

Viano et al (1989) conducted the oblique pendulum impact tests on the thorax. Each
subject was seated in an upright position. The arms were raised so that the thorax was
exposed to the impact as illustrated in Figure 4.2. The impactor face was centered
vertically and fore/aft on the lateral section of the 6" rib. The impacts were conducted at
three velocities; however, the ISO standard (1999) only recommended the two lower
impact velocities to be considered. The subject was rotated 30 degrees relative to the
impactor face. The pendulum was aligned perpendicular to the lateral side of the thorax,
and vertically aligned with the xiphoid process, equivalent to 7Smm below mid-sternum.
The axis of the impactor direction was horizontal and aligned through the approximate
center of gravity of the torso, where the center was approximately 20mm anterior to the
intrathoracic surface of the vertebra. A sample size of four PMHS that were subjected to
4.3m/s impact and three PMHS were subjected to 6.7m/s impact for the current analysis.
Table 4.3 lists the anthropometric data for the seven PMHS. A summary of the oblique

pendulum impact setup is provided in Table 4.4.
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Figure 4.2: Oblique pendulum thoracic impact

Table 4.3: Oblique pendulum thoracic impact - PMHS anthropometric data
Velocity Test \ Cadaver Age  Mass (kg) Chest Depth (mm) \ AIS

17 986 29 70.3 300 0

29 008 52 53.1 285 0

4.3m/s 36 UOMI1 37 67.6 305 0
40 UOM2 64 75.8 335 2

41 UoM2 64 75.8 335 0

4 935 63 69.9 280 3

5 947 38 56.3 290 2

6.7m/s 7 954 66 56.3 270 3
9 RNY2 64 61.7 280 3

11 956 40 76.2 295 3

Model - - 76 330

(Derived from Viano, 1989)
Table 4.4: Oblique pendulum thoracic impact - experiment summary

Impact Type Oblique Pendulum Impact
Loading Condition Initial 4.3 and 6.7 m/s
Impactor mass 23 kg
Impactor Diameter 150 mm
Arm Position Up (overhead)
Analog Filter SAE 1000
Acceleration Filter FIR 100
Force Filter FIR 100
Derived from Viano (1989)
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Measurable Responses

In the experiment, the force response was derived from an accelerometer which was
mounted to the impactor. The chest deflection was determined through film analysis.
The deflection data was digitized from the NHTSA database (2009) and was normalized
in accordance to Viano (1989). The deflection and VC corridors were defined by one
standard deviation above and one below the experimental average since the corridors

were not available from literature. The following responses were compared:

Force Impact force between impactor and body

Compression Deflection divided by the initial thorax depth from
surface to surface along the impact axis

vC Viscous criterion; instantaneous product of the rate
of deflection and compression

Injury Number of rib fractures

Lateral Limited Stroke Pendulum Thoracic Impact

Chung et al (1999) conducted the lateral limited-stroke pendulum impact tests on four
unembalmed PMHS. An impactor was centered over the lateral side of the sixth rib. The
last 51mm of the impactor stroke was occupied by the test subject. Each subject was
suspended in a seated upright position with arms at the overhead position as illustrated in
Figure 4.3. This impact was chosen because a deflection-controlled pendulum impact
that has high energy, limited stroke, with a velocity pulse would be more representative
on typical occupant during side impact (Deng, 1999). The impactor was initially
accelerated to a nominal velocity of 5.6 m/s, then was decelerated by a piece of paper
honeycomb and a piece of aluminum honeycomb. The honeycomb served two purposes:
limit the impactor stroke and reduce peak acceleration when the impactor bottoms out.
Four PMHS were subjected to this impact configuration, however only the male PMHS
experimental data was selected for analysis. Table 4.5 lists the anthropometric data for
the PMHS used for the pendulum impact analysis. A summary of the limited stroke

pendulum impact setup is provided in Table 4.6.
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Figure 4.3: Lateral limited stroke pendulum thoracic impact

Table 4.5: Lateral limited stroke pendulum thoracic impact - PMHS anthropometric data
Test Number Age  Mass(kg) Chest Depth (mm)  AIS

CADI1 51 103 336 3
CADA4 71 76 335 3
CAD6 45 82 326 3
Model - 76 338

(Derived from Chung et al, 1999)

Table 4.6: Lateral limited stroke pendulum thoracic impact - experiment summary

Impact Type Lateral Limited Stroke Pendulum Impact
Loading Condition Initial 5.6 m/s, prescribed velocity profile

Impactor mass 50 kg
Impactor Diameter 152.4 mm

Arm Position Up (overhead)

Analog Filter SAE 1000
Acceleration Filter SAE 180, FIR 100

Force and Disp. Filter BW 300
Derived from Chung et al, 1999

Measurable Responses
In the experiment, the impact force was measured using a load cell in the impactor and
the chest deflection was measured using a chest band. The simulation response was

compared to the experimental normalized force and deflection data as presented by
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Forbes (2005). The VC response and number of rib fractures were analyzed. Similar to
the frontal pendulum impact analysis, the force and deflection response were normalized

according to Eppinger et al (1984). The following responses were compared:

Force Impact force between impactor and body

Compression Deflection divided by the initial thorax depth
(surface to surface) at the 6™ rib level

vVC Viscous criterion; instantaneous product of rate
of deflection and compression

Injury Number of rib fractures
4.3 Sled Impact Descriptions

Sled impact tests are intended to replicate a full body automotive crash and provide
insight into the interactions between body regions. The current study focused on two

types of sled tests: the WSU-type and the NHTSA-type sled tests.

Sled Impact Selection Justification

Sled impact tests applied to the full body were intended to provide insight into the
interaction of different body regions. There were only three types of sled impact tests to
date with each setup replicating a different boundary condition that model after side
impact car crashes. Only rigid wall impacts were considered, although each sled type had
conducted experiments with various other boundary conditions such as pelvis offset and
padded contact. The sampling pool for the rigid wall impacts was large (at least 3
cadavers) and were conducted at two different velocities, where as other boundary

conditions were only conducted with 2 cadavers.

The Heidelberg-type sled test was the first sled developed for cadaver testing. The WSU-
type sled test was a derived version of the Heidelberg-type sled with five impact plates.
Both sled tests were recommended by the ISO standard for the full body side impact
validation. The Heidelberg-type sled test was not presented in-depth since the test was

largely focused on force response but not chest deformation, however the force response
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are presented in Appendix A. The WSU-type sled configuration had five impact plates,
which provided greater understanding on the load distribution between regions that

included the shoulder, thorax, abdomen, pelvis and knee.

The NHTSA-type sled test had four impact plates and was introduced to represent the
boundary condition seen during a side impact car crash. There was no shoulder contact
plate, and the upper edge of the thoracic plate was at the approximate average height of a
window sill. The contact plates were larger than those in WSU-type where the load was
more distributed and the body was engaged over a larger surface area. The NHTSA-type
sled test was selected because it provided greater level of understanding into the chest

deformation.

WSU-type Side Sled Impact

The WSU side sled was a derived version of the Heidelberg sled test by Kallieris et al
(1981). The focus of the study was to understand the cadaver interaction with boundary
conditions that had different regional stiffness. Cavanaugh et al (1990) conducted side
sled impact tests on 31 unembalmed cadavers. Each subject was seated in an upright
position on a bench with arms down and with wrists tied together as illustrated in Figure
4.4. A sled was accelerated to approximately 6.67 m/s or 8.89 m/s and suddenly
decelerated to a stop causing the PMHS to slide along the bench and make contact with a
series of impact plates. There were five contact plates in total. The first plate was aimed
at the shoulder, the second at the thorax, the third at the abdomen, the fourth at the pelvis
and the upper section of the lower limb, and the fifth at the knee. The study tested four
different wall surface conditions: a rigid wall, soft paper honeycomb padding, stiff paper
honeycomb padding and 152.4 mm pelvic plate offset with rigid wall. Only the rigid
wall configuration was used for the current analysis. Three PMHS were subjected to 6.67
m/s impact and two PMHS were subjected for 8.89 m/s. Table 4.7 lists the
anthropometric data of the PMHS. A summary of the WSU-type sled impact setup is
provided in Table 4.8.
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Figure 4.4: WSU-type side sled impact

Table 4.7: WSU-type side sled impact - PMHS anthropometric data

Velocity ~ Test Number  Cadaver Number ~Age Mass (kg)  AIS
2585 SIC05 67 44.0 4
6.67 2587 SIC07 66 74.8 4
4933 SC131 48 75.0 4
389 2584 SIC04 69 57.6 4
2586 SIC06 60 61.2 4
Model - 76

(Derived from Cavanaugh et al, 1990; 1993)
Table 4.8: WSU-type side sled impact - experiment summary

Impact Type WSU Type Sled
Loading Condition 6.67 m/s and 8.89 m/s
Impact plates 5
Arm Position Down
Analog Filter SAE 180
Derived from Cavanaugh et al (1990, 1993)

Measurable Responses

The simulation response was compared to the experimental normalized force, and
compression data as presented by Forbes (2005). The original force data were acquired
from the NHTSA biomechanics test database, and were normalized accordance to
Eppinger et al (1984). Chest deflection data were not available in the NHTSA database;

chest compression average and standard deviations were digitized from Cavanaugh et al
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(1990) and Yoganandan & Pintar (2001). The compression was obtained by tracking the
deflection of the upper and lower sternum, and they were averaged to obtain a mid-
sternum deflection. This average deflection was then averaged with the deflection
obtained at the fifth thoracic vertebra. The half thorax width and half thorax deformation
included the struck-side arm (Cavanaugh et al, 1993). Similar measurement protocol was
used to derive chest compression in the numerical model. The following responses were

compared:

Force Impact force between rigid plate and body
Impulse Impulse measured at each rigid plate

Compression  Half width compression measurements from the T5 at
the spine to the outside surface of the left arm

VC Viscous criterion; instantaneous product of rate of
deflection and compression

Injury Number of Rib Fractures

NHTSA-type Side Sled Impact

The NHTSA side sled was the second derived version of the Heidelberg sled test by
Kallieris et al (1981). The focus of this study was to better model the door to occupant
interaction by choosing an appropriate average window sill height to represent real world
vehicles (Pintar et al, 1996). Pintar et al (1997, 2001) conducted side sled impact on 26
unembalmed cadavers. Each subject was seated in an upright position with arms down as
illustrated in Figure 4.5. A sled was accelerated to approximately 6.67 m/s or 8.89 m/s,
suddenly decelerated to a stop causing the PMHS to slide along the bench and make
contact with a series of contact plates. There were four contact plates in total. The first
plate was aimed at the mid thorax, the second at the abdomen, the third at pelvis and
upper section of lower limb, and the fourth at remaining section of the lower limb. This
configuration was intended to mimic occupant making contact with the door without the
shoulder engaging as the average windowsill height is typically lower than the shoulder.

