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1 I n t r o d u c t i o n  
THE PRINCIPLE of Doppler broadening of the optical spec- 
trum, when laser light is scattered from moving red blood 
cells (RBC) in skin tissue, has been successfully employed 
in a number of laser Doppler skin blood flow meters 
(BONNER and NOSSAL, 1981). The technique is particularly 
suitable for noninvasive, continuous monitoring in a 
number of clinical and research applications. 

The most commonly reported laser source employed in 
skin blood flow laser Doppler flowmeters is the red 
helium/neon laser (2 = 632-8 nm). It is generally acknowl- 
edged that, at this wavelength, the laser light penetrates 
relatively deeply into the dermis and even reaches under- 
lying fatty subcutaneous tissues. The combined effect of 
absorption and scattering on the penetration depth of light 
through the skin has been studied in detail by a number of 
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researchers for both in vitro and in vivo situations 
(ANDERSON and PARISH, 1981; WAY et al., 1981). Results 
indicate that the penetration of red light in the skin can be 
anything from 600#m to 1500#m depending on the 
geometry of the tissue bed (ENKEMA et al., 1981). This evi- 
dence suggests that a significant contribution to the laser 
Doppler signal is obtained from the deeper dermal region 
(where there is a large flux of RBC present) as well as from 
the capillary beds above the superficial dermal plexus 
(where the mean concentrations and velocity of RBCs is 
much smaller). 

There are many instances in routine dermatology where 
the superficial dermal plexus alone is most affected by the 
presence of disease (e.g. psoriasis and eczema). In these 
situations it would be more useful to the clinician if the 
superficial dermal flow information could be isolated from 
the global dermal circulation (RYAN, 1985). 

TO discriminate between total and superficial skin blood 
flow it is necessary to select a suitable wavelength of laser 
light which will be preferentially absorbed and/or scattered 
in the upper dermis. One previous investigation (Dtra'EIL et 
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al., 1985), has involved skin blood flow measurements 
using an He/Ne red laser (2 = 632.8 nm) and an argon-ion 
laser (2 = 457.9 nm) operating with a complex optical feed- 
back system to reduce noise and improve stability. In this 
study we have compared measurements of skin blood flow 
using an He/Ne 'green' laser operating at a wavelength of 
543 nm, a standard He/Ne 'red' laser (2 = 632.8 nm) and a 
near infra-red laser diode (2 = 780nm). At the shorter 
(green) wavelength there is a marked increase in absorp- 
tion and scattering in the dermis due to a number of 
factors. These include: 

(a) In the epidermis, absorption by the presence of 
melanin rapidly increases as the wavelength decreases 
from 2 --- 1200nm to 300nm. 

(b) In the dermis increased scattering towards shorter 
wavelengths from fibrous tissues (e.g. collagen fibres) is 
the most dominant mechanism in limiting the penetrat- 
ion depth of radiation. 

(c) Absorption in the vascular bed is dominated by the 
presence of blood-borne pigmentation (e.g. haemo- 
globin and oxyhaemoglobin), of which there is a 
marked increase in absorption at 543 nm relative to the 
'optical window' that exists at 633 nm. 

The net result is that for near-infra-red light (800 nm) the 
penetration depth in fair Caucasian skin to a value of 1/e 
(37 per cent) of the incident energy density has been esti- 
mated to be approximately 1200#m. The value for red 
light (600 nm) is approximately 550#m, and the figure for 
green light may be as small as 150 #m (ANDERSO~ and 
PARISH, 1981). 

2 System description 

2.1 In vitro measurements 
The purpose of this study was to compare the Doppler 

shift frequency spectra obtained for three different laser 
wavelengths under the same conditions of flow through a 
simple physical model. In vitro measurements were per- 
formed using a syringe-pumped model described in an 
earlier publication (BOGGETT et al., 1986) in which a sus- 
pension of latex spheres and then blood (of known 
dilution) was passed through a single polythene tube 
(OD--2.0mm, ID--1.0mm). A block diagram of the 
experimental setup is shown in Fig. 1. 

Using a 2mW He/Ne laser as the red source (Hughes 
3202H-PC), a 0.5 mW He/Ne laser (MeUes Griot 05 LPL 
344-1) as the green source and a 2roW semiconductor 
laser diode (Sharp LT0 22 MC) as the near infra-red 

I laser source 

Fig. 1 
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source, light from each of the three lasers was alternately 
directed on the surface of the rigidly supported polythene 
tube via the afferent optical fibre in the beam delivery 
probe ( lmm diameter plastic stepped-index type). The 
weak back-scattered laser light from the tube (containing 
both the frequency shifted and unshifted light) was col- 
lected by two efferent fibres within the probe. Photo- 
detection was performed by a pair of sensitive silicon 
photodiodes (BPX 65) to reduce common mode noise 
signals (such as 50 Hz harmonics). The AC component of 
the photocurrent from the output of the photodiodes, con- 
taining the beat frequency Doppler signals, was then 
bandpass amplified (1 Hz-500Hz) using a seventh-order 
cutoff filter. 

