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Abstract—Evidence suggests that inertial cavitation plays an important role in the renal injury incurred during
shock-wave lithotripsy. However, it is unclear how tissue damage is initiated, and significant injury typically
occurs only after a sufficient dose of shock waves. Although it has been suggested that shock-induced shearing
might initiate injury, estimates indicate that individual shocks do not produce sufficient shear to do so. In this
paper, we hypothesize that the cumulative shear of the many shocks is damaging. This mechanism depends on
whether there is sufficient time between shocks for tissue to relax to its unstrained state. We investigate the
mechanism with a physics-based simulation model, wherein the basement membranes that define the tubules and
vessels in the inner medulla are represented as elastic shells surrounded by viscous fluid. Material properties are
estimated from in-vitro tests of renal basement membranes and documented mechanical properties of cells and
extracellular gels. Estimates for the net shear deformation from a typical lithotripter shock (⬃0.1%) are found
from a separate dynamic shock simulation. The results suggest that the larger interstitial volume (⬃40%) near
the papilla tip gives the tissue there a relaxation time comparable to clinical shock delivery rates (⬃1 Hz), thus
allowing shear to accumulate. Away from the papilla tip, where the interstitial volume is smaller (⬃20%), the
model tissue relaxes completely before the next shock would be delivered. Implications of the model are that
slower delivery rates and broader focal zones should both decrease injury, consistent with some recent observations. (E-mail: jbfreund@uiuc.edu) © 2007 World Federation for Ultrasound in Medicine & Biology.
Key Words: Shock-wave lithotripsy, Renal injury, Tissue damage, Numerical simulation.

tensive and occurs during treatment rather than from
longer-term hypoxia resulting from vascular damage
(Shao et al. 2003). It appears that as they are delivered,
the shock waves rupture the basement membranes of
vessels and tubules and destroy cells (Shao et al. 2003).
Inertial cavitation is thought to be the mechanism
responsible for the greatest part of the observed damage
(Bailey et al. 2003). The precise mechanism(s) of bubble
action in vascular injury, however, are not known, but
bubble expansion or bubble collapse and rebound may all
be involved. The rapid collapse and rebound of bubbles is
known to be potentially destructive to surrounding material
(Sturtevant 1996; Zhong et al. 2001). The importance of
cavitation in renal injury is supported by results for inverted
shock waves, which are generated via a pressure release
reflector. These are significantly less destructive (Evan et al.
2002), presumably because the trailing wave is compressive
and therefore suppresses cavitation. Inverted shock waves
have also been shown to reduce hemolysis relative to the