Only the rigid wall configuration was considered, although the experiment conducted
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with three different wall surface conditions. Only male subjects were used for the
analysis, three subjects for the 6.67 m/s impact and five subjects for the 8.89 m/s impact.
Table 4.9 lists the anthropometric data for the PMHS. A summary of the NHTSA-type
side sled setup is provided in Table 4.10.

Figure 4.5: NHTSA-type side sled impact

Table 4.9: NHTSA-type side sled impact - PMHS anthropometric data
Mass (kg) =~ AIS

Velocity  Test Number  Cadaver Number = Age

3120 SC101 73 89 4
6.67 3122 SC102 27 73 0
3155 SC103 55 76 3
3322 W9305 73 72 4
3324 W9302 77 75 4
8.89 3422 SC108 44 83 2
3423 SC109 49 62 4
3579 w9310 68 98 3
Model - 76

(Derived from Pintar, 1997;2001)

Table 4.10: NHTSA-type side sled impact - experiment summary

Impact Type NHTSA-Type Side Sled
Loading Condition 6.67 m/s and 8.89 m/s
Impact plates 4
Arm Position Down
Analog Filter SAE 180
Derived from Pintar et al (1997, 2001)
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Measurable Responses

The simulation response was compared to the experimental normalized force, and
compression data as presented by Forbes (2005). In the experiments, the contact plates
were instrumented with load cells. The chest deflection was measured with three chest
bands at the following locations: the transverse plane at the 4™ rib, at the xiphoid process,
and at the 10" rib. These are termed upper band, middle band, and lower band,
respectively. The raw data was acquired from the NHTSA Database (2004), and were

normalized according to Eppinger et al (1984). The following responses were compared:

Force Impact force between rigid plate and body
Impulse Impulse measured at each rigid plate

Compression  Full width compression measurements made at
three chest bands

vC Viscous criterion; instantaneous product of rate
of deflection and compression

Injury Number of Rib Fractures
4.4 Simulation Setup

Pendulum Simulation

Pendulum impactor was modeled as a rigid part with shell elements representing an
enclosed volume. The edges of pendulum were rounded with a 10mm radius with three
elements mapped around the fillet to mitigate contact issues between the sharp edges and
the soft tissue. This effectively decreased hourglassing in the soft tissue, and improved
the model stability. The mesh density of the impactor was chosen to reflect the mesh

density of the thoracic surface to avoid numerical instability.

For contact purposes, the impactor was modeled with an elastic modulus equivalent to
aluminum or wood as defined in the experiments. The high stiffness of the impactor
material relative to soft tissue produced near negligible deformation to the impactor. As
such, it was deemed appropriate to model impactor as a rigid part to improve

computational cost.
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The impactor was typically confined to a loading direction and the rotation was restricted
since the mass moment of inertia was not defined. This was considered representative for
most experiments since the impactor was restricted as such. Mass elements were added
to the part to compensate up to the physical mass of the impactor due to the shell

elements implementation.

Gravity was not applied to the simulation. Preliminary analysis showed that the influence
was minimal on the impact response. Forbes (2005) conducted his sled simulation with
gravity applied and the effect was only noticeable during post-impact. This assumption
was deemed acceptable given the focus of the current study was on investigating peak

loadings resulted from the impact and not the kinematics after the impact (> 60 ms).

Limited Stroke Lateral Pendulum Thoracic Impact

Instead of replicating the experimental setup of the limited-stroke pendulum impact in the
numerical environment, the pendulum in the simulation was prescribed with a velocity
profile that was extracted from the experimental study (Chung, 1999). Since details on
how the initial pendulum position was defined relative to the cadaver were unclear, the
pendulum setup was determined as follows in the current study. The pendulum travel
was determined based on the direction axis of the pendulum; 51 mm depth was calculated
with respect to the intersection of the center axis to the outer surface muscle. The

pendulum travel was limited by cropping the velocity curve.

Sled Simulation

For the sled impact scenarios, the impact plates were modeled as solid elements, and the
seat bottom, footrest plate, back support bars were modeled as shell elements. All parts
were rigid, modeled as steel and were constrained from any translational or rotational
movement. The entire body was prescribed with an initial velocity of 6.67 or 8.89 m/s

towards the contact plates depending on the impact scenario.

The arms were positioned to reflect the “arms-at-rest” position similar to Forbes (2005),
but the arms were then rotated 10 degrees such that they were anterior to the mid-axillary
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line. This angle was approximated such that the arm position was consistent with
cadaver preparation as discussed in Cavanaugh et al (1993) and was verified with the
chestband results from Pintar et al (1997). This setup would be more representative of the

initial body position in the experiments.

Model Assessment Criteria

The International Standards Organization (ISO) had a quantitative method to objectively
evaluate the biofidelity of side impact dummies against the PMHS. The ISO approach
assigned a score of 10 when the response was within corridor, 5 when the response fell
outside the corridor but within one corridor width, and 0 when fell outside the corridor by
more than a corridor width. Table 4.11 summarizes the ISO’s response evaluation. A
weight factor method was used to determine the overall model biofidelity based on

responses from different body regions.

Table 4.11: Quantitative response evaluation classification

Score = 10 Falling within the corridor of the experimental data
Falling outside the corridor of the experimental data but within
one corridor width

Score =0 Falling outside the corridor by more than one corridor width

Score =5

Forbes (2005) derived a qualitative measure based on the ISO approach to evaluate the
biofidelity of the numerical model, since not all the simulations could be compared to the
studies outlined in the ISO (1999). The model comparison by Forbes (2005) was more
in-depth, greater insight was gained by evaluating various deflection responses that were
typically not considered in the ISO standard (1999). Forbes (2005) assigned the

qualitative measures as follows:

Table 4.12: Qualitative response evaluation classification

Good Falling within the corridor of the experimental data
Falling outside the corridor of the experimental data but within
Reasonable ) .
one corridor width
Poor Falling outside the corridor by more than one corridor width
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The assessment achieved a greater detail by splitting the evaluation in terms of loading,
peak, and unloading regions as illustrated in Figure 4.6. This approach was typically

applied when there were three or less PMHS used for a particular impact condition.
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Figure 4.6: Example of a metric response over time

The simulation curve was compared to the experimental response corridors which were
developed from the original experimental study or the experimental analysis as
documented in ISO (1999). Corridors were constructed around the normalized response
versus time history (ISO, 1999). When a response corridor was not available, the upper
and lower corridor limits were set at a standard deviation of the normalized experimental
data relative to the average. The individual responses were normalized according to the

method by Eppinger et al (1984) based on body mass.

Data Processing

The force and acceleration data were taken at a minimum sampling rate of 10000 Hz.
The deflection data was taken at a sampling rate of 1000 Hz. The filters specified in the
experiments were applied to the data. If a filtering procedure was not provided, then the
data was filtered in accordance with the SAE J211 procedure. The data presented in this
thesis was plotted in a lower resolution to provide greater clarity and was observed by the

author that the curve shape was not affected.
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4.5 Pendulum Impact Simulation Results & Discussions

Frontal Pendulum Thoracic Impact

Force Response

The force response began with a brief initial peak dominated by the inertial effects of the
impacted area where the area quickly accelerated to coincide with the speed of the
impactor as shown in Figure 4.7 (a). After the oscillation, a plateau force was developed
and eventually the torso response decreased to zero. Overall force response behavior was
similar as those from the experiment; however the first peak force was dependent on the

applied filter due to the high frequency content of this response.

Compression Response

The simulated peak compression was lower than the experimental peak as shown in
Figure 4.7 (b), and the unloading response was more rapid than the experiment. The
simulation showed the heart was physically compressed between the spine and the
sternum. The simulated peak chest deflection (87mm) was higher than the experimental
average (84 mm). Although the deflection responses were similar, the peak compression
was low due to the model’s chest depth which was 24mm longer than the longest chest

depth among the cadavers tested.

There are three possibilities that may explain the unloading deficit. One reason had to do
with the cadavers where their lower diaphragm tended to sag compared to a living human
being, which offered less viscous resistance to the impact. As such, the abdomen
contributed relatively more resistance in the simulation as the force response was more

elevated and lagged behind the experimental response during the unloading phase.

Another possible explanation had to do with the assumptions made in the rib material.
The lateral section of the rib was stronger than the anterior and posterior sections in a
physical sense; however the whole rib geometry was meshed as a single continuum

model that assumed uniform properties throughout the rib. This suggested that regional
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variation of the rib material properties and geometry was critical in predicting response

under varying load scenarios.
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Figure 4.7: Frontal pendulum impact simulation results

(a) Force (b) Compression (¢) VC

0.04

0.05

0.06

The third explanation was related to the costal cartilage material properties. Costal

cartilage material properties are known to be highly non-linear and non-uniform. The

dynamic properties of the costal cartilage are largely unknown.

utilized the same material properties from Ruan (2003).

The current model

Ruan’s model had similar

response as the previous elastic material model (Deng, 1999) except it was based on a

viscoelastic model and possessed a non-linear loading feature. For the current focus on

side impact, this assumption was considered adequate given that the influence of the

costal cartilage on lateral response is low. However, this deficit should be addressed with

experiments focused on obtaining dynamic properties of the costal cartilage if the model
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were to progress towards predicting response for a wider range of impact conditions.

Even with the discrepancy, the VC response was reasonable as shown in Figure 4.7 (¢).

Rib Fracture Prediction

The simulation revealed fewer rib fractures overall and more fractures in the first rib than
the experiments as summarized in Table 4.13. The lack of rib fractures explained the
discrepancy in the shape of the compression response. The first rib connected to the
manubrium of the sternum, and its cartilage was continuous with the sternum, where as
all other costal cartilages were connected to the sternum through facet joints. The lack of
representation of this transition prohibited the first ribs’ movement, thus increased the

likelihood of multiple rib fractures at the first rib level.