Spectral analysis of the photocurrent signal was per- 
formed using a digital waveform analyser (DATA 6000, 
Data Precision). To obtain a reasonable signal-to-noise 
ratio (S/N) on the digitally processed photocurrent power 
spectra, averaging techniques were implemented in the fre- 
quency domain. Photocurrent power spectra were deter- 
mined from the average of 25 512-point fast Fourier 
transforms (FFTs) at a sampling rate of 1 kHz. The total 
time interval required to obtain each averaged photo- 
current spectrum was 30 s. Prior to recording spectra for 
the more powerful red and infra-red lasers, the output 
from each of these lasers was matched (as indicated by the 
DC response of the detector to the intensity of light reflec- 
ted off the model) to that obtained from the (less powerful) 
green laser. Power spectra recorded on the digital wave- 
form analyser were then saved on disk for further pro- 
cessing and analysis. 

Having obtained photocurrent power spectra over a 
range of flow conditions for each laser, a flow index was 
computed following the technique employed by DUTEIL et 
al. (1985). Using a curve-fitting routine, a characteristic 
Doppler shift frequency (or flow parameter) was obtained 
by fitting the photocurrent power spectra to a single Lor- 
entzian function of the form; 

(vd) 
P(v) = A1 (va)  1 + v2 + A2 (1) 

where (va),  the mean shift or flow parameter, is the half- 
width at half-maximum (HWHM). A x is a quantity related 
to the number of scatterers in the small measuring volume 
under examination and A 2 is a constant related to detector 
and amplifier noise. 

2.2 In vivo measurements 

These measurements were concerned with obtaining 
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power spectra of the low-frequency photocurrents which 
result from the photodetection of back-scattered laser light 
from the skin. Using the same optical and signal pro- 
cessing arrangement described above, light from each of 
the three lasers was alternately directed on to the surface 
of the skin. This  was achieved by resting the hand in a 
specially constructed polyurethane mould (to minimise 
spurious movements) and then positioning the optic fibre 
probe to a constant measurement site on the forefinger. 

Measurements of cutaneous blood flow were obtained 
over a range of skin surface temperatures for all three 
lasers. By switching the outputs from the three lasers into 
the optical-fibre beam delivery system, photocurrent beat 
frequency power spectra could be recorded for each skin 
blood flow situation. The time interval between taking 
consecutive measurements with the three laser systems was 
approximately 10 s. Recordings of skin surface temperature 
near the laser Doppler measurement site were obtained 
using a digital thermometer (Model 49TA, Yellow Springs 
Instrument Co. Inc.). 

3 Results and discussion 

1(? 

i 
infra-red 

i 

0 i . . . . . . . .  , , ~ , 

0 250 500 
frequency. Hz 

Fig. 2 Lorentzian fits to averaged photocurrent power spectra 
recorded at the three different wavelengths for the Brown- 
ian motion of RBCs in the physical model. The results are 
for fresh heparinised rat blood diluted with saline solution 
(concentration = 0.1 per cent volume fraction) 

10 

~ infra-red 

0 . . . . . . . . . . . . . . . . . . . .  ' . . . . . . . . . . . . .  ' . . . . . . . . . .  

o 500 lOOO 
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Fig. 3 Lorentzian fits to averaged photocurrent spectra recorded 
at the three different wavelengths for blood flow in the 
physical model (v = 2.5 mm s- 1). The results are for fresh 
heparinised rat blood diluted with saline solution 
(concentration = 0"1 per cent volume fraction) 

both latex spheres and blood can be seen in Table 1. 
Applying the same technique to flows of latex spheres 

and blood through the physical model (v ~- 2.5 mm s-1) we 
found that although the wavelength ratios obtained with 
latex spheres were in agreement with eqn. 2, the ratios 
computed for blood flow containing the green mean shift 
term (Vd)g were much smaller than expected (Fig. 3 and 
Table 2). This seems to suggest a reduced penetrability of 
the green laser light in blood, in which most of the 
Doppler frequency shifting appears to be from the slower 
moving RBCs travelling on the outside of the flow (i.e. 
nearer the tube wall), thereby resulting in proportionally 

