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1o Iestyoduction

[ & compubted tomoavaphy (0T) scannev.a ramber of  profiles of
fnarrow-beam tramsmission are  made at different . orientations
arcantd & subject. From these measurements a reconstruction of 2
croses section 18 created.

Ll A beam  of  monoensragetic X o Qamma—rays CIrosges 2
sample.like 10 tcmographic measwrements,part of the radiation i1s
absorbed by the sample,ps-t 15 diffused (elastically e

ineslastically) and part i1s transmitted (Figure 1).

The study of the scattered or of the transmitted radiation allows
t deduce 1nformation G the compositicon of the crossed
calume,and particaulacly of the phyvsical density,the electron den-
=1ty and «f the mean atomic nunber distribution respectively.
The transmission  tomography 15 based on the study of the
radiation transmitted through a sample,and cother form ot
tomographic images are based on the study of the scattered
radiation (Compton and Rayvlieigh tomography) o of the XRF
radiation amnitted by the bradiated sample v lume ( XRF~
tomography) .

A detailed study of the intersction mechanism between radiation
arid matter 18 therefore important for understanding the physical
basis of &1l kind of tomogrephic images obtained by using X o
gamma ray s ces.

Since the fundamental measuwrement on which a computed tomogi-aphy
is based 1z a measurement of narrow—-beam X-ray attenuation
profiles,it i1z impoirtant to commect the quantitative values from
Cli-scaners with the average total linear attenuation
coefficient.

In Section 2 1s discussed the main mathematical-physical problem
af CT image:tc use the knowledge of the attenuwation cocefficient
sums denived fiom X-ray intensity measuwwements made at  all thes
various irradiation dirvectionse te calculate the attenuvation
coetfficient of each individual voxel that is part of the CT
1mage .

Fho tons interacticon with matter (photoelectric effect,Compton
effect.elastic s=cattering and pair production),mass and linear
attemuation coefficients and 1ts correlation with density and
atomic number of the abscrbing matter are described in Section 3.
In Section 4 is described the characterisation of human tissues
and organs tfor X=ray imaging,described by its M A
compesition.density,électron density and attenuation coefficients.
A shovt history of X—-ray tomography and its mathematical basis is
presented 10 Secticn 3. A qualitative description of mathematical
reconstruction methods 1 given in Section 6, and a description
of the main components of a CT-scamer (souwrces,detectors.mecha-
nics,.computers and so on) 1s given in Section /.

The various gengrations of medical CT-scarmers are described in
Section ®, and the CT-escammers for industrial applications are
desoraibed 1n Section 9.




The significant parameters which determine the qgquality of a (-
image (resclution,artitacts,stetictics and so on) are descryibed
in Section 10, and in Section 11 are shown several recent imaging
techniques besed on  the sanalvysis of scattered or  fluorescent
radiation.

2. The prablem

In computed tomoaraphy,X or gamma rays from a finely collimated
source are directed at a slice of the object or patient from
variety of directions. :
The basic problem in computed tomography 1s to determine what the?
attenuaticon characteristics are fovr each small volume of object
¢y tissue 1n the patient slice which would cause the transmitted
radiatien intensity to be what i1s recorded for all the varicus
ivvadiations directions (Fiqure 2).1t is these calculated tissue
attenuation,defined with the s called "attenuaticen coefficient'
that actually characterizes the Cl-imaaes.

For a monochromatic X or gamma ray beamy,the tissue attenuation
characteristics can be described by {(for mooe details see Secticn

3

N-.-:N,G-r.x (1)

where Ng is the incident intensity and N the transmitted,
intensity through a thickness x of object or tissue with a
characteristic attenuation coefficient . If a slab of

heterocgenecus matervial is i1rradiated and we divide up the slab.
inte volume elements,or voxels,then let us assume each voxel has,
its own attenuation ceoefficient «where the subscript stands,
for the j—th voxel,as indicated in Figure 2.

The radiation incident on the first voxel of width .A » s atte-
neated according teo Eg.(1) by & factor cnp-[p.ln) - The transmitted
radiation from the first voxel Ny then becomes the i1ncident
radiation to the second voxel Ny ,which further reduces the
intensity of the beam by an attenuation factor ewpe(f.dx) .Each
successive j-th voxel traversed attenuates the beam further by,
its characteristic attenuation fac:tc-r&xp-[}‘:‘u} wntil the final:
beam transmitted from the patient 1is measured by external.
detectors. The arithmetic sum,}arﬁy of the attenuaticn
coefficients My of all j voxels of width Ax traversed by a
agiven beam of photons is directly related ~to- the ratic of
transmitted and incident intensities N, /N: R :

%’:""‘P 'CZ;I‘I)A"] (@)




By rewriting Eaq.(2) in a sliaghtlv different torm:

T alon)

i1t can be seen that the sum of the voxel attenuation coefficients
forr each X-ray beam direction can be determined from the
experimentally measured beam intensities for & given voxel
wicdth. It is the goal in computed tomoagraphy to use the kncwledae
of the attenuation coefficient sums derived from X-ray intensity
meastrements made at all the varicus ivradiation directions to
calerulate the attenuation coefficients of each individual voxel
that is part of the C7 image.

3. X and gamma ray attenuation in matter

Althouah a larae number of possible interaction mechanisms are
known, when moncenergetic X or gamma—-rays ave attenuated in
matter, only four major effects are important: photeelectyic
effect,inelastic cr Compton effect, elastic or Kayleiagh
scattering and pair production (with a threshold eneray of logg
keV).

3a. Photoelectric effect .
The photoelectric effect 1s a two step event in which an electron

frem a inner atomic shell (K,L.M...) is removed by an incident
photon and subsequently an X-ray oy an Auger electron are
emitted (depending on the flucrescence vield){(Figure 3):

From the conservation of the energy:

Ep = EB + Ek", (4)

in whiche
Ep represents the energy of the incident photong

Ep represents the binding energy of the electron and
E et represents the kinetic energy of the ejected electron.

Photoelectric interacticons usually cccur with electrons that are
firmly beund to the atom,that is,those with a relatively high
binding energy. Photoelectric interactions are mest probable when
the photon energy is only slightly more than the bindina
enerqgy.The probability then decreases approyimately as E «This
enerqy dependence has important coensequences when one wishes to
analyze a wide range of elements using a.single energy photon

ecurce.After the electron is eijected,the irradiated atom will
emit X rays resulting from the decay of the excited states. Each

element emit a characteristic set of X-ravys.

A sample contatniag




=R slemssths vy bt exip ) b HETRES FE AR ot characteoriat o

@Y O e, and tie "effrorenoe of this procesel.called A=y
Flugrascenoe.ls related bto the engrg. of rocident radietion

boo the edges  of the glementes irradiated  angd Lo bel

u

phobtooles b

ERNE:
Flr -
Aoy Flucrescence analysis (1) .Eack element deexcites  with e i
ik g K Koravs that are 10 a2 Freed  rokesiosl by
rave result from the transition of an electvron from the
Looba thie b oshell; d  vave sesultb from the transibtion foom the
Loo the 1 shell. In a similar manney , when an electron of the -
zhell s removed,the atom deexcited by emitting L slopg =ad L Ko
s o ﬁ x
FaVE.

mE bhe ewxciting radiabtion e@asray 18 varied  we pass bheouoh
Jumpg  in the probability of photoelectric eftect, known &
abecrption  edaes. These absorption edaes resulbt from electron b
dirfferant arbitals= bhecoming avallaeble ey photoelactric

atrsecarption.

effact 13, tharefoyra, the basia effect Foo  Ghe

The cross section for photeelesctric effect 1s proportional to the

atcemic number Z of the sample as:

-4

=5

1 the low @nergy redion

in the high energy vegirLon

2b. Compton effect
Thea Comption {(ov inelastic) scattering takes place hetween tirez

incident X or gamma radiation of enerav Ep arel an electiroen v

the scabtering material,supposed free. Thiz effect gives rize Lo
an electron of
Ee.scatter@d thyounh an angle o} wlth respect Lo 1t eriarnal

SR Y E. and a secondary photon of  energy

direction (Figuwe 4). The energy E, of the incident photon 15’

shiared between the recotl electron and the scattered phobon, e
ensray Ee ot the ccattered photon az & function of  the
gcatbaering anale is given bys

I’-_c~ E,, AN ‘L(l-—r_c-sa,'}} ()

where o= Efn%c‘ i the reduced energy of the incident photons

gl mg ck= 511 keY is the rest mass enaragy of the electiron. The
sratteriyg angle cam take on values anvwhere between O and 3460
degess ., Fiagure 9 shows  the energy  dependence  of  Domptoon

scattered vadiation Eg as a functicon of the scattering angle for
b diffecant Lrcident photon ernergies. In case the  Complbon
electron

foogm k:
phicoton (dearaded 1o engray ! can be used
afbvcu . the natbture of bhe shsorbiroewy nabecial.

e osnslytroal poaat of wvrew,  whiile bhe scavkered  Compboo
teo whitaln ionformation

1w absorbed i the material ctherse i1s vot much interest



Phe  soaulaye distrabution for khe Comphton scattered X or gamma
cave can be calculated with the 1ncoherent  scattering  function
mirdification te the Cleirv—MNishicas Formualas., 2

The differential scattering cross section do 5:_ Al (in cun/ﬁ‘cer’arj
2lectyron) 28 a funchtion of scatbering angle ang for not—-polair: zed
photons 1s corivermiently qQivern ta the forme

2 8

d L 1 vy, dL1-cosd) S(X 2) on [l

‘;g % i 1+w00s -P1 oy ' y
w— — - ‘ R
dn t [[+aft-os9)] +uf1 shaa ‘

1 -';

where rg = @ fmyC = 2.8 x 10 om represents the classical
electron radivs and S5(X. &) represents the "incoherent scattering
S?nctiﬁn", where X=sin ( fVE)fA. 1s the momentum transfer;

=183%8/E(eV).
The mcoherent scattering  function SOX,3) represents the

propbability that an atom be raised to any excited or ionized
state as a result of 2 sudden impulsive action which impar-ts 2
recoil moementum X to an atomic electron. The function 8(X,5
VTGS the momentum transfer, for wster or biclogical materials
(Z="7.5) 1g shown in Figure & ().