Table 4.13: Frontal pendulum thoracic impact — rib fracture summary
PMHS Test Number

Rib  oove soem 15FM 18FM 22FM Simuation
Left Right Left Right Left = Right Left Right
1 1 2 2
2 1 1 1 1 1 1
3 2 2 1 1 2 3
4 2 1 1 1 3 2 1 1
5 2 1 1 2 1
6 1 2 2 1 1
7 2
Subtotal 0 0 7 6 8 6 9 8 3 3
Total 0 0 13 14 17 6

Oblique Pendulum Thoracic Impact

Force response

The loading region of the experimental force response was gradual and took over 10 ms
before the first peak developed as shown in Figure 4.8 (a). This may be related to the
experimental instrumentation where an accelerometer was used to derive the pendulum
impact force, where as the frontal impact and limited-stroke side impact used load cells.
The unfiltered experimental acceleration data contained high-frequency contents upon
initial contact; a FIR100 filter was applied to the data, which may explain the gradual toe

region during the initial impact. The simulated force shape may seem uncharacteristic
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when compared to the experiment; however the loading region was quite similar to the

experimental response of the ‘cadaver 4°.

The discrepancy in the plateau region of the force response was related to the uniform rib

material model. A high force developed early in the response and relied more heavily on

the rib to support the impact due to the bending stiffness of the rib being higher than the

costal cartilage. The compression response was not as aggressive as the experiment, thus

the simulated maximum VC was low as shown in Figure 4.8 (¢). The simulation showed

that the fractures of the 4™ to 8" ribs occurred within a 2 ms time frame at approximately

the 10ms point which explained the plateau force response. The rib fractures typically

occurred between the lateral and the posterior region of the ribs in the simulation. A top

view cross-section of the thorax at 5™ and 6" level is shown in Figure 4.9.
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Figure 4.9: Cross-section view of oblique pendulum impact (5", 6" rib level)

(a) 0 ms (b) 10 ms

Compression Response

The simulated compression levels at low speed, medium speed, and high speed were all
within the peak deflection tolerances as defined in the study by Viano (1989) largely due
to the implementation of the strain-rate dependent rib material model. A strain-rate
dependent material model was required to predict representative response across a wide
range of impact conditions. The low speed (4.3m/s) impact results are presented in
Appendix A. The high speed impact case was not presented due to numerical instability

caused by excessive deformation prior to reaching a peak compression.

Rib Fracture Prediction

A more representative rib model and geometry were needed to improve the force
response and rib fracture location prediction. It was observed that the ribcage directly
impacted the heart which suggested a high likelihood of a heart contusion in the 6.67 m/s
impact scenario. The simulation predicted more rib fractures than the experiment as

shown in Table 4.14.

144



Table 4.14: Oblique pendulum impact 6.67 m/s— rib fracture summary

‘ Rib - P;\/IHS Tegt Numb;r ‘ — Simulation
3 2
4 1 1 1 2
5 3 1 1 1 1 1
6 1 1 2 1 1
7 1 1 1 1 1
8 2 1 1
Non-struck side 0 0 1 3 0 0
Total 7 3 6 5 5 8

Lateral Limited-Stroke Pendulum Thoracic Impact
Force Response

The force response of the experimental study can be observed with three distinct regions
as shown in Figure 4.10 (a); a rapid loading region, a peak load region, and a rapid
unloading region. The simulation revealed similar characteristics except it had a longer
duration in the unloading region. The duration of the velocity profile for the simulation
was approximately 20ms, from the time when the contact was initiated to the time when

the impactor reached zero velocity.

Compression Response & Rib Fractures Predictions

In the study by Chung et al (1999), the Cax and VCpax were calculated by dividing the
chest deflection using the half-thorax length. In Forbes’ (2005) analysis on Chung et al’s
(1999) study, the Cpax and VCp,x were divided by the full-thorax length as shown in
Figure 4.10 (c¢). The compression between the studies was different by a factor of two

due to the reference thorax length.

Compression unloading was much more rapid than the experiments as shown in Figure
4.10 (b). The peak chest compression was low due to a lack of rib fractures in the
numerical model. The experiment observed multiple rib fractures, but the current model
only predicted one rib fracture as summarized in Table 4.15. This suggested the need for
a representative rib geometry model that incorporated regional variation. Although the

experiment did not specify rib fracture locations, rib fracture typically occurs at the angle
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curvature (Cavanaugh, 1991).

Stitzel et al (2003) and Kemper (2007) under took

material testing which revealed that the anterior section of the rib was inherently weaker

than the lateral section, however differences in material and geometrical properties were

not fully represented in the current model.
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Figure 4.10: Lateral limited stroke impact simulation results
(a) Force (b) Compression (¢c) VC

Table 4.15: Lateral limited-stroke pendulum thoracic impact — rib fracture summary
PMHS

Rib 4 Simulation
8 1
Total 4 15 10 1

*Note: rib fracture by level was not reported in the experiment

The study by Chung (1999) specified a 5Imm stroke limit, but the maximum deflection
measured on the four cadavers were 51.7mm, 61.0 mm, 55.5 mm and 44.7 mm; three out

of four cases were greater than the stroke limit. One possibility was the variation in the
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experimental setup where the contact occurred more than 51mm of stroke, however there
was not enough experimental data to verify if this was the case. The inertial effect of the
fractured ribs may elevate the chest deflection but it was not the factor based on the
previous sensitivity analyses on the rib properties using the current numerical model.
Since it was difficult to verify the proper loading condition on the cadaver in the

simulation, the simulation data should be interpreted with care.

4.6 Pendulum Impact Summary

In all pendulum simulations, most responses showed good to reasonable correlation
throughout the impact except the unloading of compression response in the frontal impact
case. The force and compression correlation summary for the three pendulum impact
scenarios are provided in Table 4.16 and Table 4.17, respectively. Overall, the
improvements made to the current human body model had demonstrated greater
biofidelity in all areas. Despite the ribs being modeled as a single continuum, the force
and compression response showed good correlation. These responses can be improved if
more development was placed on the rib model to account for the geometrical variation

between the anterior, lateral and posterior section of the rib. Such development would

also improve the accuracy of the torso shape and rib fracture pattern predictions.

Table 4.16: Pendulum impact - force correlation summary

Impact

Pendulum Tests . Loading Peak Unloading
velocity
Frontal 6.7 m/s Good Good Good
Oblique 4.3 m/s Good Good Good
6.67 m/s Good Good Reasonable
Lateral limited-stroke | 5.6 m/s profile Good Good Reasonable

Table 4.17: Pendulum impact - compression correlation summary

Pendulum Tests ImpaF: ¢ Loading \ Unloading
velocity
Frontal 6.7 m/s Reasonable Reasonable Poor
Oblique 4.3 m/s Good Good/Reasonable Good
6.67 m/s Reasonable Good Good
Lateral limited- 5.6 m/s Good Good Good
stroke profile
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The oblique pendulum impact scenario had demonstrated the importance of incorporating
strain-rate dependency into the rib material model to predict torso response accurately
across a wider variety of impact conditions. It was critical for injury evaluation be
verified across a wider range of impact velocities than only one impact velocity condition

for a given test scenario.

From the three impact scenarios, the experimental results clearly demonstrated that
younger subjects sustained less rib fractures. From rib modeling perspective, it would be
beneficial to focus on developing a rib model that was representative of a particular age
group than developing an ‘average’ rib model which may produce conflicting results. It
would give greater meaning to the model to focus at the age group from 15 to 29 that was

most vulnerable as indicated by the crash statistics in chapter 2.

4.7 Sled Impact Simulation Results & Discussions

It should be mentioned here that the sled test results should be interpreted with care.
Since the sled test involved PMHS in a full-body interaction with contact plates, the
response timing may change with different body stature and size. The average of the
experimental data may result in multiple peaks and greater variation in the shape of the
response. The individual response may only have distinct response features than those
presented by the experimental average. As such, the sled test results were best evaluated

qualitatively based on response trends and peak values.

WSU Sled Impact

Force Response

The simulated shoulder and thorax force responses were comparable to those from
experiments as shown in Figure 4.11 (a) and (b). A high peak force was observed in the
abdominal plate response where the elbow made contact and caused the initial spike as
shown in Figure 4.11 (c). The peak pelvic force fell outside the response corridor, but the

peak remained within two corridor width from the average as shown in Figure 4.11 (d).
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Figure 4.11: WSU sled impact at 6.67 m/s — force plate response
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It became apparent that the pelvis model required more development to account for

pelvic fracture to better agree with corridors. Since the current human body model had a

slim abdominal region, the abdominal region did not absorb the load as well as the

experiments. The pelvic response had partially compensated this effect with an elevated
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force response. Improving the geometry of the abdomen may improve the pelvic

response but it was not the primary factor of the pelvis’ elevated response.

The knee contact plate was small and the plate position was fixed relative to the rest of
the sled; the force response measurement may not be directly comparable given that the
point of impact was highly dependent on the anthropometric leg measurements. Figure
4.11 (e) shows the two apparent force peaks from the simulation, one correlated to the
left knee contacting the plate, and the second peak was correlated to the right knee

contacting the plate through the left knee.

Compression Response

The compression response of the model fell within the experimental corridor as shown in
Figure 4.12 (a). The compression shape lagged from those in the experiments, especially
apparent between 10 to 30 ms when the peak VC occurred, as shown in Figure 4.12 (b).
This lag maybe related to the rib fracture or the arm position; it was inconclusive since
the chest deformation was not measured in the experiment. This experiment measured
the deflection of the torso between the sternum and 5™ vertebra relative to the impact wall;

therefore it did not fully capture the localized deformation of the ribcage.
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Figure 4.12: WSU sled impact at 6.67 m/s — compression & VC response
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Rib Fracture Prediction

The PMHS typically sustained six to seven rib fractures consecutively in terms of rib
level (1* to 6th, 1* to 7th, 4™ to llth), where as the simulation predicted rib fractures from
1 to 9™ as shown in Table 4.18. Only rib fractures on the struck (left) side of the thorax

were tabulated. The fracture pattern was influenced by the arm position and body stature.