3.1 In vitro results 

Initially, in vitro flow measurements were obtained 
under conditions of zero flow for both latex spheres 
(diameter = 9.2 #m) and then fresh heparinised rat blood 
(concentration -- 0.1 per cent volume fraction, diluted with 
physiological saline solution). Under no-flow conditions 
the Doppler frequency shifts in the power spectra arise 
only from the movement of particles (either latex spheres 
or RBC) under Brownian motion. The peak shapes of 
these spectra represent Lorentzians centred on the mean 
Doppler shift (Vd), which correspond to the mean velo- 
cities of the scatterers in the tube (Fig. 2). The frequency 
difference between the three curves in Fig. 2 is due to the 
wavelength dependence of the Doppler shift itself which, 
for a given particle velocity, is inversely proportional to 
the wavelength. Fitting eqn. 1 using a curve-fitting routine 
on a microprocessor we found that the equalities 

8r_0 = vg 2 r - -  2 - -  

v r 2g 

(~ir-g = V...gg __ 2jr 
vir 2g 

Vr "~ir 

~ ir /~r 

were satisfied to a good approximation for both latex 
spheres and blood under Brownian motion. Actual and 
theoretical ra t ios  obtained at the three wavelengths for 

Table 1 Mean shifts and ratios obtained for the Brownian motion of latex spheres and blood in the 
physical model 

Mean (Vd) +__ SD, (Vd) + SD, Ratio, Ratio + SD, Ratio _ SD, 
shift latex blood Ratio theoretical latex blood 

(va)g 66.8 3"8 20.2 2.6 (va)J(va) , 1.17 1.1 0.1 1.4 0.4 
(va) , 58"8 2'9 14.3 0.9 (va)J(va)i, 1-44 1.4 0-1 1"7 0.4 
(va)ir 48"4 3"2 11"8 0"4 (va),/(va)ir 1.23 1"2 0.1 1.2 0"1 

Table 2 Mean shifts and ratios obtained for flows of latex spheres and blood through the physical model 
(v = 2.5mms - l )  

Mean (va) +_ SD, (va) + SD, Ratio, Ratio _+ SD, Ratio + SD, 
shift latex blood Ratio theoretical latex blood 

(va)o 311 14 203 52 (va)J(va),  1.17 1'1 0"1 0"4 0"1 
(va) , 278 19 461 41 (va)J(Va)i, 1'44 1-2 0"2 0'5 0.1 
(va)i, 255 14 412 19 (vd),/(va)i, 1"23 1"1 0"1 l ' l  0"1 
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smaller values for (va>o. The reduced penetration depth of 
green light is consistent with our own spectrophotometric 
data which estimate that the absorptivity due to blood- 
borne pigmentation (e.g. haemoglobin and oxy- 
haemoglobin) increases by almost 40 per cent from red 
(2 = 600 nm) to green (2 = 543 nm). Under zero-flow con- 
ditions in blood, reduced penetrability effects could not be 
expected to be observed for the green laser, as, under RBC 
Brownian motion, a homogeneous distribution of velo- 
cities exists right across the tube. In this situation, each 
laser system will 'see' the same velocity profile regardless of 
the absorptivity of the blood (the relative magnitude of the 
spectra, however, will be affected). For  flows of latex 
spheres, all the values of (va) are in accordance with the 
theoretically derived figures (Table 2). This is because 
absorption losses in the latex spheres suspension are small 
compared with the blood solutions--any reduced penetra- 
bility will therefore equally affect all three laser systems. 

3.2 In vivo results 

Low-frequency photodetector power spectra covering 
the range 1-500 Hz were recorded for green, red and infra- 
red laser light scattered from the forefingers of three 
healthy Caucasian adult male subjects. By collecting the 
back-scattered light from a static surface reflector, baseline 
noise spectra were also obtained. In all three types of mea- 
surements the detected laser power, as indicated by the DC 
output voltage of the photodiode, was the same. The mea- 
surements were repeated several times for each wavelength 
to check the reproducibility of the method. Fig. 4 shows 
the typical photocurrent power spectra obtained using 
each laser from the same measurement site on the fore- 
finger. Apart from the baseline noise signals (which were of 
equal magnitude) the spectra have very different character- 
istics. In Table 3, the ratios of the mean frequency shifts 

O_ 

Fig. 4 

10 

~l/green -I ' k " ~  / red 
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o o 500 frequency. Hz 
Photocurrent power spectra obtained from the forefinger 
for all three laser systems in the range 0-500 Hz. For each 
recording, the laser output was adjusted to give the same 
reflected light intensity from the skin (as indicated by the 
DC response of the photodiode). The skin surface tem- 
perature in each case was maintained at 27"3~ 

(Vd) have been calculated for each wavelength over a 
range of skin surface temperatures. The mean frequency 
shift ratios clearly show the detection of skin blood flow 
using the red and near-infra-red lasers consistently pro- 
duces the broadest power spectra. This is in sharp contrast 
with the relatively narrow range of Doppler frequency 
shifts obtained with the green He/rNe laser. 