The differential crogs section,given by Eq.(7 3, for weter st 20
and 40 keV i1ncident energies are shown in Figure 7 and 8.

3c. Coherent scattering

Coherent scattering (or Rayleigh) is described in classical terms
as  the diffraction of an electromagretic wave by the electric
field asscciated with the electron charge distribution,

Rayleiagh scattering 1s 3 process by which photons are scattered
by bound atomic electvons and in which the atom is  neither
ionized nor excited. The scattering from different parts of the
atomic charge distributicon i1s then "coherent".i.e. there are in-
terference effectsithe scattering from anm atem with F electrons
is therefovre not given by 2 times the scatterina from a free o-
lectron.

Az a2 consequence of Ravieiah scattering the incident photon 1S
scattered at an angle respect te the 1nitial direction,con-
werving the seame enargy (Figure 9. This process  occurs mostly
at low energies and for high Z materials, in the same reglion
where electron binding effects influence the Compton scattering
croess sechtion. Indeed,if each atomic electron contributes
independently  to the creoss section, the onset of Reaylieiagh
scattering for low momentum transfer weould exactly compensate tor
the reduction of Compton scattering due toe binding.

The differential cross section for Thompson elastic scatterivg of
A photon by @ free electiron 15 Qrean by

5%%% = :%;(f1-+¢bsmvﬂ) =5

7



If  kthe Racleigh scattaring 1e extended cover the & electirons of

individual atoms, the diftferential oross section 1s gilven by:e

2 . N _
doa. 2(re et )FO] gLt o

where FOX,7) i called the "atomic form factor", and X 185  the
momentom bransfer above defined. .
The atomic form factor versus momentum transter  for bioloq1cal
samples, i1s shown 1n Flgure 10 (20,

Differential cross sections for water at 20 and 40 keV  i1ncident
gneraies are shown in Figuwes 7 and 8.

Integrated angular distributions of Rayleigh cross section gives
rise to @ probability which is small respect o photoelectirig
effect and toe Compton effect. On  the basis of thesea
considerations, Rayleigh scattering is frequently disvegarded i)
X and gamma ray transport thecory and in tomographic calculationsd
Ravleigh scattering canshowaver, be of 1mpoirtance 1n interpreting

"marrow  bBeam” atteruwaticon  because of  the angular apread  of
coherent scattered radiation (see Figuwes 7,8 and 9. Faylaiah
scattering should be alsc considered and discussed for the same
reason.

v

A useful simple criterion for judaing the angular  spread of
Rayleigh scattering is: ;

%
. [o0o0¢33 2
ﬂ% = L arcsiw I (10)

where J} is the cpening half angle of a cone containing at leaaﬁ
ey o f the Ravlieigh scattered photons (3). .

3d. Total attenuation of radiation in matter

When & narrow beam of monceneraetic photons with ensray Ee and
incident photon flux intensity (number of photons/unit time and
area) Ny passes throuagh an omcgengcus abscorber of thickness wy
(irn cm) then the emerging photon intensity will be given by:

W= No Eﬂpb~F(r,¢,E)x) €11)
where ® {in cm™Y ) is the linear attenuation ceoefficient oy
material of physical density P (in g/cm ) and atomic number &

(Figure 11) (4).

The total linear attemuation ceefficient can be decomposed intao
contributions from each aboave described mode af phatah
interaction ass .

For. = Pob + o ¥ [k *+ [

[
Y




where pan . pag 4 Mp |mnjr, desiaqnate photcelectric effect, Compton
scattering.Rayleigh scattering and paiv preoduction respectively.
Al touagh linear attenuatiocn coefficients are convenient fon
engineering applications and shielding calculations, they are
propoertional  to the density of the absorber,which depends on the
physical state of the material. Since molecular binding energles

are  smaller than the energles involved in X—-ray radiegraphy
and  tomography,it is & reasonable approximation to  assume that
the linear atteruvetion cocefficient is directly proporticnal to

the physical density and write:
il ::p% exp(w(F-(Z,E)/f )P P {(13)

where {!P (in cmz /q) is the "mass attenuaticon ccecefficient”.Ilf
the absdrber is & chemical compound or mixture, its mass
attenuation ceefficient pJ can be approximately evaluated fvom
the ccocefficients for the constituent elements accerding to  the

weighted sums
bip = 5w (1)

where w, 1is the proportion by weiqght of the i-th constituent the

material. , :

lhe mass attepuation coefficient of a compound oF a miXture can

be,therefcre,calculated from the mass attenuation coefficient ot

the components (5). For example,a compound with formula %‘Y will

have W, equal to: 4
12

b 4

W, . |
As an example of the use of Eq.(]Q) and (15} the computation of
mass attenuaticn cecefficient for plexiglas (C I-I‘O Y at Eg= 60 keV
will be carried out with the values of total mass attenuatlon
coefficients for the components carbon,hydrugen and oxygen
(0,176, 0.326 and 0.191 cot/a respectively)s that'is:

i

aﬁxf(aq‘+bﬁg) _
(13

bﬁy/aﬁu+ bﬁy)

'l-/f -(C,H' DL,) = &0/100 P/P (CHY+B/100 F./f(HH-BE/lOO fl- ’ (D)

which vields the value ” .193 sz/q,'lﬂ aood ! atcord thh the
tabulated values of the atfenuatlnn coefficients. o

3e. Attenuation coefficients versus atomic number and physical
density

The tobal mase attenuvation coefficient F-XP Qis alsc
proportional te the tetal cross section per  atom G‘h . The




relation 1s:

f"'/P [""‘73 )= 5:-:. (Wt/‘k'")'(y“/ﬁ)(‘!ms/g) (16)

. 23 _
where Ny = 6.03 « 10 is Avogadroe's number and A is  the
atomiec mases of the absorber (in q).

Since there are 2 electrons per atom:

€ Y4 e -1
Id- I 6;.,,' (M%—f): o"bh d;: Cw (17)

C B

where fkh(cml/electron) is the total cross section per electrom
and the term (N.Ziﬁ) represents the electron density (number of
electrons perfgram). (gm-n/m‘) = Nieber of elechrons /m‘:_" de :
For all elements ewcept hvdrﬁqen,¢/P approximately equals N /& =
3 x 10 Jbecause Z2/4 % 1/2 (see Table 1 ). For hvdroqen,‘~¢ il
equal to N and is therefore twice the "normal” value. :
This 1indicates that atcmic compesition dependence of ﬂ./f is
uncearelated to the term fp ,and is related to the term 5;2 . The
linear attenuaticn ccefficient M is,therefore,approsimately
depending on £ in the physital density term f and expressely
depending on 2 in the term F;h . F]
In Table 2 are reported the values of the term €L* vearsus
atemic number 2, at energies of 10,60 and 200 keV. ) :
At 10 keV the main contributien 1s shotoelectric.and  the
dependence of 6“:,'.._ from £ 1s very strong: é'f:b. < 27. ?
At 60 keV.there is & mixture of photoelectric (at hiah 2) ancd
Compton effects (at low 2) and the dependence of 5': from £ is of
the type: ot

0.3
e ol * for low £ (Compton veqion) o
bet. o & for high Z (photeelectric region)

—
iy

At 200 kaV the Compton effect is largely prevailing at low <
values. Eetween Z=8 and Z=20 0;; s practically
constant,indicating a pure Compton effect. i
More specifically, the energy and atomic ramposition dependencd
af the mass attenuation coefficient b#/p in the eneray ranad
of interest in CV scanning of the buman body is related to the
three modes of photon interactions 1) the photoelectric effect
ii) the Compton effect and iii) the coherent scattering. i
ver the energy rande in CT scamming for the usual bicleagical
materials, the Compton effect dominates (Figure 12). However 4,
photoelectric and/or  cohevent scattering can  amount ta A
sigrificant fraction of the total mass atternuation coefficient.
The total mass attenuation coefficient can also be decomposed
inte three contributions:

}‘/f’h"-/(’*r‘/f"'r“"-/f (19

10




cre in terms of cross sections and electron densities:
'] e <
f"' &= J;(Eph + 65+ Eeuh ) (20)

It shouwld be observed that,at a given enerdgy . Qf i
approximately constant versus atomic number 2 (lable 3) and the
contribution of coherent scattering is lower than 8% of the total
contribution, In this hvpothesis:

’,L-"-'J;(A-i-ﬁ'zpj (21)

where A, E and ﬁ are constant. The value of /3 is depending
art the eneray of incident radiation and on the atomic rumber of
the abscrber. Values of are typically between 4.2 and 4.8 in the

range Z= 6—12 and E =10 — 100 keV.
In Eguaticn ( 21 ) are explicitally separated.in the total mass
attencation ceoefficient term, the contribution of phyvsical

density and atomic number.
In the eneray region where the Compton effect is prevailing,the

linear attenuation cocefficient is linearly preoportional to  the
physical density:

Frr. ™ Fe o< p (22)
In the energy region where the photoelectric effect is

prevailing,the linear attenuvation coefficient is proportional to
the product of the physical density and to a high power of the
atomic number:

Kot~ Ken. o< f 26+

{(23)

Therefore,the mass attenuation coefficient is proporticonal te the
atomic number onmlys (
3-&4)

Firfp o< 2 (24)

From measurements with moncenergetic radiation in  the Compton
region it is possible to determine the density of the
material,and from successive measurements in the photoelectric
veqgion to determine the atomic number distribution. This is valid
in the hypothesis that electron density. can he assumed
constant, and coherent scattering can be ﬂehféqted; This first
;assumption is not true for materials . containing - hydrogen,like
biclogical materialg. In this hypeothesis: SR s .