Table 4.18: WSU sled Impact 6.67m/s — rib fracture summary

. PMHS Test Number . .
Rib 2585 2587 4933 Simulation ‘
1 2 1 2
2 2 2 1
3 2 2 3
4 2 2 2 2
5 2 2 1 2
6 2 2 1 1
7 2 1 2
8 1 1
9 1 2
11 1
Non-struck side 8 3 2
Total 20 16 11 18

NHTSA-Type Sled Impact
Force Response

The simulated force response at the thoracic region demonstrated good agreement with
the experiment, but under predicted in the abdominal region and over predicted at the
pelvic and lower limb regions as shown in Figure 4.13. The lack of force response in the
abdominal region was related to the narrow waist breath, thus relied on other regions to
decelerate the body as mentioned previously. The current waist breadth of the model,
measured at the approximate level of the anterior superior iliac spine anatomical location
was 267 mm, where the PMHS in the NHTSA study average was 301 mm, ranged from
275 to 333 mm. The simulation over predicted the body rotation due to a recoverable
unloading characteristic of the pelvis model. The kinematics in the post-impact time

frame (>60 ms) may not be representative.
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Impulse Response

The total impulse response at 60 ms as calculated from the simulation was 563 Ns (where
the calculated impulse response plateau), and the experimental average was 360 Ns.
Theoretically, a 50 percentile male of 76.6 kg with an impact velocity of 6.67 m/sec
carried a total impulse of 511 Ns. Given the low experimental average of momentum
transfer, there was a discrepancy in the force measurement of the lower limb plate. The
lower leg segment mass was calculated to be 20.6 kg, regionally would require 137 Ns
transfer before coming to a complete stop, the experimental average was calculated to be
39 Ns. This discrepancy suggested the momentum transfer was not completely captured
through the impact plates. Given this preliminary momentum calculation was not exact,

but this should be investigated further.

Compression Response

One of the advantages of this study was the use of chest bands at three thorax levels.
This provided a greater insight into the chest deformation shape and the corresponding
arm position. From the experimental PMHS chest contour measurements, the arm
position was typically anterior to the coronal plane. The previous model results by
Forbes (2005) had the arm position aligned with the coronal plane, his reasoning was to
produce a conservative estimate of injury. The current model results were reflective of

an arm position closer to the experiments.
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Figure 4.13: NHTSA sled impact at 6.67 m/s — force plate response
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Figure 4.14: NHTSA sled impact at 6.67 m/s — compression and VC response

(a,b) upper band (c,d) middle band (e,f) lower band

The model showed that the upper chest band under predicted deflection, the middle and
lower chest bands showed reasonable deflection relative to the experimental data as
shown in Figure 4.14 (a), (c), and (e). The peak VC for middle and lower band were in

agreement to the experimental results. The upper band in the 6.67 m/s experiment
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showed an atypical rise during the onset of the peak compression, resulting in a higher
VC as shown in Figure 4.14 (b). The upper chest band wrapped around the chest just
under the axilla (at the 4™ rib level). The chest band might slide towards the axilla
superiorly along the ribcage which may abruptly elevate the chest compression
measurements since the surrounding area is made up of primarily fat tissue and the
ribcage is conical in shape. This discrepancy was confined to the test subject 3120 for
the 6.67 m/s impact where the experimental peak VC was calculated to be 11.3 which
skewed the experimental average. The experimental averages for the medium velocity
(6.67 m/s) and high velocity (8.89 m/s) scenarios were 4.39 and 1.54, respectively. From
the simulation, the upper chest band was laterally aligned with the upper edge of the
thorax plate. The momentum would carry the upper body over the upper edge of the

thorax plate, and drive the shoulder upward.

Rib Fracture Prediction

The simulation predicted rib fracture from the 1% to 9" rib as summarized in Table 4.19.
Only rib fractures on the impact (left) side of the thorax were tabulated. One of the three
PMHS did not sustain any skeletal injury; the other two PMHS sustained flail chest. The

simulation predicted flail chest from the 4™ to 8" rib.

Table 4.19: NHTSA sled impact 6.67 m/s — rib fracture summary
PMHS

Rib 1120 3122 3155 Simulation

1 2

2 2 2 1

3 3 2 1

4 3 2 2

5 3 2 2

6 2 1 2

7 2 1 2

8 1 2

9 1
Non-impact side 1 0 0 0
Total 16 0 11 15
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4.7.1 High Velocity Sled Impact

The NHTSA and WSU sled tests were simulated with a higher impact velocity of 8.89
m/s. Impacts at this velocity are aggressive in nature and typically resulted in severe
injuries at AIS equal or greater than 4. The intent here was to demonstrate model
applicability at high velocity. The overall force response from both tests was consistent
with the experiment. Similar deficits were identified as in the previous medium speed
(6.67m/s) sled test results; the force response was low in the abdominal region and high
in the pelvic region. The model can become numerically unstable at this impact velocity
due to excessive deformation of the ribcage especially when the ribs sustained multiple
fractures. When the numerical model was tested against a wider range of impact
velocities, it demonstrated the need for a rib material model that possessed strain-rate
dependency. Without the implementation of a strain-rate dependent material model, ribs
would fracture and lose structural integrity prematurely resulted in low force response

and excessive ribcage deformation.

In both sled studies, the compression and VC response were in good agreement. The
abdominal and pelvic force shapes in the WSU simulation were poor although the peak
response of the abdominal region was in good agreement. The model response in the
NHTSA simulation demonstrated the lack of load bearing at the abdominal region, but
the thoracic force response remained unaffected and behaved within the corridor. The
force and deflection responses at the thorax region produced good agreement for both

sled simulations, and the results are presented in Appendix A.

4.8 Sled Impact Summary

The applicability of the human body model was evaluated across different complex sled
impact scenarios and demonstrated good or reasonable correlation for all impacts. Table
4.20 and Table 4.21 summarize the simulated force and compression response correlation
with the experimental data, respectively. The thoracic response, in particular, was

characterized good or reasonable for all cases. Poor ratings were associated with the
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lower leg and pelvic response. Despite the poor responses in these two regions, they had
minimal effect on the thoracic response. Overall, the model response had greatly
improved over the previous human body model particularly in the chest compression

response, rib fracture predictions and numerical stability.

The assumptions needed to be address at the abdominal, pelvic, and lower limb regions to
improve the overall model biofidelity. The anthropometry of the abdominal region
should be investigated to improve its interaction with the other regions during full body
impact. The pelvis material model can be improved to better mimic the response during
pelvic fractures and unloading. It was difficult to determine whether the poor lower limb
response had to do with the experiment setup or the assumptions that were related to the

modeling of the lower limbs.

Table 4.20: Sled impact — force correlation summary

Impact
Sled Test | velocity \ Contact Plate \ Loading Unloading
m/s

Shoulder Good Good Good
Thorax Good Good Good

Abdomen Poor Good Reasonable

WsU 6.67 Pelvis Reasonable | Reasonable | Reasonable
Knee (1* peak) Good Reasonable Good
Knee (2" peak) Poor Poor Poor

Thorax Good Good Reasonable
Abdomen Good Good Good
NHTSA 6.67 Pelvis Reasonable | Reasonable Poor
Lower limb (1* peak) Poor Poor Poor
Lower limb (2™ peak) Poor Poor poor

Table 4.21: Sled impact — compression correlation summary

Impact velocity =~ Contact

Sled Test /s Plate Loading Peak Unloading ‘

WSU 6.67 Thorax Good Good Good
Upper Good Good Reasonable

NHTSA 6.67 Middle | Reasonable | Reasonable | Reasonable
Lower Good Good Good
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Given the aggressiveness of high speed sled impacts, the current model results produced
conservative response estimates. Table 4.22 and Table 4.23 summarize the simulated
force and compression response correlations with the experimental data, respectively.
Overall, the model response had greatly improved over the previous model, particularly
in the chest compression response. The human body model was more biofidelic in the
NHTSA scenario than the WSU scenario, particularly in the lower body and limb regions.
This may be related to the larger contact plates in the NHTSA scenario which provided a

more robust and distributed boundary condition.

Table 4.22: High speed sled impact - force correlation summary

Impact Contact
Sled Test  velocity e Loading Peak Unloading
/s Plate
Shoulder Good Good Good
Thorax Good Good Good
Abdomen Poor Good Poor
WSy 8.89 Pelvis Poor Poor Good
Knee (1% peak) Good Poor Good
Knee (2™ peak) Reasonable Good Reasonable
Thorax Good Good Reasonable
Abdomen Good Reasonable | Reasonable
NHTSA 8.89 Pelvis Good Reasonable Good
Lower limb (1% peak) | Reasonable | Reasonable | Reasonable
Lower limb (2" peak) Good Good Good
Table 4.23: High speed sled impact - compression correlation summary
Impact
Sled Test velocity Contact Plate ~ Loading Peak Unloading
m/s
WSU 8.89 Thorax Good Good Good
Upper Good Good Good
HTSA .
NHTS 8.89 Middle Good Good Good

The improvements in the chest compression among the sled simulations had to do with
the arm placement which was more representative of the experimental setup. With the
voids within the thorax removed, improved the rib and coastal cartilage material models,
the overall thoracic response was consistent regardless of impact direction. It was clear
that rib fracture predictions and torso shape response can be further improved by
accounting for geometrical variation between different rib sections.

158



Chapter 5
Numerical Modeling of Pulmonary Contusion

5.1 Introduction

The focal point of the current model development was to predict internal organ response
and injury. Much of the injury evaluation approach in the past was often confined to a
global-based injury criterion, as in a global measure of a single point (the direct or
derived measure of displacement, velocity, acceleration) or two points (the measure of
relative displacement, velocity, acceleration). The measure was typically dependent on
the direction of the impact. The measurements were correlated to the probability of an
overall injury risk. Some commonly recognized global thoracic injury criteria include

acceleration criterion, compression criterion, force criterion and the viscous criterion.

A local based injury evaluation required different sense of thinking and tied the
evaluation method to a specific injury. In the current study, the model was applied to
predict pulmonary contusion, which is a parenchymal damage occurring at a microscopic
level resulting in interstitial edema and capillary hemorrhage. The current study explored
the relationship between loading conditions to the pulmonary contusion by evaluating
injury severity quantitatively through various finite element-based injury metrics. In
essence, a local based injury evaluation was a three step evaluation approach. The first
step was to evaluate injury at small increments of volume within an organ. The second
step was to evaluate the injury risk to the lung based on the cumulative volume that is
predicted to be contused. The third step was to evaluate overall injury threat to life based

on the cumulative volume in both lungs.