The power spectra obtained with the near-infra-red laser 
(780 nm) and red laser (633 nm) depict a situation in which 
the relatively high Doppler frequency shifts can be attrib- 
uted to a combination of multiple scattering (produced by 
successive Doppler shifts occurring in high RBC concen- 
tration environments) and/or to a significant proportion of 
RBCs moving at high velocities. With the green laser 
(543 nm), however, there is a significant absence of high- 
frequency contributions in the photocurrent spectrum. 
This suggests that the effect of multiple scattering is negli- 
gible and/or that the numbers of RBCs moving at high 
mean velocities are smaller. On this basis, the character- 
istics of the photocurrent power spectra recorded with the 
green laser, are consistent with a response solely limited to 
RBC activity in the capillary beds and upper papillary 
plexus. The frequency difference between the near-infra-red 
and red spectra shown in Fig. 4 and the ratios of the 
calculated mean shifts shown in Table 3 are due to the 
wavelength dependence of the Doppler shift itself. 

4 C o n c l u s i o n  
A comparison of the photocurrent spectral response of 

the three laser systems for both in vivo and in vitro blood 
flow situations shows the significantly reduced response of 
green laser light to blood flow. The characteristics of the 
photocurrent spectra obtained using the green laser are 
consistent with a response limited to blood flow in the 
capillary beds and the upper papillary-plexus, where the 
concentration and mean velocity of moving RBCs is small. 
Our  in vitro measurements support the fact that the 
reduced penetrability of green light in skin tissue can be 
partially attributed to absorption by pigments in the blood 
itself, although increased scattering from structures within 
the dermis could be the more dominant mechanism. For  
the in vivo measurements, the ratio of the mean frequency 
shift obtained for the infra-red source to that of the red 
source was approximately equal to the ratio of the optical 
frequencies. This suggests that the collected light for both 
sources is coming from approximately the same volume of 
tissue, even though the near-infra-red light possibly pene- 
trates more deeply. 

There are practical difficulties associated with using the 
green He/Ne laser for depth discrimination studies because 
of its low power (manifested in reduced reflection and net 
back-scatter from the skin), which makes detection and 
subsequent electronic processing of the Doppler signals 
difficult. It was, however, found to be stable and low noise, 
avoiding the need for a costly optical feedback stabilisa- 
tion system, and represents an attractive, low-cost alterna- 
tive to an argon-ion laser. 

Table 3 In vivo measurements of  mean frequency shifts and ratios obtained from a constant measurement site on the forefinger. The results 
shown were obtained from the same subject over a range of skin surface temperatures. Three sets of  measurements were taken for each laser 
system at each skin surface temperature indicated 

Mean shifts Ratios of mean frequency shifts 

(va) + SD, (va) + SD, (va) + SD, Ratio, Ratio + SD, Ratio + SD, Ratio + SD, 
Laser t = 29~ t = 32~ t = 33~ Ratio theoretical t = 29~ t = 32~ t = 33~ 

Green 27.3 3.1 57-6 9-2 59-4 9.2 (Va)o/(va> , 1"17 0"69 0"68 0"77 0"17 0"90 0-13 
Red 39"6 0.2 74.5 11.1 66-3 1-1 (va)o/(va)i, 1-44 0'83 0-09 0-98 0"16 0'95 0"18 
Infra-red 33-6 0-4 58.7 2.6 62-7 7-9 (va),/(va)~, 1-23 1'18 0"01 1-27 0"20 1'06 0"13 
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Variables 

A area 
P pressure (force/area) 
V volume 
Z airway resistance function 
o" stress (force/area) 
~b area ratio, aJa ,c  
p density 
X~ distance of structure i 
AX i displacement from operating point of structure i 

Parameters  
K l i  , K2i , K3i , K4i empirical constants of pressure/ 

displacement relationship of structure 

Subscripts 
a alveolar 
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ab abdominal 
ao airway opening 
aw airway 
di diaphragm 
It lung 
rc ribcage 
rl lung apposed ribcage 

1 In t roduct ion 
MECHANICAL VENTILATION of the lungs is intended to 
assure adequate gas exchange with minimal side effects on 
other physiological functions. Clinically, an empirical 
approach is taken in the application of mechanical venti- 
lation. With this approach, therapy often fails to restore 
normal pulmonary function and may have deleterious side 
effects especially in the presence of severe pulmonary dys- 
function (e.g. patients with pulmonary failure). Rational 
application of therapies requires an understanding of the 
physiological effects of different ventilatory patterns. As an 
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alternative to an empirical approach, one can use informa- 
tion from simulation studies with a suitable mathematical 
model of the respiratory system. 