P‘(""“-I) = J; A (2%)
in the Compton reqgion,and

’,c_(u.:l) beg ():_ 2P (B&)

11




im the photoelectric reglov.

Frem =2 measyurement in the Compton  rearon, with monceneragetic
radiaticon,the preduct of physical density and electraon density
Can be messured,and  frem a second measurement i the

phictoelectric regien the atomic number tcan also be determined.

4. X-vray characterization of normal and pathological tissues :
The most important property which determine image contrast in

computed tomoayaphy 18 the Xy @y attenuation - In
particular,knowledge of the attenuaticon properties of normal  and
pathological human tissues permits more realistic modellina ofi

imaging systems. :
Unfortunately,only 2 small number of tissue characterization Etu%
dies have been reported  for diagnostic X-ray imaging. Some cf
these.parvticularly those invelving attenuation  measuwrements of
brain tissues, were motivated by the advent of CI.

Comprehensive work for hreast are that of Hammerstein et al.(é)
(nermal breast tissue) and Johns and Yaffe (niormal and neoplastic
breast tissue)(7).Data for mean tissue camposition had been pro-
vided by thelCRFP(8),and measuuementg of attenuation coefficients
of normal tissues and body fluids and of some patholma195 had
been carried cut by Phelps et al.(%),and by Rao and Gregg (10). .
Additiomal woerk has  been nepurted JConcerning the chemical
compasition of normal  and patholegical tissues,from that (ses
Secticen 2e) the attenuation coefficient can be calculated acco -

ding to  the weighted sum formula (zsee. Eq._u 2) wetht fi-ac—
tions for materials of bicloagical interest are llﬁted v Table 4.
L.inear attenuation coefficient of blélcglcal materialyg

(blood.fat muscle,pancreas and liver ave llﬁtedzlh Table 5 ,at
various energy values. It should be pniﬁtedu ‘out that the
difference between the various tissues and bEtwggﬁ novmal and

necplastic tissues 15 very low.

5. Computed tomography:hystorical develapm@ﬁts‘ ndimathematical
basis S :
Sa. Hystovical develocpment : : ;
In 1956 A.M.Cormack, Lecturer in Fhysics &_'theh]n1Ver51ty of

Cape Town, wWwas reguived to supervise the use bf rad:uactlve iso+
topes at the Groote Schuur Hospital, becqu“"jthe _ Hugplta]
Fhysicist resigned. He was asked to spend L 38 a- week
at the hospital,attending the use of . isotq 25 . J 1 of
his werk he observed the plamming of radig%h"“"

~and

a.M.Cormack writes: "a girl would superpmgeﬂ. OO
come up with iscdose contours which the phyﬁician‘ would then
examine and adjust,and the process would betrepeated until &

satisfactory dose-distribution was found. The_isadose charts were
for  homogeneous materials, and it occcurred to.me that Csince. the
humarn body 1s quite inhbomogenecus these results wollld be gquite
disteoted by the inhomogenel ties. It ccourved to me that in ovder

o improve treatment planming one had to know the distribution of

12




the attenuation coefficient of tissues in the body,and that this
distvibution had to be found by measurements made external to the
body. At that time the expornential attenuatien of X and gamma
rave had been known end used for over sixty years with parallel-
sided homogeneous slabs of material.] assumed that the
generaliration to inhomoaenecus materials had been made in those
=ixty vyears,but a search of the pertinent literature did not
raveal that 1t had been done,sc | was forced to look at  the
praoblem ad initic.lt was immediately evident that the problem was
a mathematical cne. If a fine beam of gamma rays of intensity
is incident on the body and the emerging intensity was N, then
the measurable quantity a=In(N /N)= fds,where f is the variable
apbsorption coefficient along the line L (Figure £ ).

Hence if f is a function in two dimensions, and g is known for
all lines intersecting the body, the question is: can f be
determined if g 1s Eknewn? Again a8 literature sesrch and
enguiries of mathematicians provided no information about it.
Fourteen yvears would elapse before I learned that Radon (i1) had
sclved this problem in 1917" (t2).

Cormack realized that a cross-sectional matrin - of coefficients
could be determined if measurements of X-ray transmission were
cbtained at many anales and projections throuwgh the bedy. To
explore the feasibility of the reconstruction approach o
visualization of internal anatomy,Cormack assembled a 7 mCi Co-60
source and a Geiger-Muller detector on opposite sides of &
platform on which an  aluminum and wood apecimen was
pesitioned.Data on the transmission of Cg-60 qamma rays at 5 mm
increments were processed manually to  yield the' attenuation
coefficients of the specimen as a function of  radius.these
results aagreed well with the known composition of the phantam
(13 . : - '
Experimental apparatus used by Cormack in 1957 is shown in Fiaure
13 (13,14).

In the late 1940z and early 1970s, a number of osther
investigators were exploring various approaches to recanatruct1nn
tomoaraphy as potential imaaing techniques or as: possxble aids to
treatment planmming in radiation therapy (15,16) The '~ principal
breackthrough in reconstruction 1maq1nq,h0wever “was the work of
Hounsfield, an engineer at the Central Research Laboratories of
EMI,.in England.

Hounsfield aqreed with Cormack that images of .the intericor of the
body c¢ould be reconstructed from a number of X-ray transmissxan

measurements obtained tomoaraphically. He ashembiaﬁ a mndel 337 S

scanner tonsisting of a Am-241 source and Nal(Tl) detector. The“
source and detector were positioned on cpposite sides of &
motorized lathe bed that could underge both  translation and
rotatic motien. With this device,.Hounsfield was able to aenevate
reconstruction data describing nunsymmet|1ca1 test obijects (171},
However, accumuletion of the transmission data required nine
days . To obtaiv a more intenze scurce of radiation,so that the
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time to collect data could he reduced. the radicactive source was,
replaced bv an K-~ray tubhe, '
The early prototvpe of Ol-zcamner developed by Hounsfield i1s
shown in Figure 14. With this apparatus images were obtained of a,
variety of biclogical specimen,including buman brain (Figure 135).
The first clinical scanner was installed at the Atkinson Morley's
Hospirtal an Wimbledorn (Fiaguwre 14).

Sh.Mathematical basis for computed tomography

Whern & narvow  beam of mencenergetic X-—rays of energy Ep avid
intensity Ny crosses a specimen, then the output beam is given:
by the well known velaticenship: '

N= W, ek

tor homogeneous speclmen, arnd:

p(s)ds
N - H,c. f 287y .

for an inhomogeneocus specimen (Figure 17). In Eqg. ¢ 87 ). 8
represents the space coordinate,and L 1s the thickness of the
sample crossed by the radlat1on.By defining g ln(N, /N) JEq. (&7
can be witten as: oo .

B

9. = pis)ds . e

fis ohserved in Section Sa,the main mathematical preblem 1is
therefore to determine the distribution of the linear attemusa-—
tion coefficients through the section of the specimen crossed
by the radiation,which is under intearal, from the knowledae of
the terms q (from each attenuation measurement, by rotating ._and
translating the sample,one obtains a value of 9» & (F:qure 17).

4. Reconstructiocn methods

Ga. Iterative computation of imaqges : : :
Figure 18 gives a simple illustration of how the JMaqe of
attenuation coafficients may be . chtained: terativelv by iy
successive approeximatiens from the knowledge of ay‘ﬁums derived”'
from the measured intensity data. g

Let us consider the section of the obiect d:v1ded into six voxels
composed of the attenuation coefficients shown - in  Figuwre 18.
These values are not known a pricri  because they represent
characteristice of the object within the object itself. What 18
known by  ecanning the obiect with X-rays are the sums of these
values along various ray divections.

14




For scan [ the horizental sums 3.12, 2.72 and 3.2 are obtaineds
thics cet of data is distribtuted along the appropriate raw  with
equal weighting,l.e. for the first reaw 3.187/3=1.04, for the
second 2.72/3=0.,907 and for the third raw 3.2/3=1.07. the
resulting image of the first i1teration is shown in the riaght.

The matrisx itself is next summed vertically.and 1ts ray sums  oi
3.17, 3.17 and 3.17 are compared with the e:perimental values of
3.0a, 3.2 and Z.82 respectively.,from object scan [1. The
difference of 0,15, -0.03 and 0.35 are now distributed with egual
weighting vertically so as to cause a diagonal sum of  the new
image wmatirix to match the experimental data of the scanned
ohject.The resulting image of the second iteratien is shown in
the iri1aht.

1The resulting matirix is then summed diagornally,.qiving rise to the
values (from left to vight) of 1.071, 2.039, 3.013, 1.948 and
0.974, which are compared with the esxperimental values 1.05,
.17, 2.85, 1.959, 1.02. After distributicn with equal weightinag
one obtains the third scan, which values are reported in the
right of same Figure 18.