INTRODUCTION
Shock wave lithotripsy (SWL) is a treatment widely used
for urinary tract calculi, but it has been found that more
renal trauma accompanies treatment than initially
thought (Evan and McAteer 1996; Evan et al. 1998).
Acute renal injury occurs to some degree in virtually all
patients, and some cases have been reported in which
damage is severe. This trauma is thought to lead to
chronic complications such as an increased risk of hypertension (Lingeman et al. 2003; Krambeck et al. 2006)
and there appears to be a link between SWL and the
occurrence of new-onset diabetes (Krambeck et al.
2006). Studies of pig kidneys (e.g., Evan et al. 1996) just
after treatment with SWL show that the damage is ex-
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standard lithotripter shocks when directed at in-vitro samples of red blood cells (Evan et al. 2002). The acoustic
signature of inertial cavitation has been observed in pig
kidney tissue after ⬃1000 shocks (Bailey et al. 2005),
which is comparable to the number necessary for significant
tissue injury (Evan et al. 1998), although specific thresholds
have not yet been determined.
Questions remain, however, as to how cavitation and
cavitation damage are initiated. For example, why are so
many (⬃1000) shock waves necessary before cavitation
signatures and significant injury are observed in kidney
tissue (Bailey et al. 2005)? It has been suggested that
bleeding is a necessary prelude to extensive cavitation
(Shao et al. 2003). In this view, the accumulation of noncirculating blood in the lesion would provide favorable
conditions for extensive and spreading cavitation damage.
At normal physiological conditions, blood flow speeds,
which are estimated to be ⬃0.5 mm/s in the vasa recta
(Jamison and Kriz 1982) and would probably have a similar
speed in the capillaries, seem fast enough to remove nucleation sites before more than a few shocks could grow them
into damaging cavitation bubbles. It has been proposed in
conjunction with in-vitro models that the initial rupture
might be caused by expanding cavitation bubbles (Zhong et
al. 2001), although this has not yet been observed in vivo.
It is also possible that the initial hemorrhage does
not involve bubbles at all. Although damage was modest
and localized, inverted wave studies still showed hemorrhaging near the papilla tip (Evan et al. 2002). Shock
wave–induced shearing is another proposed injury mechanism, but as we discuss in more detail in following
sections, the shear due to a single shock is estimated to
be insufficient to tear basement membranes. It has been
proposed that the renal papilla structure makes it particularly prone to the focusing of shock waves scattered by
its acoustic inhomogeneities (Howard and Sturtevant
1997). However, based on the speed of sound in its
constituent components, the papilla is not expected to be
significantly more acoustically inhomogeneous than
other parts of the kidney that seem to be less susceptible
to damage in the absence of cavitation (Evan et al. 2002).
In this paper we investigate the possibility that the
greater interstitial volume near the papilla tip makes it
particularly susceptible to shear accumulation during repeated shock applications, leading eventually to damage
and hemorrhage. Once hemorrhage has occurred, pooled
blood could then give rise to more extensive cavitation
damage as previously discussed. The net shear displacement that remains after the passing of the focused wave
is computed from the simulation results of Tanguay and
Colonius (2003). A simulation model of the inner medulla, which is constructed based on its known structure
and estimates of the material properties of its compo-
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Fig. 1. A light micrograph of a transverse cross section of an
inner medulla near the papilla tip (human): collecting ducts (C),
loop limbs (L) and blood vessels (V). Each tubule is defined by
a basement membrane (B) as discussed in the text. The scale
bar is ⬃40 m.

nents, suggests that shear strain can indeed accumulate
near the papilla tip.
MATERIALS AND METHODS
Tissue: structure and approximate properties
The structural properties of the tissue of the inner
medulla (Fig. 1) appear to be set by the relatively stiff
and strong basement membranes of the thin limbs of the
loops of Henle, larger collecting ducts and small blood
vessels (vasa recta and capillaries). Collectively, we refer
to these simply as tubes. Although there are a few branch
points, these tubes are generally aligned in parallel
(Jamison and Kriz 1982). The interstitial space between
the tubes in the inner medulla is filled with interstitial
cells surrounded by extracellular matrix material referred
to here as an interstitial gel. The cells typically span
between two or more tubes or vessels, suggesting a
structural role (Madsen and Tisher 2004). Higher in the
medulla and the cortex, they are less ordered and resemble typical fibroblasts (Jamison and Kriz 1982). The
interstitial gel is made of a flocculent polysaccharide
material (Madsen and Tisher 2004). The fraction of the
inner medulla that is interstitial space increases into the
papilla and toward its tip as discussed in the following,
where we discuss our model’s geometric parameterization.
The pressure-diameter relation of rabbit renal tubule
basement membranes has been measured by Welling et
al. (1995), with additional references therein. These were
found to be similar to properties of the basement membranes of frog capillaries and rat venules (Swane et al.
1989), which suggests at least a degree of universality to
basement membrane properties. They are surprisingly
stiff, with elasticity comparable to that of tendon (Welling et al. 1995). A luminal pressure increase of as much

Tissue damage initiation in shock-wave lithotripsy ● J. B. FREUND et al.

as 980 Pa (10 cm H20) increases the diameter approximately linearly up to about 5 m, which gives a tension
modulus per unit length of the tubule of T ⫽ 0.16 N/m.
For larger deformations, the membranes become considerably stiffer. It is straightforward to fit these diameterpressure curves with appropriate nonlinear functions of
the deformation gradient tensor, but this is unnecessary
for the present investigation as we only seek to assess
whether small shears can accumulate. The local membrane tension is thus related to the local stretch as