Previous studies have examined such variables as the 
shape of the respiratory waveform (ADAMS et al., 1970; 
BERGMAN, 1967; 1969; DAMMAN et al., 1978), inspiratory- 
to-expiratory ratio (SYKES and LUMLEY, 1969; LUMLEY et 
al., 1969), inspiratory flow rate (OWEN-THOMAS et al., 1968; 
FAIRLY and BLENKARN, 1966; BARBINI, 1982) and airway- 
opening pressure (BERGMAN, 1984; 1963; BOROS, 1979) 
using pneumatic lung analogues (BARBINI, 1982; BERGMAN, 
1984; CAMPBELL and BROWN, 1963; RATTENBORG and 
HOLADAY, 1966; JANSSON and JONSON, 1972) and artifi- 
cially ventilated adults with some type of pulmonary 
disease (DAMMAN et al., 1978; BARBINI, 1982). The results 
of these studies have been inconclusive in several ways. 
Although circulatory and respiratory changes were found 
as a consequence of altering inspiratory waveforms, no 
physiological interpretation can be drawn because of 
inadequacies of the underlying models. Furthermore, the 
extent of side effects of positive-pressure ventilation cannot 
be quantified in relation to a specific mode of ventilation. 
Thus, no clinical recommendations can be drawn from 
these investigations. 

Generally speaking, in the process of applying positive 
airway pressure to increase the lung volume and improve 
ventilation, the pressure produced across the lungs and in 
the chest cavity can lead to barotrauma and depressed 
cardiovascular function. As a consequence of an increased 
intrathoracic pressure 

(a) the reflex activation of baroreceptors causes increased 
secretion of antidiuretic hormone and changes in car- 
diovascular reactivity (HEMMER et al., 1980; VIQUERAT 
et al., 1983) 

(b) increased impedance to the venous return produces a 
decrease in cardiac filling (QvIsT et al., 1975; LUCE, 
1984) 

(c) all cavities of the heart are compressed and ventricular 
volumes are decreased (VIQUERAT et al., 1983; CASSIDY 
and RAMANATHAN, 1984). 

The pressure transmitted to the mediastinum by artificial 
ventilation reduces cardiac output and results in hypo- 
perfusion of the peripheral organs. The decreased per- 
fusion pressure of these organs (i.e. the difference between 
the mean arterial and venous pressure) can impair cere- 
bral, renal and hepatic function (HALL et al., 1974; 
JOHNSON et al., 1977). 

In this study, we will provide a quantitative analysis of 
the respiratory pressures produced by various inspiratory 
waveforms in normal and pathological conditions. The 
basis for this is a detailed mathematical model of chest 
wall mechanics that describes the dynamic, nonlinear 
mechanics of the ventilatory system in terms of the major 
mechanical elements: ribcage, abdomen, diaphragm and 
lung (BEN-HAIM and SAIDEL, 1987). Consequently, the 
model can predict pressures in the lung and chest cavity 
from which we can assess the pulmonary and cardio- 
vascular side-effects. Using input waveforms corresponding 
to volume-driven and pressure-driven mechanical venti- 
lation, we shall simulate the pressures produced in subjects 
with normal and diseased lungs. 

2 Passive chest wal l  model 
The chest wall is formed by fixed and mobile parts. The 

fixed parts consist of the vertebral column, clavicle and the 
pelvis. The ribcage and the abdominal wall form the 
movable parts of the chest wall. The diaphragm separates 
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the pleural and abdominal cavities. The mobile surfaces of 
the pleural cavity consist of the lung-apposed portions of 
the ribcage and the diaphragm. The abdominal cavity has 
the following mobile surfaces: 

(a) lung-apposed portion of the diaphragm 
(b) zone of apposition, which consists of the ribcage- 

apposed portion of the diaphragm (MEAD and LORING, 
1982) 

(c) ventral abdominal wall not tented by the ribcage. 

Our model incorporates these basic features of a chest wall 
structure as shown in Fig. 1. The chest wall is divided into 
ribcage, diaphragm and abdominal compartments. We 
lump all movable parts of the ribcage and the abdominal 
wall into a membrane attached to a fixed skeleton. 
Forming the ribcage membrane (RC), are the lung- 
apposed ribcage and the diaphragm-apposed ribcage 
membranes. The ventral abdominal wall caudal to dia- 
phragm insertions (AB) forms a second external chest wall 
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Fig. 1 Model representation of chest wall structure 

membrane. The diaphragm (DI), which separates the 
pleural space from the abdominal cavity, is conceptualised 
to move in the direction parallel to the chest wall surface. 
In contrast the chest wall membranes RC and AB, are 
conceptualised to move perpendicular to the  chest wall 
surface. The projected surface areas of the rib cage A,c and 
of the abdominal cavity Aab are constant, but the projected 
area of the lung-apposed ribcage Art is dependent on the 
diaphragm position. 