4b. Simple back—-projection

Suppose that the transmission of X—-iravs thicogh a  spherical
cbiect is measured along many rays from two views at rvight angles
to each other.At each view,the messurements constitute a profile
of X-ray transmission for a particular angular orientation. X-ray
transmission profiles are shown in Figure 19,

after the X—ray transmissicn profiles have been obtained, the
process can be reversed,to forme a crude image of the sphere. The
reversal process,.known as backprojection,is easily implemented
without sophisticated mathematics.

7. Cr—-instrumentation

7a.Radiation sources

All tvpes of radiation spources emitting X o CEY
rays,monoenergetic or not,tan be used for tomographic imaging.
Optimum energy value is depending on thickness,composition and
density of the sample,according to the general vule:

P,)c.-.-‘i-r‘-é (29)

for an hemogeneous sample of th;ckness,,ﬂjcml and linear
attenuation coefficient F_(cm" ), and: R

F-'A"E“ 1= ¢ g -(acﬂ
E't |

for heterogenecus samples.
For medicel applicationz  the sample is  the buman body,with
composition and attenuatiorn ceoefficient similar to  that of

15




water .Far example. tor a 30 cm body thickness, the condition (829)
can be witten as: {

,.(_ fl"ﬂn 0.03 '-O 0. L ewm
corresponding te the optimum energy range:

bo Eev < E‘ < So00 kev

More enerrqetic radiaticon would be needed when bone 1s presant in
the sample. ’
When possible,the aeneral rule aiven by Eg.( 29 ) should be!
applied, giving rise an aptimal energy interval for toemographic
measurements.

For medical disgnostic purposes,therefore, one of the mogt sbyvict:
restriction is given by the scanning time, which must be limited
as much a5 possible. !
For this reason,the only practical souwce 15 given,in that case,’
by & high intensity X-ray tube,in spite of its radiation
cutput,which is given by bremsstrahlunag and not by moncensraetic
radiation. : '

X—ray tubes -
In a X-ray tube, X-rays are produced by the interaction of elec—
trons with matter. In simple terms, a beam of electrons directed
at a target (ancde) is decelerated by forces between the incident
@lectrons and the atemic nuclei of the target material (Figure
20).8ince a deceleration implies that kinetic enevay is lagt, one
of the ways in which the electron loses energy 1% by creating a
photon of electromaanetic enevrgy equal in energy to the kinetic
enerqy loss. This process is called hremsstrahlung,and if a large
Aumber of electrons  interact with a target material, the
resulting bremsstrahlung consists of photons with a continuam ot
enerqles from  zero to a maximum equal te the initial electron
kinetic energy. the shape ‘of the spectrum remains the same
regardless of the kinetic eneray of the electrons (Figure 21).
The efficiency of X-ray production by bremsstrahlung is directly
proporticnal  to  the product of the atomic number (z) of the
target material and the kinetic enerqgy of the electrong. Since
the porticn of kinetic energy of the incident electrons that id
Act  comverted to X rays results in heating the target. materialy
it is derirable to increase the efficiency of B.S. production as
much as possible by utilizing high-energy electrons and target
materials of high z. The best tarqet material, due to its high z 4
high melting point, qood heat transport and low cost, has beet
found to be tunasten (W), At enevay commonly emploved in medical
applications, approximately 1% of the kinetic energy of the
electyrons is converted toe B.S. by electrons interacting with a W-
target. The remaining 992% ot the incident energy resulte i
heating the target. :
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Electrons impinging on the target material also interact with the
crbhital electiron of the atoms. If the incident electron has a
Linetic energy aoreater than the binding energy of an orbital
aelectiron, the bound electiron may be ejected from the atom in the
same manner as described in Section 2a. Characteristic X-rays of
the target are then emitted (Fiagure 22). - :
Photon intensity from an X-ray tube is depending on a number of
parameters like the tubge potentisl and current,the anade
material,the gecmetry of the tube assembly and so on. At the
mea s 1 muin output conditions, & photon intensity of about lfﬂl—luf4
photons/s can bhe obtained.

Monoeneragetic radiation from an X-ray tube

uasi moncenergetic radiation can be cbtained from an X-ray tube
using external secondary targets (1), beoth in transmission mode,
and in diffusicon mode, at about 45 degrees. ‘ .
I the first method, appropriate filters are prepared in a very
simple way, by mixing the cxyde of a selected element with two—

compenent  epoxy resins, In this way filters of almost all
elements have been cbtained, which thickness can be reduced to
any desired value. The element is selected in such a mamer to

have the photeoelectric discontinuity at &an energy corresponding
to the maximum iintensity of the bremsstrahlung beam. The effect
of a filter of the proper element and thickness is to  transmit
only a region about 2 keV large of the BS spectrum (Fiaure 23).
In the second metheod, when the primary bremsatrahlung radiation
from the tube impinges an exnternal tarqet,: it is "converted",
through photeoelectric effect, to secondary X—-rays of the element
constituting the taraget. X-rays are emitted from the taraet (vsu-
ally ¥ and K =lines), ccllirmated and collected at about 435 de-
arees. Hy varving the material of the secondary tarqget,X-rays can
be proeduced of variable energy. The high veltage of the tube may
be modulated as a function of the secondary target.

Experimental set-up for producing quasi monoenelqet1c radiation
with an X-ray tube eaploying the two systems: abova ~described is
shown in Figure 24. The primary and secondary fadxation are both
collimated. The conversion of bremsstrahlung.: *Hadiatinn in monc-
energetic radiation is of the order of (O —15%)% the first
methoed, and about 1-2 orders of magnitude legs _f the secoud
method. : AL
When completely movnocenergetic rddlatIOﬁ;Jﬁﬁ'
_intensity of the Kg -line can be strongly. !'ﬂ ‘ =
K ‘=line, when "an absorber is put,aft@ﬁyuﬁik‘ ) *t2%ﬂ?~
secondary collimator,containing an elemedt GHic diacontinu: V)
edae energy lies between the enerqies of Fi Celines. If
the absorber is a water solution cnntalnlhq-the element itgelr,
calculatinag the thickness of the water’ ,jalutlun and the
concentration of the element, one can 1mprGVE “the ratio }¢ -Ep
at pleaswe (18),.The intensity of the moncene;qetxc output is
unfortunately decreasing with the improving of fthe K‘ Htﬁ ratic.




Radicisotopes
Fadicisctopes.both emittinag X or gamma radiation are available
and may be used for Ci-images. :
& suitable radicisctope Tor CT—-imaages should be chalacte;xged by
the following properties: '
~a relatively lorng half-life

-the emissicon of only one or two major lines

—ann adeguate intenstty

—a reasconable price. :
In the X-ray range,the principal radicisctoepes that can be
therefore emploved are: !
Cd-10%, emitting Ag-X lines (22 and 24 keV) havina a half-life of
4353 days '
I-125,emitting Ye~X lines (27.4 and 31.3 keV) having a hailf-life
of 60 davs f
Am-241.emitting a gamma line of 5%9.6 keV,having a half-life of
433 vyears

Gd-153,.which emits 27 and 103 keV gamma rays, with a half-life of
211 days

[-192., which emits several gammna lines (296,308,316 keV), with a
half-life of 74 days j
Ca—-137, emitting a gamma line of &é&2 keV, with a half life of 30
YEATS :
Co~60,emitting twe gamma lines of 1173 and 1332 ke, with a half
life of 5.3 vears.

Synchrotron yadiation : .

Synchrotyron rvadiation (SR) is generated when electrons with,
typically several billicn electron volts (GeV) of kinetic energy,
orbit in an ultrahigh vacuum tube between the poles of a strong
magnet., A vertical magnetic field deflects | the electrons
horizontally, causing the emission of GR. The Sk spectrum it
characterized by the critical photon energy (Eg ), which is thq
energy above and beleow which one—half of the total emitted SR

'*u“pnwer falls. Ec and the energy range of the . spectrum are

dependent on the electron enequ (&) and the orbltal radius (R):

) 3 : :”{J#jgfu

Ec = #.218 € /R o
where E, is in keV, E is in GeV and R is in. meters. L
A typical spectrum of BR with the storaqe ring: operating at,
Liaev compared with & W-target X-ray tube!is show Xn;quure{Eb.‘
e *availabil;ty of SR scurces’ provfdgs»“ L ! | ¢

Ctomparison  with conventiomal x—ray tube gauréés brehentlv'"uﬁed4“'

The advantages ares :
1. high photon flux is available to irradiate the sample (several
orders of magnitude greater than for moﬁt tube. sources)j
therefore the beam can be moncchromatized and if necessauyq
hihhly callimated.& beam of submillimeter d1men51uns can bm

cbhtained
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vadiaticn by the Compton and coherent processes. . -
‘The " portion of this scattered radiation directed. toward the

5. the radiation is highly pelarized in the plan of the electron
arbit.which reduces Ravleiah and Compton scattering by the sample
3. the radiation varies in enerqgy from few keV to about B0 keV in
enerqy .

Collimation of the radiation

as cobserved above, UT-images are characterized by & sowce,
emitting monceneraetic or bremsstrahlunag yadiation, a movable
sample (the human body in medical applications) and a detector
{(or more detectors). & large number of attenuation measuemants
are then carried cut,and the distribution of physical density or
atomic mumber  in the crossed section 18 determined. . using
mathematical procedures, throuwgh the measurement of the linear
attenuation coefficients. For optimal measwements, the so called
“narrow  beam" set-up is  required, consisting in a strong
collimation of the incident and ocutput beam from the sample
(Figure 13).