The current study explored three areas that require development. First was to determine
representative material parameters and investigate the feasibility of using the constitutive

material model to capture dynamic response of the lung (Chapter 3). Second was to
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explore various localized injury metrics, to understand response sensitivity to the impact
conditions and the evaluation method. Third was to subject the human body model to
various impact conditions and evaluate the local injury correlation to the global injury

predictors such as viscous criterion. The latter two aspects are discussed in this chapter.

The background related to the lung anatomy, physiology, and injury mechanisms of
pulmonary contusion are described in Chapter 2. The following sections describe the
development in the injury mechanism, mechanical response of the lung tissue, human
tolerance, and the finite-element based injury evaluation approach that pertained to lung

contusion prediction.

5.2 Finite Element Based Injury Evaluation Approach

The conceptual method to evaluate pulmonary contusion was divided into three steps as
shown in Figure 5.1. The concept consisted of evaluating response at the local level, at

the whole organ level and the cumulative response with respect to both lungs.

The first step was to evaluate the organ in terms of small increments of elements that
represent a small volume of tissue, and predict the stress and strain in each element
during an impact scenario. A local injury metric was used to gauge the injury severity of
an element. The elements were evaluated and classified as injured or not based on a local
injury threshold. The results were summed in terms of contused volume per lung in the
second step. The volumetric based injury metric was used to estimate whether the lung
can function based on the predicted sustained injury. The third step was to evaluate the
injury severity based on the cumulative injury sustained by both lungs and classify the

associated lung contusion AIS level.

The AIS level described lung injury in terms of lobes; however there was a lack of
anthropometric data that quantify lobe size and shape. As such, the current approach of
evaluating pulmonary contusion was restricted to quantifying contusion with respect to
each lung. The AIS severity level was evaluated by the author based on whether majority
of the contusion was restricted to one lobe or more.
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Figure 5.1: Finite-element based injury evaluation approach

Miller et al (2001) suggested that there was a high risk of developing the acute
respiratory distress syndrome when the lung contusion cumulative volume was over 20%.
It was assumed in this study that the 20% lung contusion was correlated to an AIS level

of 3 and be used to establish injury thresholds. This is discussed in a later section.

5.3 Proposed Injury Metrics

The development of a numerical human body model served as a tool for researchers to
understand injury mechanisms. However, selecting a numerical injury predictor that
correlates with a localized injury requires extensive research experimentally and
numerically. For the purpose of evaluating contused volume after impact, the injury
metric has to quantitatively correlate the microscopic damage of the lung tissue to the
macroscopic representation of the lung tissue in the numerical model. The microscopic
damage is referred to the parenchymal damage at the alveolar structure such as alveolar
duct, interalveolar septa, blood vessels, etc. The lung tissue modeled in a macroscopic

sense is referred to the stress and strain measure over a small volume; the volume is small
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when compared with the overall dimensions of the lung structure, but is large when

compared with the individual alveolus (Fung, 1978).

The hypothesis proposed by Fung et al (1988) was still the most descriptive theory on the
lung injury mechanism to date. Microscopically, the damage to the epithelial membrane
of the alveolar wall changed its permeability and led to edema, or to the extent that the
endothelium and epithelium would leak larger solute such as blood. The tentative injury
metric by Fung et al (1988) was maximum principal strain. From their experiments, they
demonstrated that transient stretch of the lung correlated with edema or hemorrhage.
There were two hypotheses that would induce tensile strain in the alveolar walls. One
was based on the macroscopic dynamic response of the lung and the other was based on
the microscopic response of the alveoli. When a lung is compressed, some airways
collapse while the alveoli around them remain open leading to gas trapping. When a
compressive stress wave passes as the expansion wave arrives, the pressure difference
can cause the alveoli to expand which puts the alveolar walls in tension. This was
believed to be the mechanism where the macroscopic compressive stress could induce

microscopic tensile stress in the alveolar walls.

Since the current study was a macroscopic continuum model of the lung tissue, it could
not directly investigate stress and strain at the alveolar level. However, the induced stress
wave from the impact loading that was often seen in an automotive crash could be
observed through the numerical model. The features of the stress wave were found to be
a significant aspect of the lung injury. The hemorrhagic injury in the lung were found to
be localized and were usually most severe next to the spine, heart, ribs or at the edges of
lobes (Yen, 1988). Yen (1988) also suggested the importance of the wave features of the

phenomena: high stress concentration, focusing, reflection, and localization.

Stitizel et al (2005), and Gayzik et al (2007, 2008) investigated a rat model to correlate
experimental impacts with pulmonary contusion measured through the CT scan data. A

finite element model was developed to investigate lung tissue response in parallel.
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Various candidate injury metrics were evaluated (Gayzik et al, 2007). The instantaneous
product of maximum principal strain and its strain rate correlated well as a predictor for
contused lung tissue. It should be one of the ideal injury metrics because the basis
formulation is similar to the viscous criterion, where the deformation and the velocity of
the deformation are taken into account. The maximum principal strain and the maximum

principal strain rate were also found to provide reasonable correlation independently.

Stuhmiller et al (1988) and Josephson et al (1988) suggested the existence of a dynamic
pressure threshold which lung trauma might occur. Cronin (2004) and Greer (2005)
quantified different levels of injury in the lungs under blast environment by evaluating
dynamic pressure in the lung tissue through their FE model. The pressure thresholds
were developed through FE analysis by comparing model response to the injury outcome
of the experiments by Bowen (1968) where sheep were subjected to blast loading. A

relationship between dynamic pressure and injury was established (Salisbury, 2006).

In the current study, four candidate injury metrics for lung contusion were considered as
shown in Table 5.1. The numerical aspects of these injury metrics were also investigated

through a mesh convergence study in the following section.

Table 5.1: Candidate injury metrics for pulmonary contusion

First principal strain
8max princip
: First principal strain rate
gmax princip
(8 X & )max Instantaneous product of first principal strain and first principal strain rate
P max Dynamic or transient pressure

5.4 Lung Convergence Study

A lung mesh convergence study was undertaken to assess mesh dependence and response
under representative loading conditions. A 160 mm diameter, 80 mm length cylinder of
lung material was deformed with a prescribed velocity 6.5 m/s to provide 50% nominal

deformation within 20 ms, to simulate typical impact conditions. The model response was
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investigated for four different element sizes (2.5 mm, 5 mm, 10 mm, and 20 mm).
Distribution of element response in terms of volume percentage was compared in terms
of pressure, principal strain, and principal strain rate as shown in Figure 5.2. For each
response metric, a corresponding cumulative volume fraction represented the percentage

of elements that had a peak response at that level or lower.
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Figure 5.2: Mesh convergence study - response results

(a) dynamic pressure (b) principal strain (c) principal strain rate

The results showed that the range of peak principal strain response was relatively small,
with a trend towards convergence with smaller element size. Principal strain rate became
less linear with a trend toward higher peak response with smaller element size. The local
deformation of a low wave speed material was expected to be mesh dependent. In
contrast, the dynamic pressure demonstrated a consistent trend when elements were

smaller than 10 mm.
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This convergence study concluded that the response can be highly dependent on mesh
density, with principal strain and pressure response being least dependent and principal
strain rate being most dependent on element size. The corresponding injury predictions
would also show the same dependencies, and must be considered when selecting an
injury metric. Based on these results, the lungs were meshed with an average element
size 8 mm with maximum element size no larger than 10 mm. This ensured consistency

in response prediction based on the convergence of the peak dynamic pressure.

5.5 Injury Thresholds

Determining an injury threshold was fundamental to the development of the injury
evaluation by enabling direct comparison between different injury metrics. Since the
injury metrics are outputs, the variation on the injury thresholds only alter the
interpretation of an injury but not the mechanical response to a given loading condition.
A reference set of thresholds should be established based on a specific impact condition
to enable interpretation of lung injury across different impact conditions. It should
provide relative significance between different impact conditions although the absolute
response may change with the improved understanding of the material properties,
boundary conditions, or various factors that influence the absolute outcome. It was
assumed that the pulmonary injury did not alter material response during the impact event
and the time scale for injury development was longer than the transients of the impact
event. Care should be taken when interpreting these thresholds since the mesh
convergence study showed that the response changes with mesh density, therefore the

threshold associated with a particular mesh would also change.

In Yuen et al (2008), the oblique lateral blunt pendulum impacts utilized by Viano
(1989b) were chosen to establish the candidate injury metric thresholds because the input
energy was clearly defined. The proposed thresholds for all candidate injury metrics
were determined based on the 6.7 m/s pendulum impact scenario where the resultant AIS
was 3 with a 50% probability. Miller et al (2001) suggested that there was a high risk of

developing the acute respiratory distress syndrome when the lung contusion cumulative
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volume exceeded approximately 20%. In the current study, the candidate metric
threshold values were set to have corresponding 20% contusion volume for this impact
case by hypothesizing that the resultant contusion level was equivalent to an AIS level of
3. The following table summarizes the injury thresholds that were used to evaluate

contusion volume for various impact scenarios.

Table 5.2: Proposed injury thresholds

Candidate Injury Metric Injury Threshold

Principal Strain 0.780
Principal Strain Rate [s'] 243
Strain*Strain Rate [s™'] 103
Pressure [kPa] 52.4

5.6 Data Analysis

The maximum principal strain, the maximum principal strain rate and dynamic pressure
for each element in the model were monitored at 40000 Hz to ensure adequate resolution
for capturing peak pressure and strain rate. The simulated impact cases were ran in LS-
Dyna version 971.1224 (Livermore, CA) for minimum of 60 ms, the element data were
processed using LS-Prepost at each time points. The post-processed data were unfiltered.
For a given metric, elements whose value was either above or below a threshold were
partitioned into two respective groups: one represented contused lung parenchyma, and

the other represented normal uninjured lung parenchyma.