As lateral chest wall movement is negligible, a change in 
the area ratio of the lung apposed rib-cage in the 
diaphragm-apposed ribcage, tk = A,JArc ,  is proportional 
to the displacement of the diaphragm from its insertions. 
For standing adults we can consider the chest wall to be 
stiff so that the lung-apposed ribcage and the diaphragm- 
apposed ribcage are moving together with no relative dis- 
placement (GOLDMAN and MEAD, 1973). In this case the 
two external displacements are the changes in ribcage A-P 
distance Xrc, and the abdominal wall A-P distance X~b. 

The chest model described here is a special case of a 
general model of chest wall mechanics developed by us 
(BEN-HAIM and SAIDEL, 1987). The volume of the lung is 
the volume of the pleural cavity that it fills: 

V, = ~Ar~ X,c (1) 

Because the abdominal contents are essentially incom- 
pressible, any inward displacements of the surrounding 
container must equal outward displacements elsewhere: 

A[Xab A:b ] -- A[(1 -- qb)(X,c a,:)] = 0 (2) 
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2.1 Mass balance 
The gas contained within the lung is compressed by the 

alveolar pressure Pa" A mass balance equation for the gas 
moving in the airways is 

dpz Vt 
= Pao Qao (3) 

dt 

where pj and PaD are the densities of the gas in the lung and 
at the airway opening. From the ideal gas law, we obtain 

P 
P - R T / M  ( 4 )  

where M is the molecular weight of gas, R is the ideal gas 
constant and T is the absolute temperature. Substituting 
eqn. 4 into eqn. 3 and neglecting the small changes of 
R T / M ,  we obtain 

d( P . Vt) 
dt - -  Qao Pao (5) 

After expanding the derivative and rearranging eqn. 5 we 
find that 

1 [  de a dgl7 
Q"~ o Vl - -~  - + Pa dt d ( 6 )  

2.2 Mechanical balances 
We can express the difference between the alveolar pres- 

sure and the pressure in the airway opening in terms of an 
airway resistance function: 

PaD -- Pa -- Za~(Qao) = 0 (7) 

where Za~ is an airway resistance function. 
The alveolar pressure P, acts on the internal side of the 

alveoli whereas the pleural pressure Ppj acts on the pleural 
surface of the lungs. 

Therefore, the pressure balance for the lung tissue is 

Pa -- PpJ - tht(Vt) = 0 (8) 

Opposing the action of the pleural pressure Ppj and the 
abdominal pressure Pa~ is the passive stress a,c(X,c ). There- 
fore, the pressure balance for the ribcage is 

~Ppl "F" (1 - # P ) P a b  - -  a , c ( X , , )  = 0 (9) 

where we have assumed that the interaction stress b e t w e e n  
the ribcage and the abdomen can be neglected (BEN-HAIM 
and SAIDEL, 1987). Similarly, the pressure balance for the 
abdominal wall is 

Pab - -  trab(Xab) = 0 (10) 

and for the diaphragm is 

P,b -- PpJ -- adi(~b) = 0 (11) 

2.3 Constitutive relationships 
We used the Roher equation for approximation of 

airway resistance function: 

K * Zaw= K~.wQ,o + 2.wiQaolQao (12) 

where Klaw, K2a w are chosen empirically to fit the data 
from the literature (ROrmR, 1915; RAnN et al., 1946). 

A hyperbolic relationship is assumed between the stress 
and displacement; a linear relationship is assumed between 
the stress and the velocity; and the inertial stresses were 
neglected for each membrane (BEN-HAIM and SAIDEL, 
1987): 
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dXj 
aj(X;) = KI;  sinh K2j(AX ) d- K3j ~ q- K4j (13) 

where Xj represents X,c, Xob, 0 and Vt. The stress aj(Xj) 
represents arc, adj, aab and ojt. The parameters g l j  , K2j , 
K3j and K4j define the shape of the relationship. 

3 Simulat ion studies 
The variables of the chest wall model comprising eqns. 1 

and 2 and 6-11 are the pressures PaD, Pa, Pp' and Pab, the 
A-P distances X,c and Xab, the area ratio tp and the lung 
volume Vz and its time derivative Qao. 