In such a mannmer,the contribution of scattered photons into the
detector is strongly reduced,allowing:

a.the correct determinatien of the attenuation coefficients

b.the improving of the guality of the images.

The concept of attenuation coefficient measurement is related to
the hypothesis that only photaons are collected in the

detector ,which never have interacted with the matter,along ite
straight way from the sowce to the detector. From a practical
point of view, this condition could never be completely

satisfied, because of the small amount of forward ccherent
scattered rvadiation.lThis contribution can only be approximately
evaluated, by measuring the value of attenuation coefficients
versus the diameter of the collimators, and extrapolativng  the
values of atteruation ccocefficients to the value of zero for the
diameter. :

From the point of view of the imsae,the interactions of souwrce
radiation with the sample and cther structures in the beam path
result in the production of coplous quantities of scattered

detectoer or any image receptor, will destroy the imaging
qeometry, which consists of straight lines from the focal spot to
the detector. The intensity of this scattered radiation is
proportional to the collimation of the beam. R :

b3

“ayniogeneral  scattered radiation reaching theaﬂéﬁggiﬁ?ﬂjﬁﬁeéffﬁdt

contribute te ‘the useful imaqing process, butiwiil produce e

general background intensity. reduce the contrast and decrease
the signal te weise ratio of the image.lhe production of
scattered radiation is reduced by limiting the spatial extent of
the X-ray beam by means of devices called collimators. .

If,for example, a long cylindrical collimater of internal
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diameter is employed,a ‘“pencil”" beam is obtained,of,
cylindrical shape and of szme diameter close to the cutput of tha
collimator, then conical. ' '
I the hypothesis of » poeint sowrce of  eneray Ee and &
cylindrical caollimator (Figure 26) we can distinguish two e»trema
possibilities: :
arthe contribution from scattered radiaticn from the wall of the
collimator is megligibles the output radiation cone 15 simply
aiven by the sclid anale sowrce-collimator (Figuwe 26&)

b)a large number of output photons ts given by scattered photoﬁﬁ
from the wall of the collimatoy) the output radiation cone will
be enlarged from this process.

The prevailing of condition al) or b) 1s depending on penetraticn
of the incident radiation in the collimator walle and in  the
relative contribution of scattered radisation. Photoelectric
effects in the collimators is not a disturbing effect, because of
the emission of radiation of lower eneray, which can be easily
distinguished.Forward Compton effect is at the contrary giving
rise to radiaticon of eneraqy close to E, difficult to
discriminate, and Rayleigh effect is giving riee to E photons.
Considering brass and lead cellimators, the mean penetvation
versus energy and the intensity of the scattering effects respect
to photoelectric are shown in Table 7.

It appears evident, from the analysis of the Table, that the
collimation effect at the source 1s more efficient at low ener—
gies, for cylindrical collimators. _

A exect calculation of the output beam profile is VEYY
difficult,because of the multiple scattering effects at the walls
of the collimator. It is in any case important to use collimator
material of high atomic vumber for improving the collimation
effect. _
A solution for better collimating X-vays is given by two discs
cf a metal with high atomic number,with a hole of appropriate
diameter in the middle, lined with the X-ray beam (Figure 27).
fhis collimation system needs a careful allignement, but gives
rise to less scattered radiation respect to the cylindrical
collimator (Figure £6). The collimation is effective for
thickness of the filters much larager than the corvesponding  x
values.

Fan beam gecmetyy : :
Starting with the second—generaticon CI ﬁcannehﬁ,mcre detactona

were added, and it became increasingly’ dxfficult B -8 maxhta1n the
allignment of each pencil X-ray beam. e’ overcome’ this
difficulty, a continuous fan of X-rays was substituted for the
pencil-like X—-ray beams, no collimation was needed at the souwrce,,
and each detector was collimated to accept only X~rays along &
line extendina from the X—vray target. The faini~beam geometry
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L aciy a bad a ayeatse o lume,and more  zcattered radiation was
g . The detectors had o bhe shielded trom thie scattered
adiation, AL, g detesctorz: had ba bhe balanced cavefulls s
thalb they were &ll souasally zensitive to the imprimging radiatiorn.
[Ral= penic 1l ~heaam ageamaticy  and  the fan beam  geometey Ay
illustrated 1o Figure 28.

[ CT-1made g
L S e, sacd 1o 1odice detectors.,operatbed L1
current mode. are uwsed to record the tranemission of X-ravs

Ehs-awah Ehae patient. These detectors,widely wsed in physics
resesrch provide hiagh efficiency for detection of X—-ravse.

Heoserveys [HED detectors have a few disedvantages that have wmade
their application less desirable 1n the faster Ul scanners
Pimon linesy response for radiation of different intensities:

2ra limited dynamic range

2ran afterglow of the Mal crvstals that could permit the emitbed
light to carry over trom one samplinag interval to the next.

Twe approaches have beoan baken to overcoms the Limitations of Hal
detectors. The first 1e the identificetion of other ecintillation
detectors: the second 1s the use of 1onization chambers o solid
state detectors.

2 scintillation detectors

Twe  scaintillation detectors have heesn identified as possessiod
propertiles superlor to Nal for CF scamvers: the first to be tried
was calcium fluoride doped with ewreopium CaFy (Eu).

This detector i1s a tramparent.hard material usetul for detecting
X oand gammea ravs up toe several hundred keV. This crystal is less
efficient than Nal, but has the notable characteristic of the
lack of  loowa ternm  light decay following intense excitabilon
(afteracloew). This property is particularly valuable in pulsed X~
rav applications where hiah 1ntense flux are encountered. The
decay constant of CaF (Eu) 1s .94 ®s-

A osaecond scintillator that has been adopted widely is  bismutbh
germanate (Eiq.ﬁe (., vusually abhreviated as Bi3)), this crvetal
has some attractive properties.t has a hiah stopping powor due
te  its high density and effective atomic number, and therefore
provides =0 efficiency of almost 100% for X-rave enploved in C1-
scanners.  Further,it has a short decay constant of about 0.3 p =
And & verv low afterglow. Figure 2% shows the "full enevay peak
efficiency" of a BGY and a Nal detector of same size.

Scime recent scanners employ Cel activated with thsllium coupled
te silicon photedicdes rather than photomultiplier tubes.Vhev
have hidgh detection efficiency,.rugger phyvesical charcacter  and
energyv resolution close to that of NaI{Vl).

b fomrzation deteciors

~E #n albeymative bto scintillation debtectors seron-fLl led
tenization chambers are used in some Ol-scanner . Fo improve bhe
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{—vay detection efficiency of these detectors, thay are operated.
wnder hiah pressure (8-10 atm). In such a manner,these detectorsi
have ahout &40% efficiency 1n absorbing dliaanostic X-rave. Xencn— |
filled ionization detectors have proved equal te scintillation
datectors for CT scannming. The lower coest of ionization chambers

is a major advantage over scintillation detectors.

. Hardware and softwaire for CT-image reconstruction .
Digital computers are now an integral part of medical 1maging. L,
some applicaticons,such as C1 and MRI. computers are part of the
system. In other applications, such as diaoital radiegraphy,.:
ultrasound imeaing and industrisl CT, special-puwrpese computers:
are built into the eguipmensit. In general the computer performs a’
vairriety of functions as:

~data acqQuisition

-1maqe reconstruction

—-image storage

—iMmaqge pProcessing

—-image analysis

The data acquisition system (DAS)provides an interface hetween
the nuclear electronics connected to the X—or gamma ray detector:
and the central processing unit that recontructs an imaqe. i
The DAS accepts electrical signals from the electronics,converts:
these =midanals intc a digital format and transmits the signal to3
the central processing untt. .

The CPU is the section of the data processing system in which all

arithmetic operations cccur.The sequence of  instructions that

vields a specific result is termed a programme.

In qgeneral,the image reconstruction programme is composed by

several partsg the first operation consists in transforminag  the:
transmission measurements numbers  intoe a matrix  and  then tof
reconstruct the image by using 1)simple-back preojecticn methods,

or 2)filtered back-projecticn methods or Iiterative aethods.
Finallv,a matrix is obtained of CT numbers o  of attenuaticn
numbers.  The image is structured in an ‘array of individuaal
picture elements, or pixels (or voxels for volume elements). Each
pixel or voxel is represented by a numerical value,its attenua-—
tion coefficient or & aultiple of this lxke the Houn%fleld numbEI

or CT ruwmbery . :
The digital image is then stored in the'cdmputel mémory. _ )
The final phase is the conversion of the digital” image “into @
video display. This phase consists in relating ‘the pixel et
number values to the shades of gray. The image is determivned by
the window levels selected by the operator. Throuagh the
manipulaticn of the upper and lower window levels, it is possiblé
te adiust the contrast of the displayed imaqe.

Further ,the image quality can be improved by preocessing the
1mage .2, bry filtyation processes. Some of the mathematical
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Filter alacrithms used 1N the reconstruction process can  reduce
image noise by emocthing the image. Some compromise must be
conetidered in using these filter functions.