Eight impact cases were examined as part of the lung contusion investigation, as
summarized in Table 5.3. These impact cases were previously used as part of the whole
model comparison as discussed in Chapter 4. The oblique pendulum impact, WSU style
sled and NHTSA style sled cases were chosen since they demonstrate injury response at
different impact velocities. The frontal pendulum impact and limited-stroke lateral
pendulum impact were considered to explore the lung response with respect to different

impact directions.
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Table 5.3: Impact scenarios used for pulmonary contusion investigation

Impact Scenarios ‘ Initial Impact Velocity References
Frontal pendulum impact 6.7 m/s Kroell et al (1974)
Oblique pendulum impact 4.3 m/s and 6.7 m/s Viano et al (1989)

Limited-stroke lateral Prescribed velocity profile
pendulum impact (5.6 m/s)y i Chung et al (1999)
WSU-style sled 6.7 m/s and 8.9 m/s Cavanaugh et al (1993)
NHTSA-style sled 6.7 m/s and 8.9 m/s Pintar et al (1997)

5.7 Simulated Results

The first principal strain, first principal strain rate, the product of principal strain & strain
rate and dynamic pressure for each element were monitored for the eight simulated test
cases. Table 5.4 and Table 5.5 summarize the lung contusion volume prediction for the
pendulum impact scenarios and the sled impact scenarios, respectively. Table 5.6
summarizes the lung contusion with respect to both lungs for each metric. For pendulum
type scenarios, the right lung was referred as the struck side. For sled type scenarios, the
left lung was referred as the struck side. Figure 5.3 shows the graphical response of the

human body model and the internal organ motion.

Results indicated that all the metrics predicted only modest damage levels for the non-
struck side for the pendulum type scenarios (excluding frontal impact). The oblique
pendulum 4.3 m/s case and the limited-stroke lateral pendulum impact case both
registered little contusion. The lung contusion was fairly distributed over both lungs in
the frontal pendulum impact case as predicted by all four metrics. For the WSU style
sled scenarios 6.7m/s and 8.9m/s, the predicted contusion total volumes were relatively
consistent among the candidate injury metrics except the principal strain predicted less
than the other three metrics for both impact velocities. The predicted contusion total
volumes by the various candidate injury metrics in WSU sled impact scenarios were

more convergent than the NHTSA sled impact scenarios.

The analysis on the results of the oblique pendulum 6.7 m/s and the NHTSA sled 6.7
m/s impact scenarios are presented here in greater detail. Lung response results of the

other simulated scenarios are presented in Appendix B.
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Table 5.4: Individual lung contusion volume summary, pendulum impacts

Frontal Pendulum Oblique Pendulum  Oblique Pendulum Limited-stroke

4.3m/s WS lateral pendulum

Left Richt Non-struck| Struck Non-struck Struck Non-struck Struck

° (Left) (Right) (Left) (Right) (Left) (Right)
€ hax 10% 15% 0% 3% 0% 37% 0% 0%
& 38% | 33% 1% 3% 8% 30% | 0% 5%
(6‘X é‘)max 21% 23% 0% 1% 3% 35% 0% 0%
Pmax 40% 39% 0% 6% 4% 34% 0% 10%

Table 5.5: Individual lung contusion volume summary, sled impacts

WSU sled WSU sled NHTSA sled NHTSA sled
6.7 m/s 8.9 m/s 6.7 m/s 8.9 m/s
Struck Non-struck Struck Non-struck Struck Non-struck| Struck |Non-struck
(Left) (Right) (Left) (Right) (Left) (Right) (Left) (Right)
8max 73% 16% 94% 48% 53% 5% 90% 37%
émax 70% 27% 99% 66% 64% 12% 100% 63%
(ex&),. | 7% | 22% | 100% | 61% | 66% | 6% | 99% | 57%
Pmax 80% 19% 100% 65% 90% 15% 97% 82%

Table 5.6: Overall lung contusion volume summary, all impacts
Limited-

Frontal Oblique | Oblique stroke WSU WSU  NHTSA NHTSA
dul pendulum |pendulum lateral sled sled sled sled
penduium 4.3m/s 6.7m/s dtera 6.7m/s 8.9m/s 6.7m/s 8.9m/s
pendulum
& ax 13% 2% 20% 0% 43% | 69% 27% 61%
& ax 35% 2% 20% 3% 47% | 81% 36% 80%
(e X g)m 229 1% 20% 0% 48% | 79% 34% 76%
P 40% 3% 20% 6% 47% | 81% 50% 89%
E’;ECAVg' 141 | 062 | 110 | 047 | 156 | 144 | 106 | 3.00
i’}%‘ 4 0-2 2.3 3 4 4 0-4 2.4
Slgglated 1.11 0.40 1.01 0.39 1.26 2.13 0.98 2.00
Predicted
Lung AIS* 3-4 0 3 0 4 4 4 4
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Figure 5.4 shows the response distribution in terms of cumulative percentage volume
for the four candidate injury metrics for oblique pendulum 6.7m/s. Figure 5.4 (a) shows
the first principal strain response, (b) shows the first principal strain rate, (c) shows the
maximum of the instantaneous product of principal strain and its strain rate, and (d)
shows the dynamic pressure. Figure 5.5 shows the response distribution for the NHTSA
sled 6.7m/s scenario. For each response metric, the percentage was referred to the
cumulative volume of the elements that achieved a peak response or higher. The
response shape can be segmented into three sections: non-linear, approximate linear, and

non-linear. The non-linearity became more apparent and amplified with more severe

loading.
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Figure 5.4: Peak response distribution for oblique pendulum 6.7m/s

a) Principal strain b) Principal strain rate c) Instantaneous product of principal strain
and its strain rate d) Pressure

170



N
I
(=)

- 2500
—right lung —right lung
1.20 — left lung — left lung
- - threshold 2000 I - - threshold
— '
21.00 = l
2 2 |
= ) |
2.0.80 n:: 1500 |
= £
§ s |l
» 0.60 “_’10007‘
3 S
2 S
S 0.40 £ \
a S 500 | N
0.20 e~
.......... ————— === == o
-—r EREREN
0.00 T T T T 0 T T T T
0% 20% 40% 60% 80% 100% 0% 20% 40% 60% 80% 100%
Cumulative Volume Cumulative Volume
(a) (b)
1400 300
—right lung —right lung
1200 — left lung — left lung
' - - threshold 250 - - threshold
v | T
21000 2
= I =200 \
& 800 | z
£ | 2 150 \
5 oo f s AN
* € ~
5 \ §100 e
2 400 | : \ ~——
T —
200 AN —_— 50 = \
&%..._.._.:—.n——-_..-_--_- -----
=
0 T T T T 0 T T T T
0% 20% 40% 60% 80% 100% 0% 20% 40% 60% 80% 100%
Cumulative Volume Cumulative Volume
(c) (d)

Figure 5.5: Peak response distribution for NHTSA sled 6.7m/s

a) Principal strain b) Principal strain rate c) Instantaneous product of principal strain and
its strain rate d) Pressure

Figure 5.6 shows the predicted lung contusion map of the lungs for the reference oblique
pendulum 6.7m/s impact scenario where each metric response map was correlated to 20%
contusion volume. Figure 5.6 (a) shows the struck side of the lung based on the principal
strain metric, where the peak responses were primarily at the basal section of the lung
along the impact direction. Figure 5.6 (b) is based on the principal strain rate metric
where the primary injury site was near the surface of the struck face, the secondary injury
site was at the surface along the spine. Small patchy contused sections were distributed
near the surface of the lung. Figure 5.6 (¢) shows the response of the product of strain
and strain rate where the primary site was a combination of (a) and (b), primarily at the

basal section along the impact direction with various patchy contused sections near the
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surface. Figure 5.6 (d) shows the primary injury sites are at the surface of the lung near
the struck face, and opposite side of the struck face.
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Figure 5.6: Lung contusion pattern for oblique pendulum 6.7m/s

a) Principal strain b) Principal strain rate c¢) Instantaneous product of principal strain and
its strain rate d) Pressure

Figure 5.7 shows the predicted lung contusion map NHTSA sled 6.7 m/s impact scenario.
Figure 5.7 (a) shows the primary injury site was at the basal section of the struck lung

along the impact direction and surrounding the heart, and secondary site was at the

posterior section of the lung along the spine. Figure 5.7 (b) shows the primary injury site
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was the surface of the struck lung, the secondary injury site was near the surface that
contacts with the spine and aorta. Small patchy contused sections were distributed near
the medial surface of the non-struck lung. Figure 5.7 (c¢) shows the response of the
product of strain and strain rate where the primary site was a combination of (a) and (b),
primarily at the basal section along the impact direction and various patchy contused
sections near the apical surface. Figure 5.7 (d) shows the struck lung was almost fully
contused except an apical section deep in the surface and a few small anterior sections;

the surfaces of the non-struck lung along the impact direction were contused.
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Figure 5.7: Lung contusion pattern for NHTSA sled 6.7m/s

a) Principal strain b) Principal strain rate c) Instantaneous product of principal strain and
its strain rate d) Pressure
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5.8 Discussion

Table 5.7: Proposed injury thresholds summary

Candidate Injury Metric Injury Threshold

Principal Strain .525 .780 154 284
Principal Strain Rate [s™'] 311 243 304 470
Strain*Strain Rate [s'] 95.0 103 28.3 94.5
Pressure [kPa] 157 52.4
Reference Yuen Current Gayzik | Gayzik
(2008) Study (2007) (2008)

The proposed injury thresholds from various studies were summarized in Table 5.7.
Although there were differences in terms of material parameter development, loading
conditions, species, assumptions, filtering, etc, the differences between different
thresholds can be attributed to few primary factors. In the study by Gayzik (2007), the
material parameters and injury thresholds were determined based on a single impact
scenario, where as in the study by Gayzik (2008) were based on different impact
velocities and compression.  As such, the thresholds changed due to greater
understanding on the loading condition and corresponding injury results. In the study by
Yuen (2008), the material parameters used were considered a stress-free material model.
In the current study, the material parameters were adjusted to be an in-situ material model.
In both cases, injury thresholds were determined with respect to the oblique 6.7m/s
impact that corresponded to 20% contused lung volume. During the model development,
the differences in threshold values were greatly dependent on one parameter, the bulk
modulus. Similar conclusion was drawn by Gayzik (2008) based on the sensitivity
analyses on the material parameters. As discussed in Chapter 3, the bulk modulus should
take a non-linear form with respect to deformation. The effective bulk modulus used in
the study by Yuen (2008) was approximately 9.2 times higher than the bulk modulus in
the current study. The bulk modulus influenced the principal strain and pressure
thresholds considerably when the current study was compared to the study by Yuen

(2008), however the differences in the product of strain and strain rate threshold was only

modest.
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Candidate Injury Metrics

From the current study, it was clear that the principal strain predicted a different form of
pulmonary contusion pattern compared to the other candidate injury metrics.
Qualitatively, the primary injury sites for the principal strain rate and the dynamic
pressure metrics were similar in ways that the contused tissue was typically predicted
near the surface of the lung. The product of strain and strain rate predicted a combination
of surface contusion and contusion along the impact direction. In all cases, small patchy
contused sections existed in no particular pattern. Given that there was no study that
quantified and investigated contusion patterns in trauma patients, it would be difficult to
judge which metric was best at predicting contusion. A controlled approach to quantify
lung contusion from trauma patients was still under development (Daly, 2008); future
studies are needed in this area can better reveal which injury metric best predict the injury

pattern as those observed in blunt chest trauma.