⫽T

冉

冊

ds
⫺1 ,
dso

(1)

where s is the deformed arc length and so is its reference
zero-strain length. If we assume that the properties of a h
⫽ 0.2 m-thick membrane are uniform across its thickness, the bending modulus of the tubule wall will be M
⫽ Th2/12 ⫽ 5.2 ⫻ 10–16Nm per unit length. The bending
moment that results from curvature of C relative to the
reference curvature Co is b ⫽ M(C ⫺ Co).
Welling et al. (1995) compared the elastic properties of tubules before and after the epithelial cells were
removed by a sodium deoxycholate bath. They found
that the membrane material properties were essentially
unchanged, demonstrating that the net elastic effect of
the cells is small compared with the basement membrane. These results provide justification for neglecting
these cells in our model.
To test our hypothesis with a simulation model, we
also require properties of the interstitial cells and gel. It
does not appear that these have been measured for interstitial kidney cells, but various methods (micropipette
aspiration (Evans and Yeung 1989), magnetocytometry
(Wang et al. 1993), microplate manipulation (Thoumine
and Ott 1997), atomic-force microscopy (Mathura et al.
2001) and several others reviewed by Brown (2000))
have been used to study a variety of cells (fibroblasts
(Thoumine and Ott 1997; Karcher et al. 2003), myogenic
cells (Desprat et al. 2005), respiratory epithelial cells
(Alcaraz et al. 2003), ovary cells (Canetta et al. 2005),
muscles cells of multiple types (Mathura et al. 2001) and
others). Despite differences in measurement methods,
the types of cells measured, varying capacities for active
transduction and motion and different viscoelastic constitutive frameworks used to describe data, nearly all
cells measured have relatively small elasticity, with linear elastic moduli typically around 1 kPa, and relaxation
times typically greater than 1 s because of their high
relative viscosity. Cyclically applied forces with periods
of 1 s have been observed to cause accumulating displacement each cycle (Karcher et al. 2003). More rapid
strains (100-Hz oscillations) have shown that the principal resistance to rapid distortion is viscous (Alcaraz et al.
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2003). Even models that do not include simple moduli
and relaxation times, such as the power law creep function proposed by Desprat et al. (2005), suggest that
recovery from deformation should occur on the time
scale of seconds. Because kidney interstitial cells have a
fibroblast character, and the shock application rate is on
the order 1 Hz, the fibroblast cyclic force loading study
of Karcher et al. (2003) is perhaps the most directly
relevant, both for the cell type and for the rate. They
observe a clear drift in displacement for this rate. It has
also been observed that mechanical properties of cells
can evolve over periods of tens of minutes, which is
thought to be the result of active cytoskeletal rearrangement (Thoumine and Ott 1997; Desprat et al. 2005). If
the repeated application of shocks is viewed as a continuous loading—the repeated shocks would indeed exert a
mean load—then it might induce cytoskeletal changes
that would facilitate additional tissue displacement.
The viscoelastic properties of the extracellular interstitial gel in the kidney are not characterized well and,
in general, extracellular matrix material is less well characterized than those of cells. However, data indicate that
it too has a long relaxation time. The notable lack of
collagen fibers (Osvaldo and Latta 1966) in kidney interstitial gel would suggest that its elasticity would be
particularly small, even for interstitial gels. Zeng et al.