8. Medical Cl-scanners:four generations of computed tomoqraphic
sCanners
Ba. First generation Cl-scanmners
The original first generation C1 scamer was the EMI  unit
installed in 1971 ivn Wimbledon. The basic 3eatures of this
scanner are shown in Flqure 30. The X-ray beam is collimated
intoe two parallel pencil-~like X—ray beams. which are directed
toward two Nal  scintillators adiacent to each other on the
opposite side of the patient. In this manner,transmission data
can be collected simul tanecusly for twe adjacent tomographic
images of the patient's head. The X-ray tube,collimator and
detectors are part of a common frame that scans across the
patient sc that the X-ray tube and detectors move in synchrony on
cpposite side of the patient.
The X-ray transmission measurements are delivered to a
computer ,,which generates a set of equaticns eqgual in number to
the number of transmission measurements. From these equations.a
series of CT numbers is computed to be displayed as & gray scale
image on the display unit. In the first CT scarner, the display
unit provided an 80 x 80 matriy of 6400 voxels.
8b. Second-generation Ll-scamers
The adijiacent detectors in the first generation scanner permit
simultanecus collection of data for twe adjacent tomoaraphic
sections. It was then recognized that increased speed could be
gained by placing move detectors side by side |in the same scan
plane (Figure a1y . Subsequent developments ave led to as
many as 52 detectors in the scan plane. As morne detectors were
added, it became difficult to maintain the allignement of each
pencil X-ray beam in the fan—-shaped gecmetry. |To overcome this
difficulty, a continuous fan of X-rays was substituted for - the
pencil like X-ray beams,and each detector was collimated to
accept only X-rays along a line extending from the X-ray anode.
The fan beam geometry irvadiated a greater velume of S tissue,more
" scattered radiation was preduced and the detlctdrs“had-fta“ be
shielded from this scattered yvadiation. - S o
Data collection times for a single tomographic ﬁectionj‘weﬁe
reduced to about 5 seconds.Further efforts to reduce .scan - time:
led to the third generation of CT scanners. B A
8¢ . Third—-genaration Cl-scanners B s ‘ -
With - second—generaticn CF sCanners,scan times Btill are’"limited
by the npeed to move the X-ray tube and detectors throuagh bwe
deqgrees of motion, translaticnal and rotational., "By simplifying
the motion solely to rotation such that the X-ray tube -and
detectors esimply rotate arcund the patient,scan times .can He
reduced even further (third-genaeration Cl-scanner).  Modern
these scanmers employ over =200 detectors extending
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over an arc between 21 and 45 dearees on the side of the patient
cpposite the x—ray tube. & diagram of the third-—generation SCannar;
is shawn in Filiogure 32 Data collection times for a single imaqei
are reduced down to 2.0 seconds., '

Be.Fourth-genaration scanners

In the fourth-generation scauaner.more than 600 detectors &rg
poesiticned side by side to torm a ring that completely surroundsg
the patient.lhese detectors remain staticonary while the X—ray
tube rotates inside the ring and arcund  the patient’'s body
(Flguwre 33).With this scanning ageometry,data for a single 1maae
cari be collected 1w as short a time as & seconds.lThe majon
disadvantages of these scanners are the high cost associated wilkh
the large number of detectors,an  increased susceptibility ta
scattered cadiation avd unused primacy radiation directed towarvd
Spaces smmarat1nq the detectors.Yhe radiation dese to the patlent
is therefore ususally areaterv.

gf.Fifth—generation Cl-scanner

Further veductione in scan time are limited mostly by the outpu
of the X-ray tube.

[ the Dynamic Spatial Reconstructor scammer,28 X—ray tubes ave
positicned arcund a semicircular gantry.The tubes are in lineg
with 28 liaht amplifiers and TV cameras. The gantry of X-ray tube
ig rotating continucusly arcound the patient at 15 reveolutions per
minute.Data-collection views over 360 dearees are obtained 1in
less than 2 seconds.ln this manner,images will be produced Too
data collection times as short as 1té milliseconds.

Y., Cl—scanners for non—destructive testing .
In the medical field X-ray computed tomogreaphy is a method  fou
cbtaining cross-sectional images of an  object without direct
contact.

Recently, these medical 7 systems have been applied to  nont
destructive inspecticn of industrial materials. The objecﬁ
materials arehowever,limited to low density matevials such  ag
plastics,ceramics, and aluminum and its alley due to the law
transmission capability of soft X-rays.

Mcst medical Cl-scanners employ intense X-ray sources from a tubé
in order to complete the measurements within vun times of a Few
seconds, but the continuous X-vay spectrum gives rise to beamn
hardening artifacts which deaqrade the images. In many industrial
CY applications the speed of measurements can nften be relaxed tp
some deqgree and this enables agamma-ray sowces to be used instead
ef an X-ray tube which directly eliminates the beam hardening
preblem i1f  single photon counting is employed with eneray
dispersive detectors. Gamma-ray sources also offer additional

advantaqes compared with X-ray tubes, including lowerr
cost,compactness, portability and ready access tae a very wide
ranae  of photon enscrgiess bthe constancy of gamma photon  enerdy

Covesy space  and timem al=c  renders gamma tomography & 2 more
obiective method of 1meaing.




Therefore for precise quantitative imaging gamma-ray sSources are
Superic to X~vay tubes 1n almost all respecis apart 1 om the
gquestion of source brightness: for exanple the X—-ray tube in a
medical €1 machine can have typically an equivalent stirenaht of

1000 Ci ¢ more than 10 Bg) distributed over a few
millimeaters, which 15 several orders of maanitude brighter than
practicable gamma sources. Despite this drawback gamma—ray
sorces  canalong from a few millicuries to 200 i have been uscd

te achieve usetul tomograpbic images in acceptable vrun  times.
Clearly, optimal photon vutilisaetion ts partigulaerly important
when wsing such sources and this is generally obtained, in
transmission tomoography, by using @ fan beam gecmetry toaether
with aultiple detectors (see Section 7a ) (20). )

Fracticable gamma sowrces cover an eneray rangg between hundreds
of keV to about 1.3 Mev of Co—60 (21). That imit the
thickness of the metallic object to analyzed to about 5-10 cm.
For larger cobjects.bremsstrahlung radiation from high-energy X-—
ray solhces can be employed, like for example the megaelectyron-
volt, Linatron X-ray socources, which are capable of inspecting
objects up to meters in diameter, like missile shroud motors,
gpace proepulsion motors ,aitrcraft structures and so on (28).

Non medical X ov gamma vays CT-scanners have been applied to very
different fields, like so0il physics (23,24)) ,mechanical
engineering (matnly for analysis of motors of 113
types,turbines,castings) (22,83), building engineering (analvsis .
of costruction materials (24) archaeometry (analvsis of statues,
columns and s on){26,27)) ., nuclear science (measurement of
void fraction) (28),metals analysis (homogeneity of alloys,
density control,analysis for steel industry  nozzlies)(289).

10. Bianificant parameters in CT-imaaing

10a. CV numbers and Hounsfield numbers . ,

The C1 vnumbers of &2 Cl-unit represents the ‘“"effectiva" linear
attenuation coefficients of the various materials being analysed.
It  covresponds to the linear attenuation coefficient when
mnnoenerget1c radiation would be employed, otherwise it is a mean
value inteagrated over the bremsstrahlung spectlum.“'

In order to be able to differentiate various Plndﬁ of body
tissues or of variocus materiels, the CT-scanner must be able to
measure the effective linear attenuation coefficients ‘correctly
for - a wide range of materials from alv to compact b@ne ook Bhe

““medlcal ‘field) ‘or frem air to Uranium. {ind AR dehtwuct1Ve}

testing). ‘The CT-scanner must be able to detect small différences
in the way different substances or materials stop rad1atxon.' For .
medical images, the Hounsfield numbers are used, defined as:

H-.: 1000 Ex-fw L ey
Mw

25

2
i

Rl AP S e a" ;"'
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1 which x represents the attenvation ceefficient of & arvel

material and w the water atterwation coefficient at same
enzirgy . If HEmalr, then "‘h << g . H=-10003 for x=water,
H=0.Compact bone should have a large positive value near +1000 ¢
more. In  this manner, an acceptable aray scale will be
established for the varicus anatomical substances. By using the
Hounsfield amb e, the difference between attenuation
rnefficients of wvarious body tissues 1@ “amplified"”. For  non

medical applicaticons more specific numbers can he defined.

The CP-mumber linearity is determined by plotting the Cr—numbers
for known materials versus their effective linear attenuation
coefficients. The lirear regressicon fit to the data should have &
correlation ceefficient of areater than 0.99.