Global Injury Criterion Correlation

Historically, the viscous criterion was developed with the intention to predict soft-tissue
injury. In the oblique pendulum 6.7m/s impact case, the simulated VCp,x was 1.01. In
the NHTSA sled 6.7m/s impact case, the middle chest band simulated a VC,ax of 0.98.
However, the contusion volume was considerably more severe in the sled test than the
pendulum test as predicted by all four metrics. This study had showed the difficulty in
correlating soft-tissue injury such as pulmonary contusion to a global injury criterion.
Injury level was dependent whether the blunt trauma was localized or distributed over a
large area. The direction of the impact would alter the stress transmission between the
lungs, thus altered the contusion level. This emphasized the need to develop a method to

evaluate injury locally where the injury threshold is not specific to a loading direction.

Stress Wave Behavior

It was evident from this study that the features of stress wave focusing, refraction and
reflection played a role in the elevated metric response near the surface of the lung and

near rigid boundary such as the spine. The simulation demonstrated the focusing feature
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of stress waves that led to small patchy contused sections which was similar to the

contusion found in trauma patients.

Injury Metrics and Injury Pattern Correlation

It was apparent that each injury metric predicted a different level of contusion and injury
pattern. However, three candidate injury metrics (the principal strain rate, the product of
strain and strain rate, and dynamic pressure) predicted similar level of contusion volume
for the WSU sled impact cases at both impact velocities although the injury patterns were
different. Fundamentally, each metric captured different aspects of the mechanical
behavior of lung tissue. The principal strain captured the deviatoric aspect of the lung
deformation. The principal strain rate captured the dynamic response of the lung
deformation. The product of principal strain and strain rate captured the contribution of
both effects. The dynamic pressure captured the hydrostatic response of the lung tissue
due to the dynamic loading. The current model is capable of capturing the implosion and
spalling effects where it correlates to the tensile stretching of the lung tissue, where the
pressure differential effect is captured by the dynamic pressure. However, the injury

metric that best correlates with the injury mechanism still needs further investigation.

The intent of this model was to predict the primary features of the lung response and the
effects of the proposed injury mechanisms. The effect of the injury mechanism to the
injury mechanism is analogous to describing the symptoms of a sickness rather than the
cause of the sickness in medical terms. It should be emphasized again that the current
model described the macroscopic mechanical response over a small volume of lung tissue
which encompassed a number of alveoli (Fung, 1978). With more research on the injury
mechanism, it will become clear if one of these is capable of predicting pulmonary

contusion that typically seen in blunt chest impacts.

5.9 Limitations of the study

This study began with the focus on developing a model to predict lung contusion. During

the development process, it became apparent that the material constitutive model needed
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improvement to better capture the non-linear stress wave propagation response, and to
adjust the material properties according to the initial condition with respect to the stress-
free state. Much of the lung material properties under dynamic loading were still

unknown and their relationship with injury should be investigated further.

The current approach in determining the injury thresholds was considered preliminary. It
should be emphasized that the established injury threshold enabled interpretation of the
lung contusion between candidate injury metrics although the current model is not
validated to predict lung contusion. Although more research on the candidate injury
metrics would enhance the understanding of the pulmonary contusion, the best possible
way to gain greater understanding of the injury metrics and the injury mechanisms is to

fundamentally understand how the lung behaves dynamically as a material.

The future research needs advancement in four areas before a more detailed injury
evaluation approach can be realized. Firstly, there is a need for anthropometric data on
lung size, lung lobe geometry and size. Describing lung injury in terms of lobes is tied to
the clinical understanding of the lung contusion injury which was already built into the
AIS scale. This enables a more detailed description of the contusion. Secondly,
pulmonary contusion identification is a critical component to gathering pulmonary
contusion data from trauma patients by reconstructing CT scans, and much of this
development is already underway (Daly et al, 2008; Gayzik et al, 2007, Stitzel et al, 2005;
Miller et al, 2001). Contusion identification can enhance our understanding and enable
investigation on the injury correlation with various injury metrics.  Thirdly, a
comprehensive study is needed to focus on the human tolerance to pulmonary contusion.
The study by Miller (2001) had suggested that a 20% cumulative volume threshold where
there is a high risk of ARDS. A more in-depth study should consider how much
contusion a lung lobe can withstand before posing a serious risk to the functioning of a
lung. Fourth, there is still a need to develop a fundamental understanding of the lung
response under dynamic loading. Only with a more solid understanding of the lung as a

material can yield a greater link to the injury mechanism.
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Chapter 6
Conclusions & Recommendations

6.1 Conclusions

Occupant injuries in motor vehicle collisions are prevalent in our society. Automotive
manufacturers continuously develop new tools to improve the safety of vehicle designs,
of which a fundamental understanding of the human body response to blunt impact is
essential. Occupant simulation is an effective analytical tool for researching human
response and injury tolerance under a wide array of motor vehicle collision
scenarios. This study focused on developing a numerical model to predict lung response
and injury in side impact car crash scenarios using a full human body model with detailed

thoracic representations.

In the current study, many deficiencies in an existing human body model were
addressed with the aim to produce a realistic boundary condition to the internal
organs. Appropriate contact interaction between components was defined to ensure
continuity and accuracy. The material properties of the human soft tissue, rib, costal
cartilage, lungs, and aorta were investigated and implemented where supported in the
literature. The thoracic region of the human body model was validated using three
(frontal, oblique, lateral) pendulum impact tests and two side sled impact tests. The other
regions of the human body model such as the shoulder, abdomen, and pelvis were also
validated against various lateral pendulum impact studies. The latest model demonstrated
improvements in every response category relative to the previous version of the human
body model. The implementation of a strain-rate dependent material model for the rib

was critical in predicting response accurately across a wide range of impact velocity.

The development of the lung model involved advances to the physical properties,

material properties, and boundary conditions. Size, density and geometry of the lungs
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were established at the functional residual capacity as the initial condition. The elastic
properties of the lung were derived from the biaxial human lung tissue experiments and
in-vivo live rat impact experiments. The surface tension properties were determined
based on previous studies on pressure-volume experiments on dog lungs. The current
lung model development was hampered by the lack of constitutive model capability to
correct the material properties with respect to an initial condition. An analytical approach
was presented to correct the physical and material properties of the lung from the stress-

free state to the in-situ condition.

Several injury metric predictor candidates of pulmonary contusion were investigated and
compared against the pendulum and sled impact scenarios. The current study established
injury metric thresholds based on a 6.7m/s oblique pendulum impact scenario. Resultant
injury severity of various impact scenarios was determined relative to this set of injury
thresholds. The results of this study confirmed the importance of stress wave focusing,
reflection and concentration within the lungs, particularly near the impact surface and
against relatively rigid boundaries such as the spine. Stress wave propagation from one
lung to the other lung only became significant in severe loading such as the 8.9m/s sled
tests. The bulk modulus of the lung had considerable influence on injury metric
outcomes and its relevance to lung injury should be investigated more closely. Although
the 6.7m/s oblique pendulum impact and 6.7 m/s NHTSA sled impact demonstrated
similar peak viscous criterion, the study demonstrated that the resultant contusion levels

were quite different with the contusion response dependent on the contact area.

In conclusion, the developed human body model is applicable across a wide velocity
range of impact regardless of impact direction. The overall model is capable of
predicting thoracic response and lung contusion. Future development to the heart and
aorta can expand the model capacity to investigate all vital organ injury mechanisms

within the thorax.
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6.2 Recommendations

The detailed human body model could be used to analyze automotive impact scenarios as
it provided good prediction in thoracic response and enabled insight into internal organ
injury such as pulmonary contusion. Interaction with a vehicle interior compartment or
safety features could be implemented for closer investigation of their implications on
lung injury. When conducting investigations with the numerical human body model,
several limitations should be kept in mind and be addressed in the next iteration of

development.

Firstly, a more rigorous investigation on the geometrical variation of the rib, the mesh
representation of the geometry, and appropriate material models are required to improve
the prediction of the rib fracture location and timing. Although the current modeling
approach was an effective method from a computational cost and response standpoint, the
ribcage model cannot predict rib fracture and response more accurately without
addressing the geometrical variation of each rib. A more appropriate material model for
the costal cartilage would enable a more realistic response during frontal and oblique
impact scenarios. It is recommended that these components be validated independently

at the component level such that deficits are addressed directly.

Secondly, many components surrounding the detailed thorax should be improved to
enhance the biofidelity of the overall model. Implementing clavicle fracture would
improve shoulder kinematics and ribcage response during severe impact scenarios. The
anthropometry of the abdomen should be revisited to improve response interaction with
other body regions. A more appropriate pelvis material model is needed to mimic pelvic
fracture, mitigate the elevated force response, and improve the unloading response. A
more accurate construction of the shoulder and muscle models with the surrounding

components would improve the overall thoracic response.

Thirdly, focus should be placed on developing an approach to evaluate the aortic and

heart injuries. Although an aorta and a heart model were implemented, a closer

180



investigation is required on the model accuracy in terms of geometry, material properties
and boundary conditions. Some of the less critical components such as the esophagus,
pulmonary trunks, and bronchi were omitted given that they have little influence on the
injury mechanism of pulmonary contusion. The complexity of the interaction between
the organs was minimized at the expense of modifying the lung geometry to fill in the
void left by these components. However, several hypotheses on aortic injury suggested

that these components may play a role when neck extension is considered.

Fourth, three aspects pertained to the lung material model should be investigated to
understand their relevance to the lung response and injury: lung elasticity, surface tension,
and dynamic properties of the lung. Little information is available on the compressive
properties of the lung tissue. The lung tissue has a unique characteristic where the lung
tissue is more compliant when biaxially loaded compared to uniaxial loaded. The theory

behind this is still unclear; however it may be a factor in the injury mechanism.

The loading and unloading characteristics of the surface tension should be different, but
the current constitutive model is limited to a single curve representing the loading and
unloading response. This would alter how the lung behave, thus affect how the candidate
injury metrics predict response. Experimental data on surface tension is also currently

restricted to quasi-static loading and based on animal studies.