(2006) studied a collagen gel in a rheometer and fit
results with a generalized Maxwell viscoelastic model
with two relaxation times: 1 ⬃ 0.6 s and 2 ⬃ 5 s. The
coefficients that weight these two terms suggested equal
importance to the overall response. Similar viscoelastic
properties were found by Hsu et al. (1994), again suggesting a long relaxation period.
More quantitative analysis of the medulla tissue will
require specific measurement of the mechanical properties of the various components for the types of deformation they are expected to experience when shocked. For
our current purposes, however, precise measures are
unnecessary. It is sufficient for us that the interstitial
material does not recover completely in the ⬃1.0-s time
scale of shock application in standard treatments. If the
structure is such that the basement membrane elasticity
does not bring the tissue back to its preshocked state, the
entire tissue will not recover before the following shock
deforms it still further.
Shear as a result of focused shocks
We make estimates of shock-induced shear based
on the lithotripter shock wave characterization of Cleveland et al. (2000) for the Dornier HM3 (Dornier GmbH,
Wessling, Germany). The shock focuses at F2 with a
pressure ⬃40 MPa, and pressure drops to 0 across a
distance perpendicular to its propagation of ⬃1 cm,
defining the width of the focus. As estimated for litho-
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triptor shocks by Lokhandwalla and Sturtevant (2001),
this gives a peak particle velocity of approximately v ⫽
p/c ⫽ 26 m/s. Assuming that the peak pressure drops
linearly over 2 s, this gives a maximum displacement of
26 m. Because the affected region is long in the direction of the shock’s propagation, a maximum shear strain
of approximately 26 m/1 cm ⫽ 0.26% is achieved.
Although these estimates are relatively crude given that
the wave is finite amplitude and not planar, it is nevertheless unlikely that a single shock can produce the
strains of more than 10% (for renal tubules) that would
be needed to rupture basement membranes (Welling et
al. 1995). Similarly, the critical tension for basement
membranes is approximately a factor of 20 larger (Tc ⫽
200 –500 mN/m) than the value used by Lokhandwalla
and Sturtevant (2001) in their analysis for shock-shear–
driven hemolysis. Even considerable local shock focusing by the mechanisms proposed by Howard and Sturtevant (1997) would be insufficient to immediately tear
the basement membranes by a single-shock mechanism
(Lokhandwalla and Sturtevant 2001).
In making these shear estimates, it was assumed that
the damage was caused by maximum shear, which would
be associated with the compressive portion of the wave,
and it was therefore appropriate to neglect the weaker
negative pressure that follows (Cleveland et al. 2000).
This expansive portion of the wave causes displacements
counter to the compressive portion and undoes some,
although not all, of the displacement caused by the
leading portion of the wave. That the compressive and
trailing expansive portions of the pressure signal do not
need to cancel pointwise has been recognized previously
(Bailey et al. 1999), although without discussion of implications for the net displacement. We estimate this net
displacement field by time integrating the velocity fields
computed in the shock-dynamic simulations of Tanguay
and Colonius (2003). These simulations suggest that a
0.1% strain remains in the neighborhood of F2 after the
wave has completely passed. Figure 2, for example,
shows a radial profile of 兹S:S at F2, where S is the strain
tensor in cylindrical coordinates