10b. Spatial resclution

One of the performance criteria of L1 scaimers is their ability
to image small cbjects; the ability of the scanner to image small
objects depends upon its "spatial resclution’. This parameter 15
correlated to the X-ray beam size, which is depending a sua vl ed
on the beam collimation (sece Section 6a) at the object
pesitien,on the detector size or collimaticon, on the translation
and rotation steps,and on reconstruction alagorithms. ;
Modern medical (i-scanners are capable of spatial resclution ot
0.5 to 1 mm, and this parameter can be meastured by & lucite
slab having heles of varied silzes drilled into. Hole sizes range
from 0.4 to 1.735 mm. : .
CT-scanners have the best spatial resclution with hiab Subjecﬁ
contrast resclution (mee Section 9c) like with the sample oﬂ
plexiglas—air. The CT-scamer must alsc he able to imaae small
obiects with low contrast resclution. The difference _betweeﬁ
normal tissue and patholcocgy is uswvally 2 small difference in CS.
in order to test low-contrast rescluation, Ct-scane are taken
through a section in the phantom composed of 2 plastic with €1
rnumbers only slightly different from water. This section-contain%
various size holes that are filled with water. R -
10c.Contrast resclution ' : St

One of the most important parameter of computed tomoaraphy. is the
Weontrast resclution” which can be defined as the ability of - the
CT-scanner to reveal differences in the transmission of X irave
through an object containing structures -whichf_differ__'anly
slightly. o SRS
“lhe contrast resclution depends at first on the difference in the
Cattenuation coefficients.-of the differeht strictures,which,on the
cther hand, depends on the energy of the. incident monceneraetic K
rays (Figure 44 or on the distribution -of . X-rays it
bremsstrahlung radiation is employed. : T ] '

For impreoeving the contrast resclution between twoe structures o't
an object,the difference i the attenuation ctefficient should be
improved of the twoe structures,which mainly depends on the
photoelectric and on the Compton effects., The Compton effect




WA YRR cirohtl- w1tk BTGy mlomeamte o materials w1tk
Coeh louoiis atoa o vnhe s, where the firsh one 1= cvibticalls

depeadent on the atomic number of the twe structures. fhen.almest
thmoreatioall, the ocontirast resolution wilil byex e oce e fo v
reducing the energy of the incident photon beam.  tn the othor
frarad yreducing the eneray of the beam, thie shoofute valoue of bive
attermation coefficient alsoe strongly increagses, and bthe asatol
dimensian of the ohject o be scamawd should be reduced,s2ccordng
to the rule (see Eg. @9

F_x:ib §

That rule limits the vesfulasss of usiog fows enacrgy radiation ko
morr medical images or medical "ipn vitre! images.where scanning
time and abksorbed doses are not & problem.

From & general point ot Vi, the contrast resclution 1E
coovected to:r

~gpatial resclution,influencirg the rumber of
in Section Ya

—sowree antensity (M phofons sr, and 1ncaident enerqy £

—total run—time Tlin =)

—number  of tranglations and rotations Mi s represents the
number of vosels,

q@le,as  obser e

c

It can be demonstrated that.defining df~ N S a5 the conbragt
resoluticn 111 terms of relative ACCUWracy ot the mesasu el

it te;:';_tlf-n ceefficients] an " ( . }
) in W as b Franclabion step (in Cw e Hhe
46f¢nu~ﬁ‘_!:e(o¢ﬂ~'d¢wf' of Ha mmaferial , N He 2 ‘," ’: e

Frauslobions y aelabions, Mpr Ha Fohd pusnber » : hobour
when the cendition czive:"\ by Eq.(29 ) is valid, d.f.(l.r‘“‘”‘ad pre=L,

bv defining ubf_ as the total number of photons emitted by bhe
source duving a tomography . thens:

Ap o O [ M [ Nopor + Moot } .
o wp 2L Moot » Nt

For a given value of the contvast,the nomber of projections aryd
the total number of photons emitted by the source are comnechbed
together . IT the photon flux is decreased,the same contrast can
bz achieved only by reducinag the number of vouels,

A contrast scale OS5 can also be defined, a= the change 1n  the
effective attenuation coefficient pey c1 numb e Ut t.
Usually measurements are performed with reference to plexialas
and water, and the contrast scale 1s represented by the following
eaquaticns

33

cs = Bl = Pw (34)
(e7)pien ~ (€T )
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10d.image nolse

Whey one  images a wirform materisal in a Gl SCAITEN the CT
numbers  for = localized region should be the same. In practice
the ©C1 numbers vary around some averaae value. The reagons ﬁm{
these variatiorne can be:

~zmtatistics of the countinas

~rhanges in the souwrce {(mainly changes in X-ray units)

-hifts in the detectors

—electrontic nocise

—-gmall errors 10 the algorithms.,

All  of these parameters introduce variations in the € numbers.
The variaticns are lumped collectively inte a term called the
noelae of the Cl-system. i

The noise can be experimentally determined by scannlnq a umiform
water .sample and evﬂluat1nq the different CT numbers in a small
reqicon. The mean value ( X ) and the standard deviation ( y of

the C7T numbers are computed. The GV noise is then expressed as a
percentage vairiation of the linear attenuation coefficient:

e ‘w ™ 3 (35)
ol ' o
the noise values for OCl-scanners are 1mportant performance:

parameters. The difference 1n the attenuation ceoefficients between
normal  and patholegical tissues is small. High L} nulae values
tend to obscure small tissue difference. f'.-
The CT noise levels hawever. areg a functlon:o

f'many parameters.

Forr modical i1maging,noise levels decrease as the vadiation dose
increases and as the slice thickness 1nc;eases._ The noise levels
are also higher fov larae patients. The relationsh:p of the

various factors to the nocise level is usually aiven as the
following Equation: L :
8

- ————-—"'—‘"’
O = /%o w3

‘where B is percentage attenuation, H is alice thlckness, Wi
pivel width size 2nd d 18 patient dose pen BCBH

{3&6)

10@. Distortion and artifacts ‘ .

artifacts are significant problems in C1 ima 3 They come from

a variety of sources. lypical artifacts sou ' -+

~patient moticn (in medical images) 7

~high-attenuaticn chjecte (in industrial® ; S . o

—~aliasing (higher—frequency 1nfosmat1on appaa-'-f - artifactual
information at lower freguencies L

~beam hardenina (by using noa- mnnmenerqetlc radiatiOn)

—~detector imbalance (rings?,when more detectora are used

~canter inn . :

—partial volume effects
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10f,. Absorbed dose : .

In medical C1 imaatina, the radiation dose delivered toe a patient
during a CT7 examination varies from unit to unit and alsae over
the section of tissue ewposed. The absorbed dosc delivered by &
LT unit can be described by dose profiles obtained at various
depths in a phantom. In Figuwyre 3%are shown dose profiles at the
surface and at midline for single section examination of a
patient.

The abscorbed dose delivered during a €1 preocedure depends
primarly on the level of ncise that can be tolerated in the image
and on the efficiency with which the transmitted photons are
wtilized by the detectors.

11. Trends in X-vray imaging

lla. Differential tomography

Photoelectric attenuation coefficient (see also Section Ba) and
therefore attenuation coefficient of every  element exhi-
bits sharp discontinuities (K,L,.....) in correspondence with the
minimum energy values for the ejection of the electron from its
shell (Fiqure 39). For quantitative evaluation,values of
attenuation coefficients of Fe, Ag, I and Fb near K and L-edges
are shown in Table 8 . As can be cbserved, the difference in the
attenuation coefficient and above and below the edges is large.
When = two attenuation measurements are carried cut with a pair of
moncenergetic radiation beam whose enerq1eﬁ ‘ bracket the
discontinuity, -then the difference between the tw@ measurements
is sensitive only to the presence of the elemenﬁ”<1h1ﬁ aftect has
been known for a long time in radicology for the' visuallzation of
iodinated vessels (enerqgy—deperdent subtraction anqioqraphy). in
this case, bremsstrahlung radiation was empluvad qenenated at
different HV-values of the X-ray tube,instead of monbenerqetxc
radiation. ' _

Let us consider,as an example,a matvix of thickness »  containing
an  element a at concentration cg . It we use a beam of  X-rays
made ouwp of twe energies Eg and . Eg awhich® brachat - the
,.photoe]ectrxc edge of the element a,. the attenuat1ﬁn is qiven by s

No= Ny exp{litnaft-ca)# as Sa]x}
Moo Moy exp[pun (1- @)+ Far €] x }

"In Eqs (37 Yy Npgy yNgy Ny and repr;sgnt
incident © and transmitted radiat o Ll A

respectively,r-..q » Bmr » Pag and f“ﬂ- represent tha : attenuati_nn
coefficients of the matrix and of the element a ‘at - enerqies E
and E‘ respectively. The ratio N& /N can be wa:ttan as! '

R=R,exp- EA,«. -Cq.(AI“-» AP‘)) J (38)

(37)

a9




where Rg = Ngg /Ny ,A[-t,..-'-‘ (f‘hﬂ'f"wl}} A"'A’ Far~ /"'Qa }

Close to the edage 1s furthey valid the condition f&ft‘ﬁﬁyheﬂ=
K = Hg €XP (Al"g Ca \‘) (B9

lThe differential transmission and the differential tomoaraphy are
therefore only depending,at a first approximation, on  the
concentyation ce of  the element to be analvrzed. It can be
calculated that the sensitivity of the method ranges between 300+
400 ppm,for medium atomic number elements.

Differential tomographic images have been carvied cut at enevrgies
above and below the k-discontinuity of icdine (30 which has the
E-discontinuity at 33,1464 keV. Various pairs have been examineds
Ba-kg and kp (32 and 3b.4 keV respectively) Ba-kF g and Ce-k g
(38 keV and 34.3 keV respectively) and La-H"and ﬁ“(33.033 ke?
and 33.44 keV respectively).Imnages are betteyr for closer energy
pair,because of the matrix effect neglected in Eq. (39 ). images
cbtained by using the La-paiv are shown in Filoure 4Q. :
The same principle was employed by Fryar et al.(31).These authors
enployed a 3 mCi Cd—-109 souvce emittinag silver X-rays (22 keV and
25.28 keV) for imaging palladium (k-edae at 24¢.4 keV).