The model parameter values listed in Table 1 were 
chosen to match the normal, human experimental d a t a  
(BEN-HAIM and SAIDEL, 1987; MEAD and LORING, 1982; 

Table 1 Parameter values 

Parameter rc ab di It aw 

K1 5.1 1.2 100-0 0.5 (0.3) [0-7] 1-6 
K z 1.0 1-0 1.0 1-0 (0.6) [1.4] 1.2 
K 3 20"0 4"0 200-0 4"0 - 
K 4 0"0 1-0 6'0 0"0 - 

( ): emphysematous; [ ]:restrictive 
Area values: Arc = 0"4; A,b = 0"8 

GOLDMAN and MEAD, 1973; RAHN et el., 1946). The 
parameter values for lung tissue (KHt, KE,t) were increased 
or decreased by 40 per cent to simulate an expected 
emphysematous and restrictive lung behaviour. Altering 
the parameter values in this way simulates lung tissue 
pathologies specifically, i.e. restrictive and emphysematous 
conditions were modelled by high and low lung compli- 
ance, respectively, but airway resistance was unaltered. 

We simulated the effects of mechanical ventilation with 
positive pressure inspiration and passive expiration 
assuming no active forces. For simulating pressure venti- 
lators, PaD(t) is the specified input waveform during inspira- 
tion. For simulating volume ventilators, Qaa(t) is the 
specified input waveform during inspiration. These input 
waveforms (Fig. 2) are the sinusoids, square, ascending 
ramp, descending ramp and triangle. We adjusted the 
amplitude of each inspiratory wave so that the cycle tidal 
volume was 1.0 litre. The period of each cycle was 6 s in all 
simulations, of which half was used for passive expiration. 
This provides a common basis for comparison. 

For all simulations, we solved the system of eqns. 1, 
6-11 by using sixth-order Runga-Kutta algorithm. Given 
arbitrary initial values, the solution was continued until a 
steady state was achieved. These solutions were indepen- 
dent of the initial values. 

Because the pleural pressure is acting on the cardio- 
vascular system, we measured the inspiratory cycle integral 
of the pleural pressure: 

PCI = ~ Ppt dt (14) 

This integral conveys information about positive pressures 
induced by artificial ventilation, which would be expected 
to produce cardiovascular side effects. With respect to pul- 
monary side effects, especially barotrauma, peak airway 
and alveolar pressures were considered as predictors. 

/q 
sinusoidal square ascending descending triangular 

a b c d e 

Fig. 2 Waveforms used in the simulation studies: (a) sinusoidal, 
(b) square, (c) ascending ramp, (d) descending ramp, (e) 
triangular waveform 
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4 R e s u l t s  

4.1 Pressure ventilator 

To achieve the required ventilation pattern, the 
pressure-driven ventilation was simulated with a Pao 
ranging between 20 and 60cm of H20 for normal lungs 
depending on the waveform used. Fig. 3 displays the peak 

r 
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 :30 
5 

diseose 
res t r i c t i ve  normol emphysemotous 

Fig. 3 Pressure ventilator: peak airway opening pressure cm 
H 20. W aveforms : 1: sinusoid ; 2: square; 3: ascending; 4: 
descending; 5: triangular 

airway pressure induced by the pressure ventilator for 
normal, restrictive and emphysematous lungs. The 
minimal peak airway pressure was achieved using a square 
waveform regardless of the lung condition. The peak 
airway pressure of the restrictive lung model was higher 
than those of the emphysematous and normal lung 
models. 

Fig. 4 shows the peak pleural pressure (PPP) above the 
resting pleural pressure. For normal or restrictive lung 
models we find a minimum PPP with a sinusoid and 
maximum PPP with the descending ramp. The minimum 
PPP for the emphysematous lung occurred with the 
square waveform, but the PPP of the sinusoid was just a 
little larger. The maximum PPP was achieved using a 
descending ramp. 
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restrictive normol emphysemotous 

Fig. 4 Pressure ventilator: peak pleural pressure, cm H20. Wave- 
forms: 1: sinusoid; 2: square; 3: ascending; 4: descend- 
ing; 5: triangular 

The inspiratory pleural pressure cycle integral (PCI) was 
lower with the restrictive lung model than with the normal 
or emphysematous lung regardless of the waveform used 
(Fig. 5). For normal, restrictive and emphysematous lungs 
the PCI index was the lowest with the ascending ramp, but 
the sinusoidal waveform was almost as low. The key 
results are summarised in Table 2. 
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Fig. 5 Pressure ventilator: inspiratory pleural pressure positive 
cycle integral, 100 cm H20 s. Waveforms: 1: sinusoid; 2: 
square; 3: ascending; 4: descending; 5: triangular 