S⫽

冢 冣
⭸ux ⭸ux
⭸x ⭸r

0

⭸ur ⭸ur
⭸x ⭸r

0

0

0

,
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r

with ux and ur being the displacements in the x (shock
propagation) and radial r directions, respectively. This
strain is much less than the peak during the passing of the
compressive shock front and thus even less likely to
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Fig. 2. Strain norm near F2 for an axisymmetric focus shock
obtained by time integrating computed velocity fields (Tanguay
and Colonius 2003).

cause any significant damage on its own. However, because it remains after the passing of the entire wave, it
can only be removed by the elasticity of the kidney
tissue. If the relaxation time is too slow, this strain will
be increased with each additional shock.
We study this relaxation process in our simulation
model discussed later. We show that in all cases the
relaxation time is significantly longer than the ⬃6 s of
the physical deformation. Thus, we will neglect the viscous phase of deformation as defined by Lokhandwalla
and Sturtevant (2001) and assume the shock’s influence
is strictly inertial.
Model design
In rabbit kidneys Knepper et al. (1977) found that
the interstitial volume fraction ⌫i changes from about 0.4
near the papilla tip to 0.2 midway up the medulla. These
extrema set the range we study. These changes are clear
in images of the rabbit inner medulla Jamison and Kriz
(1982). Pigs, which have been the subject of the most
detailed injury tests, follow the same trend. We show this
in Fig. 3, which contrasts an image of the inner stripe of
an outer medulla with one of the inner medulla near the
papilla tip. In Fig. 3a, we see the closely packed vascular
bundles, limbs and ducts whose structure we attempt to
model, hypothesizing that the close spacing of all the
tubules will make the tissue here fast to recover from
deformation. In contrast, in Fig. 3b there are extensive
regions of interstitial material between the vessels and
larger collecting ducts. Humans show essentially the
same structural change; the micrograph in Fig. 1 shows
the relatively high interstitial volume fraction near the
papilla tip.
As shown schematically in Fig. 4, we model the
medulla tissue as parallel tubes with different interstitial
volume fractions ⌫i. Similar to Howard and Sturtevant
(1997) we assume that the tubes are long and thus only
consider their 2-D geometry. We represent only a small
subregion of the medulla, using periodic boundary con-
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Fig. 3. Photomicrographs of an (a) outer medulla (inner stripe)
and an (b) inner medulla near the papilla tip (pig). In (a),
closely packed vascular bundles (VB) alternate in space with
regions (L) in which ascending and descending thin limbs and
thick ascending limbs intermingle with vessels and collecting
ducts. In (b), large collecting ducts (C) and small vessels (V)
are separated by extensive regions of interstitial material. The
nuclei of the interstitial cells appear as black dots in the
interstitium. The scale bars are ⬃60 m.

ditions to avoid artifacts that would be associated with
other potential choices of boundary conditions (e.g.,
fixed or stress free). Periodic boundary conditions are
also the most compatible with the numerical methods we
use. We will present simulations for two domain sizes.
The larger, shown in Fig. 4, has 150 tube cross sections
in a H ⫻ W ⫽ 75 ⫻ 450 m2 domain, and the smaller
has 30 tubes in a H ⫻ W ⫽ 50 ⫻ 150 m2 domain.
These domains are, of course, significantly smaller than
the region over which the shear would occur in a kidney,
but they satisfy two key conditions necessary for their
results to be applicable. The first condition is that the
length over which shear is applied (by the shock wave) is
significantly greater than the tube diameters. Similar
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results for the large and small domain cases confirm
insensitivity to this. The second condition is that the
relaxation rate of the small simulated regions can be
related to the larger-scale shear relaxation in the kidney.
If the net effective elasticity and viscosity of the material
are linear, than relaxation is independent of transverse
length scale. This also was confirmed with tests of the
model.
The model tissue was constructed by “growing” the
tube diameters of a uniform distribution of small tubes
until the target volume fraction was reached. While they
were grown, they flowed into the random configurations
we see in the figure. The resulting average tube diameters
in the model were 13 m for ⌫i ⫽ 0.4, 14 m for ⌫i ⫽
0.3 and 15 m for ⌫i ⫽ 0.2. The randomness of tube
sizes in the medulla was modeled with uniform diameter
distribution of ⫾ 20%. These diameters are appropriate
for modeling the vasa recta and capillaries in the inner
medulla (e.g., Jamison and Kriz 1982).
The relaxation time of the interstitial cells and extracellular matrix is expected to be comparable to standard shock delivery rates. In this study, we neglect its
elastic character and model it simply as a Newtonian
fluid. The small scales and high viscosity allow us to
neglect inertia in the relaxation process. For some of the
results presented, the interstitial region was set to be  ⫽
5 times more viscous than the tube’s Newtonian fluid
contents (blood) with viscosity  ⫽ 0.035 kg/(m.s).
However, for finite viscosity ratio, the simulations are
much more computationally intense. Therefore, to focus
our resources on longer time series and larger domains
we used primarily  ⫽ 1. The key conclusion of this
paper is in fact independent of .
Numerical algorithm
The boundary integral algorithm used to solve the
governing equations for Stokes flow is similar to that
used in a previous study of microcirculatory mechanics
(Freund 2007). The velocity at a point x depends on the
stresses applied to the fluid by the deformed tube walls,
⌬ ⫽

冉 冊

⭸t ⭸ ⭸b
⫹
n ,
⭸s ⭸s ⭸s

(3)

via an implicit integral expression,
ui(x) ⫽
⫹

1
2( ⫹ 1)