The same authers alse uscd secondary X—rays emitted from baciam
excited by an Am—241 scurce for detection cesium, and an  X-ray

tube with external filters foy selective images of
palladium,silver and cadmium (Figure &1).
The sensitivity of differential CT-images is & function of

atomic number of the element to be detectedy in the best
conditions it is about 200 ppm (21).

|
ilb. Microtomography
High rescluticn X-ray 1magqing {(microtomoaraphy) may be defined as
the process of recoerding transmitted X-ray beams which are
spatially modulated by the material wider study, with resoluticn
of 10 pm or less. Low to mediumn energy X-rays are typically used
in ordey to maitntain high contrast and resolution. ot
recently, mest applications of microtoemography have involved
biclogical specimens, but there is ne intrinsic reascen for  thig
limited applications, and material analysis applications are now
appearing. The availability of microtomocavaphy scammers with
penetrating radiation will clearly have a significant impact on
material science. . ‘
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Table 1 - Electron density J; of various elements,compounds and
mixtures

Element atomic number Z
or formula
hydrogen 1
carbon 6
nitrogen 7
sulphur 16
potassium 19
chromium 24
iron 26
zinc 30
arsenic 33
silver 47
iodine 53
lead 82
Compounds or mixtures
muscle -
blood -
fat -
polyethylene (CH )
water HO
nylon -
lucite {(CHO)
bakelite (C H O)
teflon -
Table 2 - Total

. F B
electron cross section (cm /e

atomic number Z, at 10,60 and 200 keV

element

oxygen
aluminum
sulfur
calcium
iron
copper
molybdenum
tin
iodine
tungsten
lead
uranium

atomic number Z

36

electron density

(el/cm )

6 x 10

3 x 10
3.01 x 10
2.89 "
2.93 "
2.78 "
2.80 "
2.76 "
2.65 »
2.63
2.51 "
2.38 "

3.47 "
3.48 "
3.15 "
3.17 "
3.35 "
3.8 "
3.87 "
4.27 "
6.33 "

|
|
10 keV 60 ‘:
19.25 0.63
9] 0.96
170 1.34
321 2.16
615 4.31
817 5.
16.
25.8
31
15.2
20.4
30

Tectron) versus

200 kev

0.41
0.42
0.43
0.46
0.52
0.57
0.93
1.29
1.48
3.2

4.15
5.5



Table 3 - Weight fractions w; for biological materials

Tissue H C N 0 Na P Cl K
HO 0.112 - - 0.888 - - - -
air - - 0.755 0.332 - - - -
bone 0.064 0.278 0.027 0.410 - 0.07 - -
muscle 0.102 0.123 0.035 0.729 0.001 0.002 - 0.03
brain 0.104 0.161 0.039 0.684 0.002 0.003 - 0.003

heart 0.106 0.124 0.025 0.744 - - -
kidney 0.096 0.030 0.122 0.729 0.002 0.002 0.002 0.002
liver 0.11 0.041 0.012 0.825 - 0.012 -
lungs 0.105 0.095 0.025 0.766 -
pancreas 0.107 0.072 0.023 0.800
spleen 0.105 0.101 0.027 0.765

0.007

Table 4 - Photon attenuation coefficient of breast tissues versus

enerqgy
Tissue N. of linear attenuation coefficient (cm'l)
type patients at given energy in keV
20 30 50 80 110
fat 7 0.456 0.264 0.194 0.167 0.152
fibrous 8 0.802 0.378 0.233 0.189 0.170
carcinoma 6 0.844 0.392 0.238 0.192 0.173
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Table 5 - Linear attenuation coefficients (in em~* ) as a
function of photon energy for various fluids and body

tissues

Energy (keV) Exp. values of linear attenuation coefficient (cm )

blood fat muscle pancreas liver
17.7 1.159 0.665 1.153 1.142 1.175
21.1 0.762 0.461 0.759 0.755 0.753
26.4 0.489 0.327 0.485 0.484 0.493
27.4 0.460 0.317 0.455 0.454 0.46
31.1 0.378 0.276 0.375 0.375 0.377
35.5 0.319 0.245 0.318 0.317 0.322
41.4 0.274 0.219 0.274 0.274 0.277
47.2 0.246 0.204 0.248 0.247 0.25
52.0 0.237 0.195 0.233 0.232 0.233
59.6 0.221 0.184 0.213 0.216 0.217
84.3 0.191 0.166 0.189 0.189 0.19
97.4 0.178 0.161 0.180 0.179 0.182
121.9 0.169 0.152 0.168 0.167 0.168

Table 6 - Mean penetration (x , in pm) of radiation and scatte-
ring to photoelectric effects in copper and lead colli-
mators versus energy

enerqgy E X sc./phot.
copper lead copper lead
10 3 4.6 0.007 0.04
20 20 7 0.022 0.03
40 150 44 0.072 0.07
60 500 125 0.17 0.13
100 1500 110 0.6 0.06
200 630 0.17
500 3800 0.9
1000 8600 2.8
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Table 7 - Production of quasi monoenergetic X-rays by converting
bremsstrahlung radiation into quasi monoenergetic
lines with secondary targets.Efficiency of the conver-
gion (scattering and photoelectric cross sections)

Target element scattering photoelectric sc/ph
cross section *
Cu 170 2.3 x 10 0.007
Mo 170 1.3 x 10 0.013
Sn 160 8.6 x 10 0.019
W 130 3.3 x 10 0.04
Pb 120 2.5 x 10 0.05

* at energies above the photoelectric discontinuity.

Table 8 - Attenuation coefficient (cmz'/g) for copper, silver,
iodine and lead close to the K-photoelectric disconti-

nuity and to the L-descontinuity (for lead)

Element Energy of the A F
edge (keV) Fq P1 }L

Cu 8.98 28 285 257 215

Ag 25.52 9.7 52 42 1050

I 33.16 7.5 32.5 25 5000
Pb 13.04(Ly ) 73 153 80
15.21(Lg ) 112 143 30
15.87(Lz ) 136 141 5

88.0 (K) 1.8 6.6 4.8 400

(*} The factor F is defined as F= AP’-\-/(AF..C.L)

39



TRANSMITTED A
RADIATION

SCATTERED
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Figure 1 - When a sample is irradiated by a collimated beam of
monoenergetic radiation,part of the radiation crosses
the sample without be absorbed,and part is absor-
bed,giving rise to coherent and incoherent scatte-
red radiation and to photoelectric effect with
emission of secondary X-rays All these effects may be
used for "imaging” the sample.
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Figure 3 - Scheme for the photoelectric effect

41



SCATTERED PHOTON

ENBRGY Eg
L
- L
— — ~ '
{NCIDENT PHOTON - p
ENERGY E, -2
\ﬁ'
/;. A N .
Nucleus a
™
\

K Electron Shells )

Figure 4 - Scheme for the Compton effect

42



32

3

g
l][IIIITI[lTlI]IIII

Cnmplm\ c
Hayteigh CWIII_I‘
-

M

He* 130

10°

of Compton scattered photons versus

Figure 5 - Energy E.
,for incident photons of 32 keV

scattering angle
(A),and 60 keV (B).

43



10 -

8 Z=8
:“ 6 - Z=17.5(H_0)
— Z = 7 2
/4]

4 -

2 -y

{ T 1 1
0.5 1.0 1.5 2.0

Figure 6 - Incoherent scattering function §(X,Z) for water
versus momentum transfer X.

44



w s “po

....

Scatlering Angle

Figure 3.3 - Differential cross section for Compton and Rayleigh
scattering (dotted line) in water, for E, = 20 keV.

w ST

...........
......

Scattering Angle

Figure 3.4 -~ Differential cross section for Compton and Rayleigh
(dotted line) scattering in water, for E, = 40 kev.'



M SCATTERED PHOTON
S

)
N ’
INCIDENT PHOTON \ o -~ x
ENERGY X & @ S
(] ,’. N
Nucleus SN = T
P w -, L
-~
® - 2.\ ‘|

K Electron Shells )

Figure 9 . scheme for the coherent scattering

T 1 ] ¥
0.2 0.4 0.6 0.8 1.0

Figure 10 - Atomic form factor F(X,Z) for water - . versus
momentum transfer.

48



Pb - collimator

. ﬂéza

soufce

f

absarber

Pb- ulhmntur

%//

///

photomuttiphies

I

!

|
1

7

NaliTi)

[ M.C

fier snalyzer

Figure 11 - Linear attenuation coefficient measurement in "good

geometry"”.

49



1

il
]

—140 : :

!
~t
'

PO

i,

]

i
-l
i

- WATPER oot

‘ *"J“IZOi“_“

T T T
P i ‘
S S S P

T

e —

80

100

Q
i T
! b

i i ™~
SRR R o E : e
H ..-Wln . 0
s ]

some

t versus energy for

icien

biological materials.

1 2 - Attenuation coeff

Figure

50



Figure
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14 - Prototype of CT-scanner developed
1971.
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Figure 15 - First CT-image of a brain,realized with the first
prototype~scanner.

Figure 1§ - First clinical CT-scanner installed at the A.Morley’s
hospital in Wimbledon.
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Figure 17 - Mathematical basis for computed tomography
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Figure 20 - Scheme of a typical X-ray tube
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Figure 2] - X-ray spectrum of a typical tube versus kinetic
energy of the electrons.
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Figure 2} - Charactreristic X-rays from a W-anode of a X-ray tube
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Figure 24 - Output from a cylindrical collimator
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Figure 30 - Scheme of a first generation CT-scanner

Figure 31 - Scheme of a second generation CT-scanner
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Figure 33 - Scheme of a fourth generation CT-scanner
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Figure 3§ - Absorbed dose profiles at the surface of a patient
examined with a fourth-generation CT-unit with
360 degree rotation of the X-ray tube
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Figure 36 - Attenuation coefficient of iodine,showing the K-
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lanthanum and cerium, for differential tomographs
of iodine.
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