4.2 Volume ventilator 

Volume-driven ventilation was simulated with an input 
Qao whose peak value varied between 12 and 301min -1 
among the different waveforms. Fig. 6 displays the peak 
airway flow (PAF) produced by these waveforms. For 
normal, restrictive and emphysematous lung models, the 
minimum PAF was achieved using a square waveform. 
Maximum peak airway pressure (PAP) occurred with 
application of an ascending ramp, with the descending 
ramp causing the lowest PAP (Fig. 7) although the square 
waveform was almost as low. For all lung models the PPP 
is a minimum with the descending ramp and maximum 
with the ascending ramp (Fig. 8). Generally, PPP was 
higher for the emphysematous model than for the normal 
and restrictive models of the lung. 
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Volume ventilator: peak airway opening flow, 10 ml s- 1. 
Waveform: 1: sinusoid; 2: square; 3: ascending; 4: 
descending; 5: triangular 
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7 Volume ventilator: peak airway opening pressure, cm H20. 
Waveforms: 1: sinusoid; 2: square; 3: ascending; 4: 
descending; 5: triangular 

Table 2 Pressure ventilator 

Lung model 

Parameter Value Emphysematous Normal Restrictive 

Peak airway minimum square square square 
pressure m a x i m u m  descend ing  descending descending 

Positive pleural minimum a s c e n d i n g  a s c e n d i n g  ascending 
pressure integral maximum square square square 
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Table 3 Volume ventilator 

Lung model 

Parameter Value Emphysematous Normal Restrictive 

Peak airway minimum descending descending descending 
pressure maximum ascending ascending ascending 

Positive pleural minimum ascending ascending ascending 
pressure integral maximum descending descending descending 
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Fig. 8 Volume ventilator: peak pleural pressure, cm H20. Wave- 
forms: 1: sinusoid; 2: square; 3: ascending; 4: descend- 
ing; 5: triangular 

The inspiratory pleural pressure cycle integral (PCI) was 
lower for the restrictive lung model than for the normal or 
the emphysematous models regardless of the waveform 
used (Fig. 9). For  all lung models the minimum PCI was 
found using the ascending ramp and maximum PCI values 
were found using the descending ramp. The key results are 
summarised in Table 3. 
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Fig. 9 Volume ventilator: inspiratory pleural pressure positive 
cycle integral, 100cm H20 s. Waveforms: 1: sinusoid; 2: 
square; 3: ascending; 4: descending; 5: triangular 

5 D i s c u s s i o n  
Our mathematical model of lung and chest wall 

dynamics simulates the intrathoracic pressures generated 
by mechanically assisted ventilation. This provides a quan- 
titative basis for choosing ventilation patterns that mini- 
raise cardiopulmonary side effects. In our simulation 
studies we compared ventilatory patterns having the same 
tidal volume and rate. Theoretically, cardiovascular side 
effects could be avoided if pleural pressure did not become 
greater than its normal end-expiratory value. Because arti- 
ficial ventilation applied at the airway opening cannot 
satisfy this requirement, we searched for an optimal wave- 
form that minimises the inspiratory pleural pressure cycle 
integral (PCI). The likelihood of mechanically hazardous 
barotrauma can be minimised by preventing abnormally 
high values of the intrapulmonary pressures. Clinically 
applicable indices correlated with the likelihood of a baro- 
trauma are the peak airway pressure (PAP) and flow 
(PAF). Thus, an optimal ventilator setting is one that 
supplies adequate ventilation at the lowest values of PCI, 
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PAP and PAF. Using these indices, we compared simula- 
tions with five different waveforms of pressure- and 
volume-driven ventilators. 

The ascending ramp, whether used with a pressure or a 
volume ventilator, produces the lowest PCI regardless of 
the lung model pathology. In contrast, for a volume venti- 
lator, PAP is maximum for the ascending ramp. For the 
pressure ventilator, the minimum PAP was achieved with 
the square waveform. Therefore none of the waveforms 
examined here can simultaneously result in the lowest 
values of both PCI and PAP. Nevertheless, clinicians com- 
monly try to minimise PAP while maintaining adequate 
ventilation. This strategy, however, may lead to a high PCI 
and cardiovascular side effects. With t h e  availability of 
pleural pressure data, the clinical strategy should be 
altered. 

To decide which waveform is most appropriate in clini- 
cal practice, we have to take into consideration the relative 
importance of the circulatory and respiratory side effects. 
For  example, in a patient with an unstable haemodynamic 
state, the ascending wave will be preferable; however, in a 
patient having bulous emphysema, the square wave with a 
pressure ventilator or a descending ramp with a volume 
ventilator will be preferable. 

In summary, choosing a ventilatory mode (i.e. the type 
of ventilator and the mechanical input function it delivers), 
requires consideration of the cardiopulmonary side effects. 
Using measurements of pleural and airway pressures, one 
can obtain quantitative indices that can serve as a guide 
for optimising the mechanical ventilation. Further theo- 
retical a n d  clinical studies are needed to build up an algo- 
rithm for attaining the optimal mode of ventilation of a 
specific patient. 
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