1 1⫺
2 1 ⫹ 

兺兰
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兺兰
m

⍀m

⍀m

Sij(y ⫺ x)⌬ j(y)dsm(y)

ui(y)Tijk(y ⫺ x)nk(y)dsm(y),

(4)

where s is the arc-length coordinate around any particular shell membrane tube wall, Sij and Tijk are the appro-
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Fig. 4. The simulation model configuration.

priate periodic versions of the fundamental solutions of
the Stokes operator for velocity (Sij, the Stokeslet) and
stress (Tijk, the Stokes stresslet), and ⍀m designates the
m-th membrane. Freund (2007) used  ⫽ 1 for all cases,
so eqn (4) was an explicit expression for the velocity, but
the complete details of the formulation for  ⫽ 1 case are
well known (Pozrikidis 1992), and the fast numerical
solution approach we use is outlined also for this case by
Metsi (2000). For the present solutions, each membrane
was discretized with 128 Fourier-spectral collocation
points, which were used to evaluate eqn (3) for use in eqn
(4). The quadratures were computed for these same
points as simple sums as appropriate for Fourier basis
functions, and the time advancement was by a secondorder Runge-Kutta algorithm. The linear system for the
unknown velocities that result from eqn (4) in  ⫽ 1
cases was solved with a GMRES(10) algorithm (Saad
and Schultz 1986).
Simulation procedure
After the tissue was constructed, the system was
simulated for a long enough time (⬎1 s) to ensure that it
was in equilibrium. During this period all velocities
became effectively zero. Then the deformation was applied instantaneously. It was a horizontal displacement of
⌬x ⫽ Ao cos(2y/H), which is compatible with the
periodic boundary conditions. After this deformation, the
evolution of the tissue was tracked by computing the x
displacement of the basement membranes from their
initial conditions: ⌬x ⫽ x(t) – x(0), where t is the time
measured from that of the applied shear. Figure 5 shows
an example of shear deformation relaxation for the ⌫i ⫽
0.2 cases. It is clear that the response is approximately
linear, maintaining its cosine shape. The amplitude of
this deformation in time, A(t), is determined by the
cosine transform for wavenumber 2/H. We took Ao ⫽
7.5 m or 15 m for different results presented in this
paper. Comparisons with a Ao ⫽ 0.75 m case showed
essentially the same behavior for A(t)/Ao.

Figure 6a shows the relaxation, A(t), for the small
domain case with  ⫽ 5, and Fig. 6b shows the same for
the large domain case with  ⫽ 1. We see similar
behavior for both cases: for ⌫i ⫽ 0.2, as seen higher in
the medulla, the tissue rapidly relaxes to its initial position, whereas for the larger ⌫i nearer the papilla tip it
does not. In the ⌫i ⫽ 0.4 cases, the relaxation is initially
rapid, corresponding to the rapid response of the membranes, but it stops well short of returning to zero. The
actual small elasticity of the interstitial cells and gel
would probably cause a continued slow decrease in deformation in this case, but it would only be complete for
times significantly longer than 1 s. This qualitative behavior is insensitive to . The ⌫i ⫽ 0.3 cases show a
behavior that is, as expected, intermediate.
The effect of repeated shocks is shown in Fig. 7.
Because nearly all the relaxation occurred in the first
0.15 s after a model shock deformation, the delivery rate
was increased to 6 Hz to reduce the computation time
required. It is clear that the ⌫i ⫽ 0.4 case shows significantly more accumulated deformation than the ⌫i ⫽ 0.3
case, and that the ⌫i ⫽ 0.2 case shows none.
DISCUSSION
These results suggest that the ⬃0.1% net shear
deformation per shock would be completely relaxed
when the basement membranes of the renal structures are
effectively in contact, as when ⌫i ⫽ 0.2. However, for
the larger interstitial volume cases, the relaxation is both
slower and, in absence of interstitial elasticity, incomplete. Figure 6a shows that after 1 s the ⌫i ⫽ 0.4 case still
retains more than 15% of the strain caused by the shock
after 1 s. For zero interstitial elasticity, 1000 shocks
would yield a strain of approximately 15%, assuming a
homogeneous material. However, because the basement
membranes themselves relax in all cases, the local strains
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Fig. 5. Relaxation of strain for large domain with  ⫽ 1.0 and
⌫i ⫽ 0.2 (see text). Shown are the discrete collocation points
representing the membranes.
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of the tissue between the vessels would be considerably
higher. Such strains may be sufficient to cause damage,
even in the absence of cavitation. Any tissue fatigue due
to the cyclic character of the straining would tend to
further promote damage. In the ⌫i ⫽ 0.3 case, the net
strain of the material after 1 s of relaxation is lower, but
it would be even more concentrated in the interstitial
space than in the ⌫i ⫽ 0.4 case and therefore also
potentially damaging.
We studied this system with a 2-D model and therefore neglected restoration of the material as a result of
any induced longitudinal tension in the vessels. An elastic response in this coordinate direction would accelerate
relaxation toward the undeformed condition, but it is
unclear what appropriate boundary conditions for displacements in that direction would be. The vessels would
not be expected to be held taut outside of neighborhood
of F2. Indeed, they are not even particularly straight
(e.g., Jamison and Kriz 1982, Fig. 15-1, p. 224) and may
therefore potentially be straightened with little elastic
resistance.
3.5
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3
2.5
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1
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Fig. 7. Effect of shocks applied at 6 Hz on the small model
system with  ⫽ 1.0: ______ ⌫i ⫽ 0.4; - - - - ⌫i ⫽ 0.3; and
· · · · ⌫i ⫽ 0.2.