Although an effective bulk modulus was assumed based on the deformation range
considered in the current study, the stress wave should be more localized in theory than
the current numerical model would predict. Past experimental studies largely focused on
capturing wave propagation at modest deformation levels, the wave propagation may be
very different and non-linear when the dynamic loading is accompanied with greater
deformation.  Future studies should explore the bulk behavior of the lung with

deformation and develop numerical techniques to model the bulk response appropriately.
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The following appendix contains the pendulum and sled impact results that were
simulated at different velocities than those presented in Chapter 4. Model results of
regions other than the thorax are presented here. Some pendulum simulation results that

were previously presented by Forbes (2005) were updated based on the latest numerical

model.

Appendix A

Simulation Results

A.1: Thoracic Oblique Pendulum Impact - 4.4 m/s (Viano, 1989)
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Figure A.1: Thorax - Oblique pendulum 4.4 m/sec - Force
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Figure A.2: Thorax - Oblique pendulum 4.4 m/sec — Compression
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Figure A.3: Thorax - Oblique pendulum 4.4 m/sec - VC
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A.2: Heidelberg Sled Impact— 6.7 m/s (Marcus, 1983)
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Figure A.4: Heidelberg sled impact 6.7m/s — force plate response

Table A.1: Heidelberg sled Impact 6.7m/s — simulated peak response summary

Location | Units Value Iljﬁ:]‘i(:i Eﬁiﬁ
T1 G’s 39.7 82 122
LI;:Z‘:;] T12 G’s 56.2 71 107
Acceleration L4 G’s 382.7 64 100
Pelvis G’s Not measured 63 77
Peak Force Pelvis N 24828 6400 | 7800
*Note — Tolerances specified in ISO (1999)

Table A.2: Heidelberg sled Impact 6.7m/s — rib fracture summary

Rib 212’15\/IHS T;;‘;Numb; g Simulation
1 1
2 1 1 1
3 1 1 1
4 1 1 1
5 1 1 2
6 1 1 2
7 1 1 2
8 1 1 1
9
10 1
11 1
Non-struck side 0 0 0 0
Total 2 9 7 11
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A.3: WSU Sled Impact — 8.89 m/s (Cavanaugh, 1990; 1993)
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Figure A.5: Shoulder — WSU sled 8.89 m/s — Force
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Figure A.6: Thorax — WSU sled 8.89 m/s - Force
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Figure A.7: Abdomen — WSU sled 8.89 m/s — Force
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Figure A.8: Pelvis — WSU sled 8.89 m/s - Force

202



|—=— Simulation — Experimental ---- SIC 04 --- SIC 06

14000
12000 -
10000 -
Z 8000 |
[
e
S 6000 -
4000 -
2000 -
0 - N R
0.00 0.01 0.02 0.03 0.04 0.05 0.06
Time (sec)
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Figure A.10: Total - WSU sled 8.89 m/s - Force
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Figure A.11: Thorax — WSU sled 8.89 m/s — Compression
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Figure A.12: Thorax — WSU sled 8.89 m/s - VC
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A.4: NHTSA Sled Impact — 8.89 m/s
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Figure A.14: Abdomen — NHTSA sled 8.89 m/s - Force
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Figure A.15: Pelvis —- NHTSA sled 8.89 m/s — Force
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Figure A.16: Lower Limb — NHTSA sled 8.89 m/s - Force
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Figure A.17: Total — NHTSA sled 8.89 m/s — Force
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Figure A.18: Thorax — NHTSA sled 8.89 m/s — Compression, top band
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Figure A.19: Thorax — NHTSA sled 8.89 m/s — VC, top band
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Figure A.20: Thorax — NHTSA sled 8.89 m/s — Compression, middle band
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Figure A.21: Thorax — NHTSA sled 8.89 m/s — VC, middle band

A.5: ISO Shoulder Test 1 — Pendulum Impact at 4.5 m/s (ISO, 1999)
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Figure A.22: Shoulder — Round pendulum 4.5 m/s - Force
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Table A.1: Shoulder — Round pendulum 4.5 m/s — Max deflection
(the acromin joint to the T1 vertebra)

Maximum Deflection (mm)
Simulated 34.4
Experimental 37.5+4/-3.5
A.6: Shoulder — Rectangular Pendulum Impacts (Compaigne et al 2003, 2005)
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Figure A.23: Shoulder — Rectangular Pendulum 3 & 4 m/s — Deflection, acromion-acromion
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Figure A.24: Shoulder — Rectangular Pendulum 3 & 4 m/s — Deflection, acromion-sternum
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Figure A.25: Shoulder — Rectangular Pendulum 3 & 4 m/s — Deflection, acromion-T1
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Figure A.26: Shoulder — Rectangular Pendulum 3 & 4 m/s — Deflection, impactor-T1
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Figure A.27: Shoulder — Rectangular Pendulum 6 m/s — Deflection, acromion-acromion
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Figure A.28: Shoulder — Rectangular Pendulum 6 m/s — Deflection, acromion-sternum
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Figure A.29: Shoulder — Rectangular Pendulum 6 m/s — Deflection, acromion-T1
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Figure A.30: Shoulder — Rectangular Pendulum 6 m/s — Deflection, impactor-T1
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Figure A.31: Shoulder — Rectangular Pendulum 3 & 4 m/s — Force
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Figure A.32: Shoulder — Rectangular Pendulum 6 m/s — Force
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A.7: Abdominal Oblique Pendulum Impact - 4.8 m/s & 6.8 m/s (Viano, 1989)
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Figure A.33: Abdomen — Oblique Pendulum 4.8 m/s — Compression
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Figure A.34: Abdomen — Oblique Pendulum 6.8 m/s — Compression
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Figure A.35: Abdomen — Oblique Pendulum 4.8 m/s — Force
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Figure A.36: Abdomen — Oblique Pendulum 6.8 m/s — Force
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Figure A.37: Abdomen — Oblique Pendulum 4.8 m/s - VC
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Figure A.38: Abdomen — Oblique Pendulum 6.8 m/s - VC
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A.8: ISO Pelvis 1 & 2 — Spherical Impact (ISO, 1999)
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Figure A.39: Pelvis - Spherical pendulum 6 & 10 m/s — Peak force

A.9: Pelvis Round Pendulum Impact— 4.8 m/s & 9.7 m/s (Viano, 1989)
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Figure A.40: Pelvis - Round pendulum 4.8 m/s — Compression

218



Compression

Force (N)

—=— Simulation

— Experimental Average --- Corridor

0.35

0.30

o o © o

- - N N

o (3] o [3,]
I I I I

0.05 -

0.00

0.00

0.01

T——

0.02 0.03
Time (sec)

0.04

Figure A.41: Pelvis - Round pendulum 9.7 m/s — Compression
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Figure A.42: Pelvis - Round pendulum 4.8 m/s — Force

219



----Corridor

0.04

—=—Simulation = ——Experimental Average
14000
12000 - VRN
// \\
i AY
10000 - ] \
! //\\\ Q
—_ ! / \
< 8000 - [/ NNY
) ! N \\
o l‘ /I \\\ *\
S 6000 ¢/ N \\\
II ,/ \\\
I 7 AN N
4000 | [/ S~
4 i \\\
/, \\ \\\\\
2000 | }f/ \\\ RS
/// \\\\‘~
0 "'/ T T
0.00 0.01 0.02 0.03
Time (sec)

Figure A.43: Pelvis - Round pendulum 9.7 m/s — Force
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Appendix B
Simulation Results, Lung Response

The following appendix contains the pendulum and sled impact results that were

simulated but were not presented in details in Chapter 5.

B.1: Lung response — frontal pendulum 6.7 m/s
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Figure B. 1: Frontal pendulum 6.7m/s - peak response distribution — principal strain
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Figure B. 2: Frontal pendulum 6.7m/s - peak response distribution — principal strain rate
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Figure B. 3: Frontal pendulum 6.7m/s - peak response distribution — the product of
principal strain and strain rate
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Figure B. 4: Frontal pendulum 6.7m/s - peak response distribution — pressure
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B.2: Lung response — oblique pendulum 4.4 m/s
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Figure B. 5: Oblique pendulum 4.4m/s - peak response distribution — principal strain
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Figure B. 6: Oblique pendulum 4.4m/s - peak response distribution — principal strain rate
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Figure B. 7: Oblique pendulum 4.4m/s - Peak response distribution — the product of
principal strain and strain rate
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Figure B. 8: Oblique pendulum 4.4m/s - Peak response distribution — pressure

224



B.3: Lung response — limited stroke lateral pendulum
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Figure B. 9: Limited-stroke lateral pendulum - Peak response distribution — principal strain
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Figure B. 10: Limited-stroke lateral pendulum - Peak response distribution — principal
strain rate
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Figure B. 11: Limited-stroke lateral pendulum - Peak response distribution — the product of
principal strain and strain rate
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Figure B. 12: Limited-stroke lateral pendulum - Peak response distribution — pressure
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B.4: Lung response — WSU 6.7 m/s
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Figure B. 13: WSU sled test 6.7 m/s - Peak response distribution — principal strain
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Figure B. 14: WSU sled test 6.7 m/s - Peak response distribution — principal strain rate
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Figure B. 15: WSU sled test 6.7 m/s - Peak response distribution — the product of principal
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Figure B. 16: WSU sled test 6.7 m/s - Peak response distribution — pressure
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B.5: Lung response — WSU 8.9 m/s
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Figure B. 17: WSU sled test 8.9 m/s - Peak response distribution — principal strain
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Figure B. 18: WSU sled test 8.9 m/s - Peak response distribution — principal strain rate
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Figure B. 19: WSU sled test 8.9 m/s - Peak response distribution — the product of principal
strain and strain rate
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Figure B. 20: WSU sled test 8.9 m/s - Peak response distribution — pressure
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B.6: Lung response — NHTSA 8.9 m/s
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Figure B. 21: NHTSA sled test 8.9 m/s - Peak response distribution — principal strain
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Figure B. 22: NHTSA sled test 8.9 m/s - Peak response distribution — principal strain rate
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Figure B. 23: NHTSA sled test 8.9 m/s - Peak response distribution — the product of
principal strain and strain rate
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Figure B. 24: NHTSA sled test 8.9 m/s - Peak response distribution — pressure
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