Our viscous fluid model suggests that any deformation recovery that will occur is nearly complete by the
first 0.15 s after the shock, so in this case the proposed
mechanism would be independent of shock delivery rate
so long as it is slower than ⬃6 Hz. However, the actual
viscoelasticity of the interstitial material, with a relaxation time of ⬃1 s, would be expected to introduce
sensitivity to the shock delivery rate. The greater the time
between shocks, the more deformation recovery could
result via the interstitial material’s relatively small elasticity. Assuming an interstitial material relaxation time of
1 s, we would expect significantly decreased damage for
delivery rates slower than ⬃1 Hz. Conversely, damage
should increase for faster delivery rates. Unfortunately
from the perspective of investigation with, for example,
animal models, this is not the only damage initiation
mechanism that would be expected to show this trend.
Damage initiation via the growth of bubbles up to the
point of violent cavitational collapse (e.g., Zhong et al.
2001) should show a similar trend if cavitation nuclei can
advect away or dissolve in the time between shocks.
However, it could be tested with inverted shock waves.
For the proposed cumulative shear mechanism, these
should cause less bleeding of the type observed (Evan et
al. 2002) at slower delivery rates. On the other hand, if it
is direct shear damage (Lokhandwalla and Sturtevant
2001) that causes the observed bleeding in this cavitation-free case, that should be insensitive to delivery rate.
The cumulative shear mechanism clearly predicts
that hemorrhage should first appear in the inner medulla.
Initiation location is difficult to assess and does not
appear to have been the subject of extensive investigations. However, automatic digital sectioning identifying
regions of hemorrhage do suggest this location
(Blomgren et al. 1997). For the 2000 shocks at 24 kV
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delivered by a Dornier HM3 in that study, hemorrhage is
identified in several papilla only toward the tip and not
elsewhere in the kidney. Connors et al. (2000) also show
a greater propensity for lesions near the papilla tip, but
also to a lesser degree in the cortex near the renal
capsule.
Another implication of the model is that broader
focal zones, even at the same peak pressure, should be
less damaging because there should be less shear. Focal
zone width, shock strength and delivery rate have not
been studied independently, but preliminary results with
broader focal zones at lower peak shock pressures and
relatively slow rate (27/min) do indeed show a marked
decrease in injury (Evan et al. 2006). A reduction of
shock strength of a standard narrower focus machine
reduces shear and is observed to also reduce injury
(Connors et al. 2000), but more tests are needed to
confirm the exact mechanism(s). If the cumulative shear
mechanism is confirmed to be important, rate adjustment
and wave tailoring to reduce net shear should offer
means of reducing injury without compromising stone
comminution.
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